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FOREWORD

This book, devoted to the application of radiation physics for the improve-
ment and advancement of diagnostic radiology, has been seriously needed
for a long time. In fact, it is surprising how little attention has been paid
by most radiation physicists to the field of diagnostic radiology. Perhaps
this is because the field of radiation therapy—emerging from the era when
dosage was estimated, when the correlation of dosage and skin reaction was
evolving, when the value of fractionation and protraction of dosage was
established—absorbed their concentration; then followed orthovoltage ther-
apy, supervoltage therapy machines, radioactive isotope teletherapy and,
now, megavoltage therapy, with the perfection of the betatron and linear
accelerator. During this evolution nuclear medicine also emerged as a medical
specialty. The physics of radiation therapy now appears to have reached a
plateau, thus presenting an opportunity to look at diagnostic radiology and
to see how the radiation physicist might apply his talents to this discipline
rich with opportunities.

Diagnostic radiology has grown and expanded more rapidly than most
other medical specialties. It deals with far more patients, demands more
intricate examinations, requires more complex equipment, and utilizes more
space than do many other hospital departments. Diagnostic radiology is a
latent field ready for the radiation physicist to explore and study. With the
development of radiologic techniques for cardiovascular angiography, cere-
bral angiography, lymphangiography, and mammography only three major
organs in the body remain invisible to the inscrutable and objective eye of
the roentgen beam—the liver, the pancreas, and the spleen.

The introduction of these new procedures came so fast that many refine-
ments are now necessary—new techniques must come; new materials of
greater efficiency will be substituted for those now in use; more efficient
X-ray equipment awaits development; x-ray tubes of miniaturized focal
spots are needed to probe the fine vascular and lymphatic vessels of the
body; even development of disposable x-ray tubes for high instantaneous
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exposures is possible, offering a breakthrough for new diagnostic procedures.

The techniques and the equipment for the intensification of the fluoro-
scopic image, while practical today, are in their infancy when considered
with what remains to be done with the recording of the image for study by
television, cine, magnetic tape—not to mention the possibilities for the
computer analysis of such images.

With the advent of Medicare and the ever-increasing patient load for
diagnostic study the necessity arises for the mechanization and automation
of the examinations, since this is the way in which large numbers of patients
may be handled. The increasing shortage of radiologists will require the radi-
ation physicist to produce equipment capable of meeting this demand.

The time has come when the radiation physicist must work hand-in-hand
with the diagnostic radiologist, just as he has in the past with the radiation
therapist, to bring about the necessary advances. One stimulates the other,
and the two by cooperation and hard work will meet the problems and
evolve satisfactory solutions.

Dr. Michel Ter-Pogossian is one of the first of the radiation physicists to
sense the opportunities for contributions that are inherent in diagnostic
radiology. He comes unusually well equipped. He works in a large insti-
tution, The Edward Mallinckrodt Institute of Radiology, which houses all
the radiation activities for the Barnes Hospital, Washington University
School of Medicine Medical Center. Thus he has been the consultant to a
very busy department of diagnostic radiology. This has given him an insight
into their problems, and as the demands on his time in radiation therapy
were eased he was able to focus more of his attention on diagnostic problems.

Dr. Ter-Pogossian has already made major contributions in this field by
the development of the monochromatic x-ray beam for enhancing the
roentgen image when iodinated contrast solutions were employed for angio-
graphic and urographic examinations, and also by his more recent develop-
ment of new intensifying screens employing potassium iodide instead of
calcium tungstate.

The present volume is both an expansion of the lectures that Dr. Ter-
Pogossian delivers to his classes on radiation physics and a critical review of
the existing technology. Present throughout its pages are the author’s crea-
tive imagination and his awareness of the possibilities that can come from
the application of radiation physics to diagnostic problems. Enough new
material is presented so that the volume is of interest not only to the intern
and the resident in radiology but also the experienced radiologist. The
latter should sense the possibilities that are apparent for the advancement of
his specialty by the intensive application of radiation physics. Most chap-
ters are abundantly illustrated with lucid diagrams and explanations for
even the most complicated physical problems.

One of the great services which radiation physicists can and do render to

lagnostic radiology is the perfection of existing radiologic techniques and
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equipment to minimize the radiation exposure to the patient. Although
much remains to be done, their studies of this problem have already helped in
reducing patient exposure from radiation. This will be an ever present
problem for which the radiation physicist must assume a major responsibility.

We hope this book will stimulate every radiologist to see the practical
and research advantages that a full-time radiation physicist can bring to a
department of diagnostic radiology. In fact, extra dividends can be antici-
pated by the department having a radiation physicist working exclusively in
diagnostic radiology, just as they have been realized in radiation therapy.
Such a partnership holds great promise and Dr. Ter-Pogossian is one of the
prophets.

Wendell G. Scott, m.d.
Professor of Clinical Radiology, Washington
University School of Medicine, St. Louis, Missouri



PREFACE

The purpose of this book is to provide resident physicians who are training
in diagnostic radiology with a text and a source of references on the physical
aspects of their discipline. I do hope that radiologists, advanced x-ray tech-
nologists, radiation physicists, x-ray engineers, and perhaps x-ray equip-
ment manufacturers may also find it useful.

| wrote this book because of my conviction that the study of the physical
aspects of diagnostic radiology is insufficiently represented in the teaching
curriculum of radiologists, and that this field has not been adequately ex-
plored by either radiation physicists or by x-ray equipment manufacturers.
Several excellent texts on the physics of radiation therapy haveffieen written,
radiation physicists are often active members of departments of radiation
therapy, and, until very recently, most of the questions in physics for certi-
fication by the American Board of Radiology were in the domain of radi-
ation therapy. Such a close association between physics and radiation
therapy has proved to be very fruitful. Indeed, one can defend the thesis
that most of the progress made in radiation therapy resulted from the
understanding and application of radiation physics. It is my opinion that
even greater benefits can be derived from a thorough understanding and
from the application of physical principles in the field of diagnostic radiology.

The organization of the book and the selection of material included were
governed by an attempt to develop the fundamental physical principles
that underlie the application of radiation to diagnostic radiology. This was
done with the purpose of providing the radiologist with a basic background
to allow him to understand thoroughly and, hopefully, to improve, in co-
operation with physicists and equipment manufacturers, the tools of his
trade. While many aspects of x-ray technology are included in this text, in
all instances | have attempted to emphasize the basic concepts embodied in
techniques or instrumentation rather than the changing hardware.

This book can be understood with little preparation in mathematics.
Although a certain number of formulas and derivations of formulas are

xvli
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included, | have always attempted to make the final equations understand-
able, even by individuals who are allergic to calculus. A number of subjects
have been omitted because | felt that they were not sufficiently important
to justify lengthening a book that, after all, will be used by very busy resi-
dents in radiology. For example, | did not feel that at this time a discussion
of radioisotope radiography was justifiable. Other subjects, such as radiation
protection, were excluded because they are very well treated in other texts.
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SYMBOLS AND ABBREVIATIONS
USED IN TEXT

A ampere(s)

% mass number

A angstrom(s)

a linear acceleration

B luminance; Bucky factor of grid

b lateral decentering distance (grid)

C coulomb(s)

C capacitance

cab contrast between areas a and b

Chin minimum perceptible contrast (threshold contrast)
c velocity of light (=3X 1010 cm sec-1)

cd candela(s)

cgs centimeter-gram-second

D photographic density; absorbed ionizing radiation dose; distance

between strips of a grid

d strip thickness of a grid

e elementary charge

e base of natural logarithms

E energy (energy of rest mass of electron: 82X10-8 erg, or 5.1 X105¢V)

esu electrostatic unit(s)

eV electron volt(s)

F force; energy fluence; luminous flux; width of focal spot

f focal length of lens

fo focal distance of grid

!/ /[-number (ratio of focal length to aperture diameter) of an optical
system

ft-L foot lambert(s)

G total luminance gain; gravitational constant

Gf flux gain

Gm minification gain

h Planck’s constant (= 6.6256X10-27 erg sec); thickness of grid; height of
grid strips

hn photon quantum

XiX
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HVL

in.
Jm

keV

%

SYMBOLS AND ABBREVIATIONS USED IN TEXT

half-value layer (Ty/)

intensity of x-radiation orlight (also called energy flux density or
energy fluence rate)

inch(es)

number of ion pairs formed pergramof gas
contrast improvement factor
contrast reduction factor; threshold signal-to-noise ratio of human eye
kiloelectron volt(s) (1 keV = 103eV)

kilovolt(s) at peak potential

lambert(s)

lumen(s)

lux

linear magnification of an optical system

mass

rest mass of electron: 9.11 X10~28¢g
milliampere(s) (1 mA = 10-3 A)
milliampere-second(s)

million electron volt(s) (1 MeV = 106 ¢eV)
millilambert(s) (1 mL = 10-3 L)

milliroentgen(s) (1 mR =10-3 R)

number of photons (quantanumber)

frequency of electromagnetic waves; photon flux
lead content of grid

probability of occurrence of N events

charge of capacitor

roentgen(s)

resistance

grid ratio

grid ratio of cross grid

mass stopping power (energy dissipated by electron flux per unit mass
of medium) (or S/p, see Table XI-I)

steradian(s)

optical transmission

half-value layer {HVL)

time

width of penumbra (geometric unsharpness)
width of motion unsharpness

geometrical unsharpness

loss factor of grid (1 - Tp); potential difference
velocity

work; average energy expended by ionizing particles in forming one
pair of ions

watt(s)

binding energy of an electron in the atom

radiation exposure

thickness of absorber

atomic number

angulation error in grid
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increase in width of shadow cast by grid due to lateral decentering;
linear dimension of smallest perceptible image with a contrast C
clean-up factor (efficiency) of a grid 1 — T,)

tangent of slope of characteristic film curve

linear attenuation coefficient for pair and triplet interactions
wavelength of radiation

linear (?) attenuation coefficient of x-radiation

mass attenuation coefficient

mass energy absorption coefficient

fluence (particle fluence)

angle of recoil electron; flux density (particle flux density)

linear attenuation coefficient for photodisintegration interactions
selectivity of grid

standard deviation of a number N subject to statistical fluctuations;
linear attenuation coefficient for Compton interactions

linear attenuation coefficient for Thomson interactions

linear attenuation coefficient for photoelectric interactions; decay con-
stant of phosphor

angle of photon scattering; mean free path of x-ray photons in an
absorber; angular divergence

solid angle



(introduction) THE DISCOVERY
OF X-RAYS

X-rays (or roentgen rays) were discovered by the German physicist, Wilhelm
Conrad Rontgen, on November s, 1895, while he was investigating the
possibility that some radiation could pass through substances opaque to
light 1

At the time of his discovery, Rontgen was experimenting with cathode
rays, which are accelerated electrons generated by means of a Hittorf-
Crookes tube. The Hittorf-Crookes tube is a glass envelope containing gas
at a pressure of a fraction of a millimeter of mercury and fitted with two
electrodes separated by a distance of a few centimeters. A difference of
potential of a few thousand volts is maintained between the electrodes,
generally by means of a Ruhmkorff induction coil. Figures 0-1 and 0-2 show
a Hittorf-Crookes tube and a Ruhmkorff coil, respectively, used by Rontgen
at the time of his discovery.

In a Hittorf-Crookes tube cathode rays are generated in the following
manner: The rarefied gas contained in the tube is partially ionized. The
positive ions are accelerated by the electric field established between the
electrodes of the tube and strike the cathode with sufficient energy to release
electrons from its surface. The electrons thus released, being negatively
charged, are accelerated by the electric field toward the anode. These accel-
erated electrons are called cathode rays. When their velocity is sufficient,
they may overshoot the anode and strike the glass of the tube, as shown in
Fig. 0-3, where they interact with the glass to produce x-rays. (See also
Chapter IV, section on “X-Ray Tubes.”) Unless the accelerating potential
applied to the tube is extremely high, the cathode rays are absorbed in the
glass surface which they strike and cannot escape the envelope of the tube.

When a Hittorf-Crookes tube is operated with a gas pressure between
0.1 and o.001 mm of mercury, the cathode ray beam is visible as a bluish

1The reader interested in the early history of x-rays is urged to read the excellent book
by Otto Glasser entitled Wilhelm Conrad Rontgen and the Early History of the Roentgen

Rays (Ref. 1).
1
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FIG. 0-1. Hittorf-Crookes tube used in Rontgen’s laboratory at the time of his
discovery of x-rays. The actual tube used in the discovery of x-rays has not been
identified. (Deutsche Museum in Munich. Photograph courtesy of Siemens Co.)

fluorescence extending from the cathode toward the anode. This fluorescence
is produced by the emission of radiant energy by the molecules of the gas
subsequent to their excitation by bombardment with cathode rays. When the
gas pressure in the tube is reduced below o.001 mm of mercury, the cathode
rays are no longer visible because of the low probability of their collisions
with gas molecules.

There are several versions of Rontgen’s discovery of x-rays. The following
account is based on an article which appeared in McClure’s Magazine early
in 1896 and was written by H. J. W. Dam, a reporter who interviewed
Rontgen shortly after the discovery (Ref. 2).

On November s, 1895, while experimenting with cathode rays, Rontgen
noticed the fluorescence of a paper screen covered with barium platino-
cyanide crystals that was placed some distance from the Hittorf-Crookes
tube. Barium platinocyanide crystals fluoresce when struck by cathode rays,
and paper screens covered with these crystals were used extensively as
— Mectors_for~this radiation. The fluorescence observed by Rontgen occurred

only when cathode rays were generated in the tube. The fluorescence could

not be stimulated by visible light emanating from the cathode ray tube
ecause the tube was covered by a shield opaque to light. (According to one
version of Rontgen s discovery (Ref. 3), he was at the time “looking for
invisi le rays. ) Nor could the fluorescence be attributed to the cathode



FIG. 0-2. Ruhmkorff induction coil used in Rontgen’s laboratory.
(Deutsche Museum in Munich. Photograph courtesy of Sierrtens Co.)

FIG. 0-3. Schematic diagram of the generation of cathode rays and x-rays by
means of an induction coil and a Crookes tube.



FIG. 0-4. One of the first radiographs of a living hand, exposed by Rontgen on

December 22, 1895. (Original plate in the Deutsche Museum in Munich. Photograph
courtesy of Siemens Co.)
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FIG. 0-5. Perhaps the first angiogram, exposed in 1896 by Hascheck in Vienna.
Amputated hand injected with a contrast medium containing mercury. (Photograph
courtesy of Siemens Co.)

radiation, because under the conditions of Rontgen’s experiment, the elec-
trons could not escape the glass envelope of the tube. Rontgen concluded
that he was observing a hitherto unknown radiation far more penetrating
than cathode rays and which was emanating from the wall of the Hittorf-
Crookes tube when struck by cathode rays.

Rontgen’s first report of the discovery consisted of a preliminary com-
munication (Ref. 4) to the President of the Physical Medical Society of
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Wurzburg, dated December 1895, in which, for the sake of brevity, he
referred to the physical manifestation observed as “x-rays.” At the time of
this report Rontgen was unaware of the true nature of the x-radiation. He
suspected a Kkinship to ultraviolet light, but his attempts to achieve refrac-
tion, reflection, or polarization of x-rays were unsuccessful (Ref. 4).

In an astonishingly short period of time after his discovery, Rontgen
thoroughly investigated, and in most instances correctly interpreted, many
of the physical properties of x-rays. With further experimentation, he dis-
covered that shadows were cast upon the screen when objects were placed
between it and the Hittorf-Crookes tube. These shadows were usually not
completely opaque to radiation, but the depth of the shadows increased with
the thickness and density of the interposed objects. He also noted that
photographic plates wrapped in paper opaque to light were exposed when
placed in the same position as the screen. Rontgen exposed what is probably
the first medical radiograph as early as December 22, 1895 (Ref. 1), when he
made an x-ray picture of a living hand. The original plate, a reproduction
of which is shown in Fig. 0-4, is kept in the Deutsche Museum in Munich.

Early after Rontgen’s observation that x-rays could penetrate parts of
the human body to reveal internal structure, this radiation was applied in
clinical medicine. At first, “Rontgen pictures” of the extremities were made
in great numbers, and what is probably the first angiogram (Fig. 0-5) was
made as early as January 1896 by Hascheck in Vienna (Ref. 5) by injecting
via the brachial artery an amputated hand with Teichmann’s mixture of
lime, cinnabar (mercuric sulfide), and petroleum.

Rontgen’s discovery of x-rays is remarkable in the history of science in
two respects: (1) In less than two months, between his first observation of
the new physical phenomenon and his report of this discovery, Rontgen
succeeded in investigating and interpreting correctly many of the physical
properties of this new radiation. (2) A very short time after the discovery of
x-rays, this radiation was widely applied as a new medical tool of such
importance that it justified the creation of a new medical specialty.

Among many other honors bestowed upon him, Rontgen was awarded
the first Nobel Prize for Physics in 1901.
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(1) CLASSIFICATION OF
PHYSICAL MANIFESTATIONS

All physical manifestations can be classified into one of the following four
categories: matter, force, energy, and radiation.

MATTER

M atter is defined as that physical manifestation possessing mass. Any
physical manifestation having the properties exhibited by mass is matter;
and, conversely, anything that does not possess mass is not matter. This
definition establishes a common denominator for physical manifestations as
different as solids, liquids, gases, and subatomic particles. It also distin-
guishes between matter and energy. Although energy can be converted into
matter and, vice versa, matter can be converted into energy, energy does
not possess the properties exhibited by mass. In addition to possessing mass,
matter can also carry an electric charge which may be either positive or
negative in sign.

FORCE

If a mass is at rest, it remains at rest; if it is moving, the velocity is con-
stant unless the mass is acted upon by a force. Force is defined as an agent
which modifies the state of rest or the state of motion of mass. Any modifica-
tion of a state of rest or a state of motion can be expressed as acceleration.
Force is therefore equal to mass times acceleration:

F = ma.

All masses exert upon each other a force of attraction, referred to as
gravitation. If two masses m and m' are placed at a distance r from each
other, they exert upon each other a force of attraction the magnitude of
which is expressed by

where F is the force of attraction and G is the constant of gravitation.
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In the centimeter-gram-second (cgs) system of units, which is the system
most commonly used in physics, masses are expressed in grams, forces are
expressed in dynes, and the gravitational constant G is 6.670X10 s dyn
cmz: g~2 By definition, a force of one dyne imparts an acceleration of one
centimeter per second per second to a mass of one gram.

Matter may also carry an electric charge. The electric charge may be
positive or negative. A charge can be defined as exerting a force on another
charge. The force between two charges of equal sign is repulsive, and the
force between two charges of different signs is attractive. The magnitude
of the force exerted between two point charges placed in a vacuum is given

by

where g and ' are the magnitudes of the charges, and r is the distance
between them. It should be noted that the above definition embodies two
concepts: (1) A charge can exert a force only on another charge; it does not
affect mass. (I?) A charge can interact with another charge only if these
charges are associated with matter. Since the definition of force involves the
acceleration of mass, an electric charge could not be acted upon by a force
unless it were associated with mass.

The unit of charge is defined as that charge which, when placed one
centimeter from an identical charge in a vacuum, will repel it with a force of
one dyne. This unit of charge is referred to as one electrostatic unit of
charge (esu). Electric charges are quantized, i.e., all charges encountered in
nature are equal to an integer times a given charge—the charge of the elec-
tron. This charge is approximately equal to 4.80 X10.10 electrostatic cgs
units. Thus, in nature it is impossible either to observe or transfer electrical
charges smaller than this value.

In addition to gravitational and electrostatic forces, many other forces

(magnetic, nuclear, etc.) have been observed. They are, however, of little
importance in this text.

Fields

A field of force is an expression of the spatial distribution of the intensity
0 a force or forces. Another definition of this term is: any region of space
w ere a mass is acted upon by a force or forces. The nature of the force or
orces involved determines the nature of the field. Thus, matter may be
su jecte to gravitational, electrostatic, magnetic, or other fields of forces.

WORK AND ENERGY

nergy is the ability of a system to perform work. Both energy and work
are expressed in the same units. Work is the product of a force and the dis-
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placement of the point of application of this force. This relationship can be
expressed by

W = Fs,

where W is the work performed by the force F displacing its point of applica-
tion by this distance s. Because force is equal to mass times acceleration
(raa), work can also be expressed as

W = mas.

For example, to raise a steel ball from the floor to any given height
requires performing a certain amount of work. In this example, the force
involved is equal and opposite in sign to the gravitational attraction between
the mass of the steel ball and the mass of the earth, and the displacement is
equal to the height to which the ball is raised. It should be noted that the
force exerted upon a mass in the gravitational field of the earth is referred
to as the “weight” of this mass. A system capable of performing work is said
to possess energy, and the energy expended in performing the work is
numerically equal to the work performed.

All forms of energy can be classified as potential energy or kinetic energy.
A system is said to possess potential energy if it is capable of performing
work because of its position or its state. For example, a steel ball placed at a
certain distance from the center of the earth (therefore in the gravitational
field of the earth) is said to possess potential energy because the force of
gravity can perform a certain amount of work in pulling the mass of the ball
closer to the center of the earth. Chemical energy is another form of poten-
tial energy. A gallon of gasoline is capable of performing a certain amount of
work because of the chemical energy stored in its molecules; the system
possesses energy because of chemical forces which, if released, can produce
work.

Kinetic energy is the ability of a moving mass to perform work. Thus, a
bullet fired by a rifle or a steel ball falling from a certain height possesses
kinetic energy. Kinetic energy can be converted into potential energy, and
vice versa. Thus, if a steel ball is allowed to fall from a certain height toward
the center of the earth, its potential energy is converted into kinetic energy.

The unit of work or energy in the cgs system is the erg. It is equal to a
force of one dyne displacing its point of application by one centimeter. The
erg is not a unit particularly suited for the measurement of the energies
involved in radiology because of two reasons: (1) the erg is too large to
describe the important energy exchanges, and (£) the energies involved are
usually those of the motion of electric charges in an electric field. Conse-
quently, it is desirable to allow for these two limitations in the definition of
a unit of work or energy suitable for use in radiology.

The unit of energy most commonly used in radiology is the electron volt
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/ Electron-volt (eV)
Energy

FIG. 1-1. [llustration of definition of the electron volt.

(eV). It is by definition the energy of an electron raised to a potential of one
volt. It is also equal to the kinetic energy of an electron accelerated by an
electric field of one volt. This unit of energy can be pictured in the following
manner: An evacuated envelope contains two parallel electrodes (Fig. 1-1)
connected to a source of electricity such that the difference of potential
between the electrodes is one volt. If one electron is released at the negative
electrode, it will be attracted by the positive electrode and accelerated up to
the point where it strikes the positive electrode. The kinetic energy thus
acquired by the accelerated electron is one electron volt. In this example the
work was performed by the electrostatic force acting upon the charge of the
electron.

The electron volt is a small unit. It is equal to approximately 1.602 X10-1
erg. Multiples of the electron volt, such as the kiloelectron volt (keV), equal
to 10s eV, and the million electron volt (MeV), equal to 10 eV, are com-
monly used in the field of radiology. The electron volt, which is a unit of

energy, should not be confused with the volt, which is a unit of electrical
potential.

MASS-ENERGY EQUIVALENCE

The concept that mass could be converted into energy and, conversely,
that energy could be converted into mass was developed on a purely theo-
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retical basis by Albert Einstein. Since the development of the fundamental
principle in 1905, the conversion of both mass into energy and energy into
mass has been demonstrated experimentally. A striking example of the
conversion of mass into energy is the development of atom bombs and their
sequelae. The conversion of energy into mass is easily observed in the
laboratory in the case of pair production; this phenomenon will be discussed
in some detail in Chapter III.

Mass and energy are not measured in the same units. They are not equal
quantities, but one can be converted into the other under favorable circum-
stances. The equivalence between mass and energy is mathematically
expressed by Einstein’s formula

E = me2

where E is equal to the energy equivalent to the mass m, and cis the velocity
of light. For example, the energy equivalent to the mass of an electron at
rest (see Table XI-s, Chapter X1) can be determined as follows:

m (mass of the electron) = 9.11 X10-25 ¢

¢ (velocity of light) = 3X 1010 CmM Sec-1

E (energy equal to the rest mass of the electron in the cgs system)
= 9.11 X10- 28 X (3X10102 = 82X10-8erg

or

82 X 10- 5 erg

= 7—. = 51X10s eV.
1.6 X10-12 (erg/eV)

Thus, the conversion of one electron at rest into energy yields approxi-
mately 510,000 eV; and, vice versa, 510,000 eV is required to produce the
mass of one electron.

FUNDAMENTAL PARTICLES

M atter manifests itself in the form of fundamental particles. The term
“fundamental” refers to the fact that these particles cannot be divided into
smaller entities. This definition, however, is misleading because many of the
so-called fundamental particles have been divided into smaller particles.
Thus, the neutron is known to break down into an electron and a proton. A
list of a number of fundamental particles and some of their properties is
shown in Table 1-1.

This table is a compilation of the properties of a certain number of ele-
mentary particles. Many of these “elementary particles” are not stable and
decay to other “elementary particles.” The photon, which is listed in this
table as a particle, is a bundle of energy carried by electromagnetic radiation.
Photons do not possess mass and, consequently, they cannot be considered
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TABLE 1-1. Characteristics of Some Elementary Particles8

Particle ~ Symbol Chargeb Mass (in grams) Mean life (in seconds)
Photon 7 0 0 stable
Leptons

Neutrino Vv 0 0 stable
Electron e~ - 9.1085 X10-2® stable
Positron e+ +i 9.1085 X10-2® stable
(Muon) -1 0.18834 XI0"2 2.212X10-®
(Muon) At +1 0.18834 X10-24 2.212X10"®
Mesons K + i 0.248829 X107 24 2.55X10-®

I 0 0.240647 X10~24 2.2 X10-®

K+ +1 0.880411 X10“2 (K+) 1.22X10-®

K° ) 50% KX50% K2

Ki 0.887363 X10-24 1.00 X10"10

k2 j 6.1(+1.6/—1.1) X10~®

Baryons

Proton P +1 1.67243 X10~2 stable
Neutron n 0 1.67474 X10"24 1.013X10®

A 0 1.988207 X102 2.51 XI10"10

2+ +1 2.12019 X10”4 0.81 XI0"10

2% -1 2.1344 X10-24 1.61 X10-10

2° 0 2.1266 X10-24 <0.1 XI0"1

V- -1 2.3501 X102 1.28 X10" D

Vo 0 2.336 X10-24 1.5XI0'D

(one event)

8 From Barkas and Rosenfeld (Ref. 1). Some values are taken from the NBS Miscellaneous
Publication 253 (Ref. 2) (see also Table X1-6 in Chapter X1).
b The charge of one electron (4.802810-10 esu) is unity.

to be matter. Under suitable circumstances, however, the energy carried by
a photon can be converted into an equivalent amount of matter.

Negative electrons are found in all atoms. They carry the smallest charge
observed in nature, called elementary charge. Positive electrons (called
positrons) cannot exist for a long period of time in our universe. They com-
bine with a negative electron, and the mass of the two particles is converted
into two photons emitted at 180 degrees from each other. These photons are
called annihilation radiation. Neutrons and protons are the building blocks
for nuclei. They have about the same mass and are approximately 1836 times
heavier than electrons. In free space, neutrons decay with a mean life of
approximately 1000 Seconds to a proton and a negatively charged electron.
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When bound in a stable nucleus, neutrons are stable. In a radioactive
nucleus, a neutron may be converted into a proton, thus improving the
stability of this nucleus.

Neutrinos are elusive particles, as they carry practically no mass and no
charge. Their existence, originally postulated to “balance the books” in
beta-ray decay, has recently been experimentally observed.

Mesons, which are particles with a mass greater than that of the electron,
are usually produced when very high energy particles interact with matter.
Mesons are unstable particles that decay to electrons, protons, neutrons,
neutrinos, or other mesons.

Mesons can be classified into three general categories: the n mesons
(leptons) have a mass approximately 200 times greater than that of the
electrons, and decay to positive or negative electrons and neutrinos. The
7 and K mesons have a mass approximately 300 times that of the electron
and they decay to n mesons and neutrinos. The baryons include very heavy
mesons which carry a mass greater than that of the proton. These mesons
may decay to protons or neutrons and n mesons (leptons).

A certain number of particles observed in our universe are called “anti-
particles.” They are identical to “normal” particles but of opposite charge.
Antiparticles cannot exist for long periods of time in our universe; they
undergo annihilation when they encounter their stable counterparts. For
example, the antiparticle of the electron is the positron. The proton also
has an antiparticle, called the antiproton, which has the same mass as the
proton but a negative charge. The antiproton, like other antiparticles,
cannot exist in our universe and is rapidly annihilated by interaction with a
proton. Recently the existence of an antideuteron was reported.

Science fiction writers like to postulate the not inconceivable existence in
space of stable antimatter composed of antiparticles with respect to our own
universe.

Atoms

In the immediate, accessible universe, that is to say, the earth and the
planets, fundamental particles tend to conglomerate. Most of the matter
exists in the form of aggregates of fundamental particles rather than in the
form of free particles. Fundamental particles tend to associate with one
another because of forces that exist between them. One of these forces
is the electrostatic force of attraction between particles carrying opposite
charges. Other forces, referred to as nuclear forces, exist between heavy
particles such as protons and neutrons. Gravitational forces play a negligible
role in these aggregates.

One of the simpler of these aggregates consists of the bond between a
proton and a neutron. Such a particle is called a deuteron; it carries the one
positive electric charge of the proton and has a mass approximately equal to
the sum of that of a proton and that of a neutron. A more complex aggregate
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consists of a package composed of two protons and two neutrons; it is called
an alpha particle. It carries two positive charges and its mass is roughly
equal to twice that of the deuteron. In these examples the particles are held
together by nuclear forces. Another type of combination consists of a proton
attracting and holding in its immediate vicinity an electron. Such a structure
is held together by the electrostatic attraction between the proton and the
electron. In such a combination the electron may be found at any distance
from the proton, but it more probably occupies an orbit at a given distance
from the centrally located proton. A still more complex configuration can
be achieved when an alpha particle, which carries two positive charges,
attracts to its vicinity two electrons.

The combination of an aggregate of protons and neutrons, called nucleus,
and of peripheral electrons is called an atom. From the mechanical stand-
point the structure of an atom is maintained by a balance between centrif-
ugal force, which tends to cast the electron away from the nucleus, and an
electrostatic force of attraction between the positively charged nucleus and
the negatively charged electrons, which maintains them within the atom.
The number of positive charges in the nucleus, which is equal to the number
of protons in that cluster, determines certain properties of the atom forming
the cluster. These properties define a chemical element. The simplest ele-
ment is hydrogen: it is composed of one proton and one electron. More
complex atoms contain more protons and, consequently, more peripheral
electrons. Ninety-two elements are found in the earth’s crust, and to this
date, an additional 11 elements have been artificially produced by man. The
last element produced is called lawrencium in honor of the late Dr. E. 0.
Lawrence of the University of California. It is quite probable that addi-
tional elements will be artificially produced in the future.

In a neutral atom, the number of electrons is equal to the number of posi-
tive charges carried by the nucleus. Atoms are three-dimensional structures.
The electrons travelling about the nucleus may occupy any position in the
vicinity of that nucleus, with the greatest probability in well-defined shells.
Atomic dimensions vary depending upon the element under consideration.
The nuclei are approximately 10-12 cm in diameter, whereas the diameter of
the whole atom is of the order of 10-8 cm. Between the nucleus and the
electrons there is therefore vacuum; structurally the atom can be considered
as a very thinly populated region of space. The “emptiness” of an atom can

e exemplified by the following picture: If an atomic nucleus were increased
ot e size of a grain of sand, the surrounding space occupied by the elec-
rons would occupy a large convention hall with the “nuclear” grain of sand
m t e center. Considering these relative space factors in atoms composing

ma+?, ~ N ecomes aPParent that a freely moving high-speed electron may

go t roug a large number of atoms before colliding with any form of
matter.

uclei are composed of protons and neutrons. These particles are called
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nucleons. Nucleons are bound together by nuclear forces that are consider-
ably greater than the electrostatic force of repulsion between protons. The
positive charge of an atom is due to the number of contained protons. Neu-
trons add mass but no charge. Since the mass of a proton or a neutron is
approximately 1836 times that of an electron, the mass of an atom is derived
mainly from the nucleus. The number of protons in the nucleus defines an
element and is usually referred to as its atomic number, symbolized by the
letter Z. All atoms of a given element have the same atomic number.

Isotopes are atoms with nuclei containing the same number of protons
but a different number of neutrons. The isotopes of a given element all have
identical chemical properties, but they differ in their physical properties.
Most naturally occurring elements are composed of a mixture of several
isotopes. Isotopes may be either stable or unstable. An isotope with an
imbalance between the number of protons and neutrons is unstable, and
such instability results in the expulsion of energy, usually in the form of a
particle. This disintegration is called radioactivity and results in a change
of the nucleus. This process continues until a stable isotope results. The total
number of protons and neutrons in the nucleus of an element is referred to as
its mass number and is usually represented by the letter A. The number of
neutrons in the nucleus of an isotope can be found by subtracting the atomic
number Z from the mass number A.

The chemical properties of elements recur in a cyclic manner with increas-
ing atomic number; and the grouping of elements on the basis of similarity
of chemical properties results in the periodic table of elements.

In an atom, the electrons tend to occupy a series of well-defined shells
about the nucleus. The distance between the nucleus and each one of these
consecutive shells depends upon the atomic number of the atom. The electro-
static attraction between an electron and the nucleus depends strongly upon
the distance between them; and, therefore, each atomic shell can be con-
sidered as the locus of electrons attracted to the same degree by the nucleus.
Thus, a shell defines an energy level. The attractive force depends both
upon the atomic number of the nucleus and upon the diameter of the shell
under consideration. The greater the diameter of the shell, the lower is the
electrostatic attraction. In graphic illustrations of the different energy levels,
atoms are usually represented as having a central nucleus with electrons
placed in surrounding concentric rings, each ring representing an energy
level (Fig. 1-2).

The atomic shells surrounding the nucleus are designated by letters. The
shell nearest to the nucleus is referred to as the K-shell, the next as the
L-shell, the third as the M-shell, and so on. It should be noted that this is an
oversimplification of the atomic shell structure; in fact, most shells are sub-
divided into a series of subshells.

The different electronic shells can contain only a given maximum number
of electrons. Thus, the K-shell contains at the most two electrons; the
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L-shell, eight electrons.fihe maximum number of electrons permitted in the
various shellslis as follows:

K-shell 2 electrons
L-shell 8 electrons
M-shell 18 electrons
N-shell 32 electrons
O-shell 50 electrons
P-shell 72 electrons
Q-shell 98 electrons

The number of electrons in the different shells and subshells and the sequence
in which the electronic shells are filled with increasing atomic number follow
rules that can be predicted by wave mechanics. In general, the shells are
filled in the order K, L, M, N, etc., and when a certain element has its outer-
most shell filled to capacity, the next element in the periodic table has an
additional shell with one electron in it. There are numerous exceptions to
this general pattern. Because of overlapping of electron energy levels
between different shells the outermost shell of any atom never contains
more than eight electrons. The existence of the rare earths and other transi-
tion elements results from this overlap of electron energy levels.

The electrons in an atom are bound to the nucleus by an electrostatic
force of attraction. A certain amount of energy is therefore required to
remove an electron from its shell. This energy is referred to,as the binding
energy of the electron in the shell under consideration. Because the electro-
static force of attraction between the nucleus and the electron is inversely
proportional to the square of the distance separating them, the binding
energy increases from the periphery of the atom to the nucleus. Thus, the
binding energy of an electron in the K-shell is greater than the binding energy
of an electron in the L-shell, and the latter is greater than the binding
energy of an electron in the M-shell. It should be noted that the binding
energy is not energy possessed by the electron, but is rather an amount
of energy that the electron is missing to be free from the attraction of the
nucleus. The binding energy can be considered as negative energy. Thus,
although the binding energy in the K-shell of an atom is greater than the
binding energy in the L-shell, the electrons in the L-shell possess more
energy than the electrons in the K-shell because of the fact that they have
less negative energy.

The concept of binding energy can be illustrated by drawing an analogy
between an atom and a steel ball attracted by a strong magnet, the steel ball
being allowed to occupy a series of steps at different distances from the mag-

11t should be noted that, according to theoretical considerations, a nucleus with an
atomic number greater than 137 cannot exist. Thus the total number of electrons in an
atom cannot exceed 137.
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FIG. 1-3. lllustration of the
concept of binding energy in
an atom. Analogy with the
attraction between a steel ball
at different distances from a
magnet. Asisthe case between
the nucleus and the electrons
in the atom (Fig. 1-2), the
attraction between the mag-
net and the steel ball decreases
with increasing distance be-
tween them.

netic field (Fig. 1-3). The magnetic force between the magnet and the ball is
similar to the electrostatic attraction between the nucleus and an electron in
the sense that it is inversely proportional to the square of the distance
between the two. Thus, the more steps the steel ball is away from the
centrally located magnet, the smaller the magnetic force exerted upon it, and
the lower its binding energy. The ball in the K-level is attracted by a strong
magnetic field and firmly held (tightly bound electron), whereas in the
M-level it is attracted by a force of considerably lesser magnitude (loosely
bound electron) and will require less energy to be removed from the system.

If, in an atom, an electron is transferred from one orbit into another orbit
of greater binding energy, a certain amount of energy equal to the difference
between the binding energy of the two shells is released. This energy is usu-
ally released in the form of radiation. Conversely, if an electron is moved
from a shell of high binding energy to a shell of lower binding energy, energy
must be supplied in a quantity equal to the difference between the binding
energies of the shells under consideration. In the steel ball-magnet image of
the atom, the above transition can be pictured as one of the steel balls falling
from one step to another step closer to the magnet. In the process energy
must be released, and this energy is observed as kinetic energy of the ball
striking the landing step. On the other hand, moving a steel ball from a step
close to the magnet to one farther away requires expenditure of energy to
overcome the magnetic attraction between the ball and the magnet. Table
-2 lists the binding energies of some electronic shells (K-shell and L-shell
and its subshells) in selected atoms as a function of their atomic number.
The binding energy of the outer electrons is low, and therefore the latter
require little energy to be displaced from the atom.
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TABLE 1-2. Binding Energies of Electronic
Shells for Various Elements8

Binding energy of shell

(in keV)
Atomic
number Element K Li Ln Lin

1 Hydrogen 0.0136

6 Carbon 0.283

8 Oxygen 0.531
1 Sodium 1.08 0.055 0.034 0..034
13 Aluminum 1.559 0.087 0.073 0..072
14 Silicon 1.838 0.118 0.099 0..098
19 Potassium 3.607 0.341 0.297 0..294
20 Calcium 4.038 0.399 0.352 0..349
26 Iron 7.111 0.849 0.721 0..708
29 Copper 8.980 1.100 0.953 0. 933
35 Bromine 13.475 1.794 1.599 1. 552
47 Silver 25.517 3.810 3.528 3. 352
53 lodine 33.164 5.190 4.856 4. 559
56 Barium 37.410 5.995 5.623 5. 247
74 Tungsten 69.508 12.090 11.535 10. 198
79 Gold 80.713 14.353 13.733 11. 919
82 Lead 88.001 15.870 15.207 13. 044

92 Uranium 115.591 21.753 20.943 \  17.163

8 From Fine and Hendee (Ref. 3).

Molecules

The chemical properties of an element consist of the ability of this element
to combine with one or more other atoms of the same element or of different
elements to form combinations with properties different from those of any
of the constituents. The combination of two or more atoms belonging to the
same or different elements is called a molecule.

The bond between the atoms of the molecule consists generally of one or
more electrons bound in the electrostatic fields of both nuclei. Different
types of bonds can be achieved involving one, two, four, or more electrons
shared by two atoms. The chemical activity, and consequently the type of
bond that can be achieved between atoms, depends upon the structure of
their outer shell of electrons. If the outer shell is completely filled, it can
neither give up nor accept any electrons easily, and such an atom is chem-
ically inert. On the other hand, if a large number of either electrons or
vacancies are available in the outer shell, such an atom will be capable of
forming a large number of different bonds and will be chemically active.
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Thus, the chemical properties of different atoms depend on the structure of
their outer electron shells.

The strength of chemical bonds depends upon the type of bond under
consideration. In general, the energy of chemical bonds is of the order of a

few electron volts.

RADIATIONS

In the context of this book, radiation can be defined as the propagation of
energy through space or through matter. This definition excludes such
manifestations as sound because sound cannot travel through a vacuum.

All radiations can be classified into one of two categories: corpuscular and
electromagnetic radiations.

Corpuscular Radiations

Corpuscular radiations consist of moving particles of matter. The size of
these particles may vary over a wide range. For example, a bullet fired by a
rifle can be looked upon as a corpuscular radiation. The latter, however, is an
extreme extension of the definition of the term; in general, corpuscular
radiation is composed of accelerated submolecular particles. The energy
carried by corpuscular radiation consists of the kinetic energy of the moving
particle and is equal to mv2 where m is the mass of the particle and v its
velocity. If a particle travels with a velocity approaching that of light, the
expression for the energy of the radiation becomes more complex.

Corpuscular radiation may be composed of either charged particles or
neutral particles. The interaction of these radiations with matter depends
upon three factors: (1) size of the particle, (2) velocity of the particle, and
(3) charge carried by the particle. In general, this interaction consists of an
exchange of energy between the radiation and the particles in matter of the
same size or nature as the corpuscular radiation. Thus, if the radiation is
composed of atom-sized particles, it interacts with atoms. If the particles
are smaller, the interaction will occur at the subatomic level. If the particles
are electrons, they will interact with electrons in matter. If the particles are
nuclei, they will collide with nuclei. It should be noted that there are a great
number of exceptions to this rule. Thus, high energy electrons may interact
with nuclei, or the energy of a corpuscular radiation interacting with matter
may be converted into another form of radiation such as electromagnetic
radiation.

Typical corpuscular radiations are: alpha rays, which consist of acceler-
ated helium nuclei; protons, which are accelerated hydrogen nuclei; and, of
particular importance in this text, accelerated electrons. Moving electrons
are called beta rays if they are emitted by radioactive nuclei, or cathode rays
if the electrons are accelerated by some other method. The interaction of
e ectrons with matter consists primarily of elastic (billiard ball type) col-
Isions with other electrons. In general, accelerated electrons penetrating
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into matter lose their energy gradually in a series of such collisions. With a
considerably lower probability electrons may lose their energy either by
producing electromagnetic radiation, or they may interact directly with
nuclei. The latter interaction occurs only with high energy electrons and
results in the production of a radioactive nucleus.

Electromagnetic Radiation

Electromagnetic radiation consists of a transport of energy through space
as a combination of an electric field and a magnetic field, both of which vary
in magnitude as a function of time and space. Many physical manifestations,
such as x-rays, light, infrared and ultraviolet radiations, and radio waves,
are electromagnetic radiations.

The physical properties of electromagnetic radiations can be fully ex-
plained only if these radiations are looked upon as possessing a dual nature,
namely, waves and particles. The concept of the dual nature of electro-
magnetic radiations means that certain physical properties exhibited by
these radiations can be explained only if they are assumed to be particles;
other properties are those of a wave propagation. It is important to note
that electromagnetic radiations are not composed of both particles and
waves, but rather that the same physical phenomenon exhibits a dual
nature. In general, any attempt to develop a visual concept of electromag-
netic radiations leads to an image in conflict with physical observations.
It is, therefore, preferable to consider separately the wave and particle
natures of electromagnetic radiations, keeping in mind, however, that they
represent two facets of the same phenomenon.

Wave Nature of Electromagnetic Radiation. The wave concept of the
nature of electromagnetic radiation resides in the cyclic propagation of this
phenomenon as shown in Fig. 1-4, exhibiting maxima and minima. The
transport of this wave does not require any supporting medium, as it may
travel in vacuum. Electromagnetic waves are characterized by: (1) their
velocity of propagation, which, in the vacuum, is about 3X1010 cm per sec
(velocity of light, usually symbolized by the letter c); (2) their wavelength X
which is a function of the energy of the radiation and is measured in units of
length; and (3) by the frequency n, which is equal to the number of cycles
per unit time and is related to the wavelength Xby the formula

C
X
The wave nature of electromagnetic radiation is demonstrated by the fact
that this radiation undergoes interference, diffraction, refraction, reflection,
and polarization (see Chapter I1).

Corpuscular Nature of Electromagnetic Radiation. The particle nature

of electromagnetic radiation must be assumed because the energy carried by
this radiation is always transported in the form of discrete “bundles” or

n =
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Electric
Field

FIG. 14. Propagation of electromagnetic radiation composed of an electric field
and a magnetic field in planes perpendicular to each other.

“quanta.” These bundles are called photons. Photons do not possess mass.
They travel with the velocity of light, c. The energy of a given electromag-
netic radiation is expressed by the energy carried by each photon composing
this radiation; for example, the term “one million electron volt gamma
radiation” means that each photon of this gamma radiation carries the
energy of 1 MeV.

Energy of Electromagnetic Radiation. The energy carried by each
photon represents the minimum “unit” of energy or “quantum” (plural
“quanta”) carried by the radiation; and the total energy carried by the
radiation is expressed in multiples of the energy carried by a single photon.
Thus, the minimum amount of electromagnetic radiation is one single
photon. The energy carried by a photon is related to the frequency of the
electromagnetic radiation by the formula

E = hn,
where E = energy carried by 1 photon,

n = the frequency of the electromagnetic radiation expressed in
cycles per unit time (for example, cycles per sec),
h = Planck’s constant, and hn = “quantum” of energy.

Planck s constant is a universal constant in nature relating the energy of
an electromagnetic radiation to its frequency. The dimensions of this con-
stant are energy multiplied by time. Thus, when this constant is multiplied
by the frequency n, which has the dimensions of 1/time, or trl the result
has the dimensions of energy. The numerical value of Planck’s constant

epends upon the system of units used. In the cgs system, the value of
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Planck’s constant (see Table XI-6, also Ref. 2) is
h = 6.6256 X10-27 erg sec.

In the cgs system the energy of the radiation is expressed in ergs. In
radiology, the energy of electromagnetic radiation is expressed in electron
volts rather than in ergs. A convenient conversion factor for the wavelength
of an electromagnetic radiation into the energy carried by its photon is
12.398 keV angstroms, so that

. 12.4 keV angstroms

" X (wavelength in angstroms)

Physical Properties of Electromagnetic Radiation. All electromagnetic
radiations share the following physical properties:

1. They travel in the vacuum with the velocity of light ¢, which is
2.997925X 1010 cm sec-1 (Ref. 2).

2. They travel in straight lines. The radiation can be deflected from its
original direction, but the new trajectory is also linear.

3. When interacting with matter, they are either absorbed or scattered.

4. Their interaction with matter may result in their reflection, refraction,
or diffusion.

5. They are unaffected by either magnetic or electric fields.

6. They can be polarized.

7. They produce interferences.

In addition to the above properties, electromagnetic radiations exhibit a
large number of different physical properties that depend upon the energy
of the photons and that may not be shared by radiations of different energies.
This dependence of some physical properties of radiations of identical
nature allows their classification into different groups according to their
energy. Figure 1-5 shows a classification of electromagnetic radiations
according to their energy and wavelength. These different categories are
not sharply defined as a function of energy, and between them there is, in
general, a wide area of overlap.

lonizing Electromagnetic Radiation. When radiations interact with
atoms or molecules,2 the interaction takes one of the following forms:
(1) elastic collision, (2) excitation, or (3) ionization. An elastic collision con-
sists of an interaction between the corpuscles or photons of the radiation
with an atom or molecule as a whole. In such a collision the atom or molecule
behaves as a particle, and the atomic substructure does not intervene in the
interaction. There is conservation of momentum and kinetic energy. The
energy acquired by the atom or molecule is kinetic; it is therefore set in
motion, which is usually vibrational. In turn, the kinetic energy of the
atom or molecule is dissipated as heat in a series of collisions with neighbor-
ing atoms or molecules.

Excitation is an interaction between radiation and an electron belonging

2The interaction of electromagnetic radiation with nuclei is discussed in Chapter 111.
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ELECTROMAGNETIC RADIATIONS
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FIG. 1-5. Electromagnetic radiations classified as functions of their energies and
wavelengths.

to the target atom or molecule. A portion of the radiation energy is trans-
ferred to the electron, which is thereby raised to a higher energy level. The
atom or molecule to which it belongs is thus raised to an excited state. The
atom or molecule returns to its stable state by expelling its energy of excita-
tion either in the form of long-wave electromagnetic radiation (fluorescence),
by using it to form chemical bonds, or in the form of heat.

If the energy transferred by the radiation to an electron in the target
atom or molecule is sufficiently high to remove the electron from the atom
or molecule, then the process is called ionization. In this process a pair of ions
is formed; the positive ion is the atom or molecule positively charged because
of the loss of an electron, and the negative ion is the ejected electron. The
energy required to remove an electron from an atom or molecule varies with
the binding energy of the electron. The minimum amount of energy required
to ionize an atom or molecule is equal to the binding energy of the electron
or electrons having the lowest binding energy. This energy is called the
critical energy for the atom or molecule. If a radiation carries per corpuscle
(corpuscular radiation) or per photon (electromagnetic radiation) energy
equal or superior to the critical energy of an atom or molecule, the radiation
is said to be ionizing for this atom or molecule.

The critical energy for various substances varies over a wide range. Table
1-3 lists a few of these values. Thus, a radiation may be ionizing for a given
substance and not ionizing for another with a higher critical energy. In
general, when ionizing radiation is absorbed in matter, the probability of

either of the above three processes (elastic collision, excitation, or ionization)
to occur depends on the energy transferred.
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TABLE 1-3. lonization Energies
in Electron Volts

lonization
energy (in eV)

Gas or vapor

H 13.56“

h 2 15.9¢

0 13.6“

02 13.“

He 24.5%

K 4.2¢
Condensed state

Proteins 7.75 to 10.02b

8 From Stranathan (Ref. 4).
b From Setlow, W atts, and Douglas (Ref. 5).

An important constant in radiology is the average amount of energy spent
by ionizing radiation for the formation of one pair of ions in air. This con-
stant is symbolized by W*iTand is equal to about 34 eV (Ref. 6). TFairis equal
to the ratio of the energy dissipated in air by ionizing radiation and of the
number of pairs of ions formed. It should be noted that TTair is not the
critical energy for air, which is approximately 17 eV. In air, the energy dis-
sipated by ionizing radiation is nearly equally divided between ionizations
on one hand and excitations and elastic collisions with atoms and molecules
on the other.
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(n) ORIGIN AND NATURE
OF X-RAYS

X-rays arc ionizing electromagnetic radiations that rosu.lt from th© conver-
sion of either the kinetic or the potential energy carried by electrons into
electromagnetic radiation.

This definition embodies the three concepts that uniquely define x-rays:
(gf) X-rays are electromagnetic radiations and therefore possess all the
physical properties shared by these radiations. (2) X-rays are ionizing, which
means that x-ray photons carry sufficient energy to ionize atoms and mole-
cules (this energy must be in excess of about 10 eV). (3) X-rays are generated
as a result of the conversion of either the potential or the kinetic energy
carried by electrons into another form of energy. This qualification dis-
tinguishes x-rays from gamma rays, which are ionizing electromagnetic
radiations emitted by radioactive nuclei. Consequently, the distinction
between x-rays and gamma rays rests entirely upon their origin. In the
absence of information about its origin, a gamma-ray photon is indistinguish-
able from an x-ray photon.

INTERACTION OF ELECTRONS WITH MATTER—
COLLISIONAL INTERACTIONS

When electrons interact with matter, they lose energy by one of several
processes, such as resonance absorption, collision with nuclei and electrons,
excitation of atoms, radiative interaction, and electrodisintegration of nuclei
(Ref. 1). In the energy range between a few electron volts and a fpw million
electron volts, electrons interact with matter mostly bv one of the following
Arocessesj_(XX-by_-Uielastm collisional interactions with bound electrons,
“resulting in the excitation and/or the ionization of the struck atom, or (2) by
radiative interactions, resulting in the emission of x-rays. The relative prob-
abilities ot collisional and radiative electron interactions depend on~the
~energy of the interacting electrons and on the atomic number of the absorber
Isee~under “Characteristic or Line X-Radiation™).

In collisional interactions, the transfer of energy from an electron possess-
26
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ing kinetic energy to an electron bound in an atom raises the atom to a higher
energy level. The excited atom returns to a lower energy state either by the
emission of a low-energy electromagnetic radiation (light or ultraviolet
radiation) or by the dissipation of this energy in the form of heat. If the
energy of the moving electron is sufficiently high to overcome the binding
energy of the interacting bound electron, ionization occurs.The secondary
electron displaced from the absorber, which is called a delta rav. loses its
energy through excitation, ionization nr ott”r interaction. The positive ion
either recaptures a free electron or attaches itself to another atom or
molecule.

The rate of loss of energy for a fast electron is small, so that collisions of
such an electron do not result in an appreciable deviation from its original
direction. Thus, the direction of the moving electron remains relatively
unaffected and its trajectory is nearly a straight line. However, as the energy
of the moving electron is dissipated and the rate at which it exchanges
energy with matter becomes greater, collisions result in the deflection of the
impinging electron from its original direction. Thus, the trajectory of a high
energy electron in matter exhibits usually a straight portion followed by a
broken line until the electron is finally brought to rest. Over a wide range of
energies, the range of electrons in matter depends only on the cross-sectional
density ot the absorber (Fig. 11-1) and is little affected by the atomic
number. C

X-rays are generated as a result of the loss of energy of electrons interact-
ing with matter through two different processes: (1) radiatlveinteractionof
electrons with matter, which consists in the deceleration of electrons in the

TTectne held of a nucleus, and (2) rearrangement of electrons in an atom
which was deprived of one of its tightly bound electrons subsequent to a
collisional interaction with the high energy electron. The first process results
inTEe~production of those x-rays which are referredto as white or general
radiation, or Bremsstrahlung. The photons produced by the second process
are called characteristic radiation.

Radiative Interactions of Electrons with Matter— General
or White Radiation (Bremsstrahlung)

When an electron travels in the vicinity of a nucleus, the negative charge
of the electron is acted upon by the positive charge of the nucleus. Thus, the
mass of the electron is subjected to an attractive force which deflects
the electron from its original direction and the electron is decelerated
(Fig. 11-2a). The energy lost by the electron under these circumstances is
emitted in the form of an x-ray photon. This processls called radiative

AdHTeraction of an electron with matter, and the x-radiation thus produced is,
referred to as general radiation, white radiation, or Bremsstrahlung (German
fo™ “braking,radiation”).

The amount of energy lost in a radiative interaction, and consequently
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ELECTRON ENERGY (keV)

FIG. 11-1 Electron range versus energy in lead and in water. In this case range
means amount of material required to dissipate all the electron energy.

the energy of the x-ray photon emitted, depends on (1) the distance between
the electron and the nucleus, (2) the energy of the electron, and (3) the
charge of the interacting nucleus. An extreme form of this interaction con-
sists in the “collision” between the electron and the nucleus, in which case
the energy of the emitted photon is equal to the total kinetic energy of the
impinging electron (Fig. 11-2b). Thus, the deceleration of electrons in matter
by radiative interaction results in the emission of x-ray photons with ener-
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gies ranging from a low value up to the total kinetic energy of the interacting
jMecimns.

The intensity of the x-radiation produced by radiative interaction as a
function of electron energy can be predicted by the quantum theory of
radiation (Ref. 2). A qualitative discussion of this subject (Ref. 3) follows:

Assume a beam of monoenergetic electrons each carrying an energy E
interacts with a thin absorber. The term “thin absorber” introduces the
assumption that the amount of material encountered by the electrons is so
thin that they may undergo only one interaction while passing through the
absorber. Under the circumstances the energy of the electrons impinging
upon the absorber is not degraded in multiple interactions, and all the inter-
actions, whether collisional or radiative, occur with monoenergetic electrons
(electrons carrying the same energy). Figure I1-3a shows the predicted
spectral distribution of the intensity of the x-radiation emitted as a function
of photon energy for a thin target. The constancy of radiation intensity with
radiation energy shows that the number of photons emitted is inversely pro-
portional to the energy at which they~are emitted. Thui7 twice as many
photons are emitted with an energy E/2 as with an energy E. The total
energy radiated is proportional to the area under the curve in Fig. Il1-3a.

FIG. 11-2. Generation of general

or white radiation (Bremsstrahlung)

by interaction between an elec- a
tron and a nucleus,

a Impinging electron is deflected
and decelerated

b total kinetic energy of imping-
ing electron is converted into
x-radiation

hn energy of generated photon

hn (max.)
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FIG. 11-3. Bremsstrahlung
in thin and thick targets.
E electron energy

A intensity of x-radi-
ation generated

The elementary theory also predints that the total energy radiated is pro”
portional to the atomic number of the absorber;.jthus, in a thin absorber the
amount of energy lost by electrons through radiative interactions is propor-
tionaT to the Energy of the electrons and to the atomic number of the
absorber. This result has been verified experimentally lor lowor-energv elec-
trons (below 100 keV) but is only approximately correct for higher energies
(RefTiyr

The above discussion is valid only for thin targets. When a beam of mono-
energetic electrons interacts with a thick target, the energy of the electrons
is rapidly degraded through a series of collisional and radiative interactions.
In the study of the radiation emitted by a thick target, it can be assumed
that the target is composed of a number of thin targets each of them exposed
to monoenergetic electrons of increasingly lower energy. The radiation
intensity spectrum thus achieved can be obtained graphically by the super-
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imposition of the various spectra obtained for thin targets, as shown in Fig.
I1-3b. The thick target spectrum is no longer rectangular and exhibits a
predominance of low energy radiation. As the energy of the beam of electrons
impinging upon a thick target increases, the total amount of energy emitted
is altered. The area under the curve (the spectral distribution), which is
proportional to the total amount of energy p.mit.ted. increases more~rapidlv
with energy than in the case of the thin target. The area under the curve is
proportional to the energy of the photons multiplied by the intensity of the
radiation, since both of these quantities increase linearly with the energy of
the Impinging electrons;; therefore the total amount of energy radiated is
proportional ta[E2)As is the case for thin targets, the intensity of the radia-
tion emitted by thick targets is proportional tn tho atomic number of theT
absorben Thus, the intensity of the general x-radiation emitted by a thick
target is approximately proportional to

T*<=> Z X E\

Efficiency of X-Ray Production by Radiative Interaction. The generation
of x-rays by the radiative deceleration of electrons in matter is in competition
with collisional interactions, which result mostly in the dissipation of the
electronic energy as heat. Although most of the electron energy lost by
collisional interactions is dissipated in the form of heat, a small fraction of
this energy may be re-emitted as so-called characteristic radiation.

The efficiency of the production of x-rays can be expressed as the per-
centage of the total amount of energy dissipated by the electrons in the
absorber. The efficiency of production of x-rays by radiative interactions is
proportional to: (1) the square of the energy of the interacting electrons (as
showrLAAAN-AGHAV -tfw sqiifl T -ftf-4JiE--atnrmio. number of the absorber, Z.
The dependence of the efficiency on the square of the atomic number of the
absorber is predicted by the classical theory of the deceleration of a charged
particle in an electric field (Ref. 3).

It should be noted that while the efficiency of the radiative process per
atom is proportional to Z2 the efficiency per unit cross-sectional density of
material traversed (g/cm2 is proportional only to Z because the number of
atoms per gram of any element is inversely proportional to Z.

Figure 11-4 shows a plot of the fraction of electron energy radiated as
x-rays in water and in lead as a function of electron energy.Jt is apparent
that for low energy electrons the efficiency of x-rav productiomis extremely
low. In lead, for electrons with a kinetic energy of 100 keV (0.1 MeV), the
efficiency of x-ray production is only of the order of 1.0%. However, as the
energy of the impingmg~electron increasesr~pfobability oT radlative inter-
actions also increases rapidly to reimh a plateau where practically all the
energy of the electrons is converted into radiation.

joginoe-the shape of the distribution ot the general radiation is independent

" of Z, the efficiency of production of x-rays for any element can be extrap-
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FIG. 114. Percentage of electron energy radiated as Bremsstrahlung in lead and
in water, as a function of electron energy. Logarithmic plot.

plated from the curves shown in Fig. I1-4. For example, the efficiency of
X-ray production in tungsten is given by

lw
Ipb ZPo

where /w and /Pb are the relative amounts of the x-radiation produced in
tungsten and in lead, respectively, and Zw and ZPb are the atomic numbers
of tungsten and lead, respectively.

Since

and, from Fig. 11-4, the efficiency of x-ray production in lead by 100 keV
(0.1 MeV) electrons is approximately 1.0%, the production of x-rays by the
deceleration of 100 keV (0.1 MeV) electrons in tungsten is

T Zyf
Iw = — X /Pb=09 X 1.0% = 0.9%,
"o

while 99.1% of the energy for these electrons is converted into heat. (Effi-
ciency at 60 keV for lead: 0.6%.)
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The above example is typical of the situation encountered in diagnostic
radiology, where the target uniformly used is tungsten and most of the
clinical examinations are carried out with x-rays generated by electrons
accelerated between about 60 and 100 keY.

Direction of General Radiation Emission. The direction of emission of
x-rays generated by radiative interactions in a thin target is related to the
direction of the electrons creating them. At low energies, of the order of
100 keV, the radiation intensity is maximum in a direction perpendicular to
the travel of the electrons. In this energy range, very few x-rays are emitted
in a forward direction with respect to the direction of the electrons, and
practically none are emitted backwards. As the energy of the electrons
increases, x-rays have a tendency to be emitted in the forward direction, and
the angle between the maximum x-ray intensity and the direction of the
electrons decreases from 90 degrees to 0 degrees for high energy electrons.
At 20 MeV, the angle of distribution of the x-radiation with respect to the
direction of the electrons forms a very narrow cone.

The above relationships are valid only for thin targets in which the
x-radiation is generated by electrons unaffected by other interactions. In
thick targets, and for low energy electrons, the direction of the impinging
electrons is rapidly modified by interactions either collisional or radiative,
and the direction of the emitted x-radiation, although perpendicular to the
direction of the traveling electrons, is no longer related to the direction of
the primary beam before interacting with the target. Thus, for low energy
electrons and in a thick target, the direction of the x-radiation produced is,
for all practical purposes, isotropic with respect to the direction of the
impinging electrons. This situation prevails for the generation of x-rays in
conventional diagnostic radiology.

For high energy electrons (of the order of 1 MeV), collisional interactions
in the target have little influence on their direction; therefore in that energy
range there will be little difference in the angular distribution of x-rays
between thin and thick targets. For high energy electrons, the angular dis-
tribution of the x-radiation produced even in a relatively thick target, forms
an acute cone having for its axis the direction of the primary beam of elec-
trons and a decreasing solid angle as a function of increasing electron energy.

Characteristic or Line X-Radiation

While general radiation is produced by radiative interactions of electrons,
x-rays are also generated as a result of collisional interactions of electrons
with tightly bound electrons. The radiation thus produced is called the
characteristic or line radiation, and it is generated as follows (Fig. 11-5):

1. Anelectron impinging upon matter undergoes a collisional interaction
with a tightly bound electron, for example, with an electron bound in the
K-shell of one of the atoms in the target material.

2. The interaction results in the ejection of the K electron from its shell.
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FIG. 11-5. Generation of characteristic radiation.
La Xx-ray photon emitted on transition of M electron to L-shell
Ks x-ray photon emitted on transition of M electron to K-shell
Ka X-ray photon emitted on transition of L electron to K-shell

The energy of the impinging electron is used to overcome the binding energy
of the ejected electron and the remainder of the kinetic energy of the imping-
ing electron is shared with the ejected K electron. This process can occur
only if the kinetic energy of the impinging electron is at least equal to the
binding energy of the shell where the interaction takes place. Following the
interaction, both the initial electron and the ejected electron lose their
kinetic energy away from the atom where the original interaction took place.
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3. The struck atom is left with an unoccupied space or vacancy in its
K-shell. Such a structure is unstable, and the vacancy in the K-shell is
rapidly replenished by an electron usually falling from the next shell
(L-shell). The transition of the electron from the L-shell to the K-shell
results in a loss of potential energy by the L electron equal to the difference
between the binding energy of the K- and L-shells. The energy thus lost by
the L electron is radiated as a single x-ray photon with an energy equal to
the energy of the transition.

4. The transition of the L electron to the K-shell leaves the L-shell
unfilled. The vacancy in the L-shell is in turn replenished by an electron
usually from the M-shell. Then, the vacancy created in the M-shell must in
turn be replenished from another shell, and so on. Each electronic transition
from one shell to another shell of higher binding energy results in the emis-
sion of an x-ray photon with an energy equal to the energy of the transition.

Thus, the displacement of an electron from one of the inner shells of an
atom results in an avalanche of electronic transitions that consist in occupy-
ing, in sequence, a vacancy in a shell provided by the previous transition.
Each one of the transitions results in the emission of one x-ray photon, a.nd_
the sum of the energies of the x-rav photons emitted is equal to the binding
energy of the shell from which the first electron was ejected.

These electronic transitions result in the emission of a series of x-ray
photons with energies that are specific of both the atom and the particular
shell in which the interaction took place. For example, if the collisional
interaction takes place in the K-shell of tungsten, the interaction results in
the excitation of the tungsten K series.

Photons of different energies are emitted for transitions occurring between
different subshells of an atom and a vacancy in a higher binding-energy
shell (Table 11-1). For example, transitions between the K-shell and the
three subshells of the L-shell result in the emission of the Ka series, as shown
in Table I1-1. Transitions from the M-subshells to the K-shell result in the
Kp series, and so on (see also Fig. I1-5). Some of the transitions are more
probable than others and therefore result in the emission of more intense
x-ray lines. Some “forbidden” transitions do not occur because of quantum
mechanical restrictions.

Because the energy of the x-ray photons emitted by the described process
is characteristic of the shell of the atom in which the interaction takes place,
this radiation is referred to as “characteristic radiation” or “line radiation.”
Table I1-1 shows the energy of a certain number of characteristic lines for
various atoms.

The excitation of a series of lines in a given atom can take place only if
the energy of the impinging electron is sufficient to eject the electron from
the shell corresponding to that series. For example, the binding energy of
the K-shell in tungsten is equal to approximately 69 keV. A 50 keV electron
impinging upon a tungsten target is not capable of exciting the tungsten-
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L Series

- PHOTONS ( Arbitrary Units)

NUMBER

PHOTON ENERGY (keV)

FIG. 11-6. X-ray spectrum in tungsten, showing the superimposition of characteristic
x-ray lines over the continuous distribution of the general radiation.

TABLE 11-2. Relative Intensities of Characteristic and
General Radiations for a Tungsten Target

Relative number of x-ray photons emitted

Characteristic General
Tube voltagea radiation radiation
(kvP (%) (%)
80 10 90
100 19 81
120 24 76
150 28 72

aThree-phase 12-pulse rectified circuit with only inherent filtration.
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characteristic K series; on the other hand, since the binding energy of the
L-shell in tungsten is only 12 keV, the 50 keV electron may excite the L
series in that target.

The energy spectrum of the characteristic x-radiation appears as a series
of sharp lines superimposed over the general radiation, as shown for tungsten
in Fig. 11-6. The relative intensities of the characteristic radiation and the
general radiation vary with the energy of the impinging electrons and the
atomic number of the absorber, as shown for a tungsten target in Table I1-2.

X-RAY SPECTROMETRY

X-ray spectrometry is the analysis of the composition of an x-ray beam.
The composition of an x-ray beam is fully defined by: (1) the.niimbej*of
phntnns in the beam, and (2) th.e_pJio.tQn energies. X-ray spectrometry con-
sists therefore of the study of one of these variables as a function of the
other. Most commonly the results of such a study are expressed in terms of
the distribution of the number of photons as a function of their energies, the
graphic representation of which represents an x-ray spectrum.

Different methods of analysis can be applied to the study of the spectral
distribution of energies in an x-ray beam. Thus, instead of representing a
plot of the number of photons per energy interval, an x-ray spectrum may
also represent the intensity of radiation per energy interval. The intensity
of the radiation is equal to the number of photons per energy interval times
their energies. The intensity spectrum can be calculated from the “number-
of-photons” spectrum by multiplying the ordinate of each point by its
abscissa. The area under the number-of-photons-versus-energy spectrum is
equal to the total number of photons emitted over the energy range studied.
The area under the intensity-versus-energy curve is equal to the total energy
carried by the x-ray beam in the energy range studied.

The choice of the type of spectrum used in a given study depends on the
requirements of the study and also on the experimental apparatus used in
the determination of the spectral distribution of the radiation. The conver-
sion of one type of spectral presentation to the other is simple.

The energy spectrum of a beam of x-rays can be obtained either by
calculation or by experimental determination by means of an x-ray spec-
trometer. Various physical principles have been applied in the design of
different types of x-ray spectrometers. However, all x-ray spectrometers
embody two fundamental components: a detector sensitive to x-ray photons
and a device capable of distinguishing between photons of different energies,
referred to as the analyzer.

Detectors can be classified according to the different physical principles
t ey embody for the detection of x-ray photons. The most important classi-

cations are. (1) photographic emulsions, (2) ionization chambers, (3)

eiger and proportional counters, and (4) scintillation counters. These
devices are discussed in Chapter XI.
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Based on this classification, detectors for x-ray photons can be separated
into two main categories:

1. Counters. These detectors are sensitive to the number of photons strik-
ing them, and their response is independent of the energy of the photons. A
typical example of this category is the Geiger-Muller counter.

2. Integral Detectors. These detectors record the total amount of energy
carried by the photons, rather than the number of photons striking them.
lonization chambers and photographic emulsions are integral detectors.
Proportional counters and scintillation counters can be operated either as
connters-or- as integral detectors-fRefr-£k —_—

The use of a counter-type detector in an x-ray spectrometer results in
obtaining the data in the form of a number-of-pulses versus energy-interval
spectrum. On the other hand, the use of an integral detector provides an
energy-carried versus energy-interval spectrum. Both detector types are
-used4nrx=ray spectrometry. e

The energy analysis of an x-ray beam is usually achieved by either
attenuation, diffraction, or scintillation spectrometry.

Attenuation Spectrometry

The attenuation of x-rays in matter depends on: (1) the energy of the
x-radiation, (2) the atomic number of the absorber, and (3) the total amount
of absorbeFpresent. The relation between these three factors is discussed in
detail in Chapter Ill. Because of the dependence of the attenuation of
x-rays on their energy, it is possible to perform a spectroscopic analysis of an
x-ray beam by studying its rate of attenuation in matter.

The apparatus used in such studies is schematically shown in Fig. I1-7.
It consists of: (1) the source of x-rays to be analyzed; (2) a collimating
device, which reduces the size of the x-ray beam to a narrow pencil; (8) a
series of absorbers that can be interposed in the path of the x-radiation; and

FIG. 11-7. Schematic diagram of apparatus used for study of the attenuation of
X-rays in matter.

Collimators

Source of X-Rays
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(4) of a detector sensitive to x-rays. The collimating device is usually a hole
in a lead plate. The chemical nature of the absorbing material used is deter-
mined by the maximum energy of the radiation to be analyzed, because of
the strong dependence of the attenuation of x-rays on the atomic number of
the absorber (Chapter I11). For low energy radiation of the order of 10 keV,
the absorber used is usually composed of low atomic-number elements such
as beryllium or carbon. For higher energies, from 10 to 100 keV, aluminum
is most often used. For radiation of up to approximately 400 keV, copper is
used, and for even higher energies, lead.

The physical form of the absorber is usually a series of plates of increas-
ing thickness. However, in some experiments, the absorber used may be a
solution of increasing concentration.

Attenuation spectrometry consists of the study of the intensity of the
x-ray beam as a function of the amount of absorber interposed. The results
of such a study are, in general, represented as a plot of radiation intensity
versus amount of absorber traversed, as shown in Fig. 11-8, 1(A). The
intensity of the transmitted radiation is plotted as a percentage of the
impinging beam, and the amount of absorber can be expressed either as
thickness (for example, in centimeters), or in terms of mass per unit area
(g/cm3?. If the radiation studied is monochromatic (monoenergetic),
which means composed of photons carrying the same energy, the attenuation
of this radiation is represented by”~he-relationship

\
In this equation, | is the interisitx of fhe transmitted radiation, 70 is the

intensity of the incident radiation, e is the base of natural logarithms, n is
the attenuation coefficient, and x is the amount of material traversed (see
also Chapter 111, Equation (2)).

This equation is represented by the exponential curve shown in Fig.
H-8, 1(A). The same function plotted with semilogarithmic coordinates is
represented by a straight line, as shown in Fig. 11-8, 1(B).

A useful parameter for the representation of the rate of attenuation of
radiation in matter is the half-value layer (HVL, or TH), which is the
amount of absorber required to reduce the intensity of the impinging radia-
tion by a factor of 2 (see also Chapter Il1l, under “Half-Value Layer”). The
half-value layer can be determined graphically from either the linear plot in
Fig. 11-8, 1(A) or from the semilogarithmic plot in Fig. 11-8, 1(B). The
mathematical relationship between the half-value layer and the attenuation
coefficient (see also p. 67) is

The half-value layer depenu-s™oulJie®nergy of the radiation and on the
nature of the absorber. For a given absorber the half-value layer is usually
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greater for higher energy radiation (harder radiation) than for lower energy
radiation (soft radiation). Figure 11-8, 2(A) shows a plot of the attenuation
of a softer and a harder monoenergetic radiation in the same absorber, Fig.

[1-8, 2(B) is the semilogarithmic plot of the same curves.

If the radiation studied is polychromatic (polyenergetic), which means
composed of photons of different energies, its attenuation curve in matter is
composed of the sum of the exponential absorption curves for the different
energies contained in the beam of x-rays. Figure 11-8, 3(A) shows the
attenuation curve obtained for an x-ray beam composed of photons of two
different energies. It should be noted that the compound curve coincides at
its tail end with the simple exponential curve representing the attenuation
of the higher energy photons. This is due to the fact that the softer photons
are rapidly removed from the beam and play a lesser role in the attenuation
curve for larger amounts of absorber. Figure 11-8, 3(B) is a semilogarithmic
representation of the attenuation curve for the polyenergetic radiation
shown in Fig. 11-8, 3(A). The compound curve obtained by adding the
straight attenuation lines for energies (1) and (2) is no longer a straight line.
Hence, if the semilogarithmic plot of the attenuation of x-rays in matter is
not~a~ straight line, it indicates that the radiation is polyenergetic. It is
apparent in Fig. 11-8, 3(B) that the compound attenuation curve (1) + (2)
becomes a nearly straight line towards its high attenuation end, which is
due to the fact that the beam of x-rays is depleted of softer photons and
becomes nearly monochromatic.

_The half-value layer for polychromatic radiation varies as the energy of
the radiation is modified by selective absorption, If the amount of absorber
mterpose~d~Is sufficiently great to remove most of the soffTradiation, thus
reducing the radiation to relatively monochromatic photons, the half-value
layer may become constant. The first half-value layer for a polychromatic.
radiation is referred to as the effecHy£ hg,1f-valuf laver and is a measure of”
jthe effective energy of the ph”ons‘lritfefaiTati(m !Thn~eftective half-value”®
layer, and consequently the effective energy of polychromatic radiation, is
modified by the addition of absorbers that selectively remove the softer
photons. The half-value layer of monochromatic radiation is not modified by
absorption.

Attenuation spectrometry is a simple but crude method of analysis of an
x-ray beam .Jjdoes not permit an accurate measnre_nfjthp distribution of
jahotons as a function of their energies. On the othnrlranHTTire method sup-
{Mes”thgjojlgwingjnformation: (1) whether or~not the radiation studied is
Jfpgoghromatic, (2) if the radiation is polyenergetic, the semilogarithmic

atn study U the distribution of the
------- energies, (8) a relativniyaFcurate measurement, nf fKF~maximum”

determination oftheeffectlvr

energy o t e radiation studied, whichTnformation is of value in diagnostic
roentgenology.
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Diffraction and Interference X-Ray Spectrometry

The spectrometric analysis of a beam of x-rays by diffraction and inter-
ference provides the most accurate method for this purpose. This form of
spectrometry utilizes the wave properties of x-radiation. Among other tests,
the wave nature of the x-radiation was established on the basis of its success-
ful diffraction and interference. The property of undergoing diffraction and
interference is shared by all wave-type transfers of energy. Because of the
importance of these phenomena in the identification of x-rays as a wave-type
propagation of energy and in x-ray spectrometry, the subjects of diffraction
and interference are discussed in some detail in the following paragraphs.

Wave Diffraction and Interference. When two trains of waves emitted
in phase intersect at any point in space, they either reinforce each other’s
effect at that point or interfere destructively with each other. Thus, the
total effect contributed by both trains of waves at the point of intersection
may be either greater or smaller than the effect produced by either wave. If
the two waves are in phase at the point of intersection, which means that
their crests and troughs coincide, the resulting energy is equal to the sum of
their energies. If the two waves are out of phase in such a fashion that the
crest of one wave coincides with the trough of the other, then the resulting
energy is equal to the difference between their energies. Interference is
characteristic of any wave propagation of energy; thus, sound waves and
waves produced by a disturbance on the surface of a liquid exhibit this
phenomenon. The interaction of electromagnetic radiations does also result
in interference. This is one of the major reasons why electromagnetic radia-
tion must be regarded as wave propagation of energy.

Interference exhibited by electromagnetic waves has been extensively
studied with light (Refs. 7 and 8). The phenomenon cannot be demon-
strated experimentally with two difference sources of light, because it has
been impossible to establish two sources of light that emit radiation in phase.
The electromagnetic radiation emitted by a source of light varies continu-
ously in phase, and therefore it is impossible to predict with any accuracy
the phase of the radiation emitted by such a source. This difficulty may be
overcome by splitting the light emitted by a single source into two over-
lapping beams; thus, the two beams are always in phase, and interferences
may be observed in the area where the two beams overlap.

Different methods can be used for splitting the light emitted by a single
source into two separate overlapping beams. For example, it can be achieved
by the use of two plane mirrors set up in such a fashion that there is a small
angle between their planes (Fresnel bi-mirrors). This arrangement is pictured
in Fig. 11-9. The two mirrors provide two virtual images of the source S, and
interferences can be observed in the shaded region where the two beams of
light emitted by the images intersect. At any given point P in this zone of
overlapping, there is enhancement or reduction of light intensity, depending



THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY
a4

FIG. 11:9. Fresnel bi-mirrors.
Mi and M2 plane mirrors
S source of light
Si and S2 images of the source of light S formed by mirrors Mi and M2

d difference between optical paths between point P and images Si and S2 respec-
tively

on the difference d between the optical paths from this point to the two
virtual sources of light Si and S2 If this difference is equal to zero, that is, if
the point is equidistant from both Si and S2 or if this difference is equal to
one wavelength or an integer times one wavelength (n\), then the radiations
from the sources Si and S2are in phase at the point P and there is reinforce-
ment of light. On the other hand, if the difference is equal to one-half of one
wavelength, or an odd number of half wavelengths, the beams are out of
phase and their interference results in depression of light.

The described experiment is carried out with monochromatic light. If a
polychromatic source of light is used, the extinction and reinforcement of
the light, which are dependent upon the wavelength, occur in different
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FIG. 11-10. Diffraction of light either by a sharp edge or by a slit.
S light source

positions for different wavelengths. In this manner the system provides a
method for the analysis of a polychromatic beam of light into its different
components; in other words, it provides a method for light spectroscopy.

The device most commonly used for high-resolution light spectroscopy is a
diffraction grating. The diffraction grating utilizes two properties of waves:
interference and diffraction.

Diffraction is the ability of waves to be bent or diffracted from their
original direction when they encounter the sharp edge of an absorber, or a
slit. In diffraction the edge of the absorber, or the slit, can be considered as a
secondary source emitting light in phase with the primary source, as shown
in Fig. 11-10.

Most often a diffraction grating is composed of a series of slits that are
used to diffract the light from the source to be analyzed. Technically, a
diffraction grating can be constructed in a variety of ways. The most impor-
tant consists in scribing a series of equally spaced parallel lines either on a
glass plate or on a mirror. The scratches are opaque to light while the areas



FIG. 11-11. Principle of a diffraction grating,

d difference in optical path length between beams diffracted by adjacent slits
6 angle of diffraction
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between them act as slits, either by transmission in the case of the glass
plate or by reflection in the case of the mirror. The scribed glass plate is
called a transmission diffraction grating, while the scribed mirror is called a
reflection diffraction grating. The number of lines per unit length is of the
order of 10,000 per centimeter for a good grating. The importance of this
factor will become apparent later in the text.

A diffraction grating (Fig. 11-11) functions as follows: A parallel beam of
light is directed against the grating. A certain portion of the light is un-
affected by the grating and travels in a straight line. The remainder of the
light is diffracted by the slits of the grating at different angles from the
original direction. The difference between the optical paths of two beams of
light diffracted by a given angle, 9, from the original direction of the light by
two adjacent slits of the grating is equal to d, as shown in Fig. 11-11. This
difference d is related to the angle of diffraction 9 and to the grating space
AB by the formula

d = AB sin 6.

Thus, the difference between the optical paths of light beams diffracted at
an angle 9 by two adjacent slits is constant for a given diffraction grating.
The difference in optical paths between a beam of light scattered at an
angle 9 and a beam of light scattered at the same angle but by a slit twice
removed from the first one is equal to twice this constant, and so on, and
the difference between the length of the optical paths of the beams of light
diffracted at a given angle is equal to an integer times that constant.

If the difference in the length of optical paths, d, is equal to the wave-
length X of the component of the light emitted by the source under study,
that particular wavelength is reinforced by interference in the direction 9,
while all the other wavelengths are reduced in intensity. On the other hand,
for another angle of diffraction, another wavelength is enhanced at the
expense of all the others, and so on. Therefore, the diffraction grating
analyzes polychromatic light into its components.

The apparatus used for the spectrometry of light by means of a diffraction
grating is shown in Fig. 11-12. It consists of the following elements: (1) the
source of light to be analyzed, (2) a lens that converts the divergent beam
of light emitted by the source into a parallel beam, (3) a grating, and (4) a
second lens that focuses all the rays of light impinging upon it at a given
angle to the same point. The light which passes through the diffraction
grating unaffected and which therefore is parallel to the axis of the two
lenses is then focused in the center of the image formed by the second lens.
All the other components of the beam of light that have been diffracted by
the grating are projected on both sides of the central unaffected ray at
angles that increase with increasing wavelength. Thus, red light, which has
a longer wavelength than blue light, is diffracted at a greater angle.

It should be noted that a diffraction grating provides several spectra. The
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first spectrum is obtained when the distance d between the paths of beams
scattered by two adjacent slits is equal to one wavelength, the second is
obtained when the distance is equal to two wavelengths, the third, to three
wavelengths, and so on. The first spectrum is called the first order spectrum,
the second, the second order spectrum, and so on. The resolution that can
be achieved by means of a diffraction grating is inversely proportional to
the distance AB between its slits. Indeed, the smaller the distance AB, the
greater the angle of diffraction for a given wavelength. The efficiency of an
optical grating can be expressed as the percentage of the impinging light
that is actually utilized in forming the different spectra. This efficiency
depends on the total number of lines in the grating.

Refraction, Reflection, Diffraction, and Interference of X-Rays. Early
after the discovery of x-rays, several similarities of this radiation with light
were noticed. Many experiments were carried out in an attempt to establish
further identity between the physical properties of x-rays and those of light.
Rontgen (Ref. 4) himself attempted unsuccessfully to observe the refraction
of x-rays by means of prisms made of various materials such as hard rubber,
aluminum, and water. The early attempts to observe diffraction patterns
obtained with x-rays passing through very narrow slits produced equivocal
results (Ref. 9).

The lack of success of the early experiments was due to inadequate
instrumentation rather than to faulty theory. Since then, interference,
diffraction, reflection, and refraction of x-rays have been successfully pro-
duced in the laboratory. In 1919, Stenstrom (Ref. 10), experimenting with
long-wavelength x-rays, found that their reflection from crystalline sugar
and gypsum did not obey Bragg’s law. He interpreted that failure as being
due to a partial refraction of the x-radiation in the crystal. Later, Duane and
Patterson (Ref. 11) and Siegbahn (Ref. 12) observed the same small dis-
crepancies in crystalline calcite. These experiments pointed to an index of
refraction for the employed crystals smaller than 1. Since the index of refrac-
tion of a substance for an electromagnetic radiation is equal to the velocity
of light in the vacuum divided by the velocity of propagation of that radia-
tion in the substance, an index of refraction smaller than 1 observed for
x-rays indicates therefore that this radiation travels in the substance with a
velocity greater than that of light.

On the basis of these results, Compton reasoned that total reflection could
be observed with x-rays, provided the angle between the radiation and
the reflecting surface is sufficiently small, almost glancing, “just as light in a
glass prism is totally reflected from a surface separating the glass from the
air if the light strikes the surface at a sufficiently sharp angle” (Ref. 9).
In 1923, Compton demonstrated experimentally the reflection of x-rays from
surfaces of glass and silver through angles of several minutes, and from these
experiments he deduced the index of refraction of the deflectors for the radia-
tion used (Ref. 13).
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Walter in 1924 (Ref. 14) and Rabinov in 1925 (Ref. 15), using extremely
thin slits and monochromatic x-rays, succeeded in obtaining excellent dif-
fraction patterns. The first spectral analysis of an x-ray beam by means of
dispersion in a prism was accomplished by Larsson, Siegbahn, and Waller in
1924 (Ref. 16). In these experiments the x-rays struck the prism at a glanc-
ing angle slightly greater than the critical angle for total reflection of the
radiation. The use of such small angles explained the success of these experi-
ments as compared to the earlier experiments, which were carried out with a
crystal prism set for minimum deviation. Later, in 1932, Kellstrom (Ref. 17)
obtained interference with x-rays by means of the classical Fresnel bi-mirror
used at very small angles. The angle between the mirrors was of 19.6 seconds
of arc, and the wavelength of the radiation used was 8.3 A. Further experi-
ments demonstrated abundantly that the reflection and the refraction of
x-rays are functions of the index of refraction and of the absorption in the
refracting medium, just as the reflection and the refraction of light are.

The focusing of x-rays by means of refraction by lenses, although possible,
is of little practical value because of the very small differences between the
indices of refraction of most substances for this radiation and the integer 1.
A similar situation prevails for the reflection of x-rays, which occurs with
such low efficiency and at such small angles that the use of mirrors for the
focusing of x-ray beams is not very efficient. Although focusing of x-ray
beams is used in bent crystal spectrometers, x-ray beams cannot be for prac-
tical purposes focused and are always either divergent or nearly parallel at
great distances from the source.

X-Ray Diffraction Spectrometry. Optical spectrometry resolves poly-
chromatic light into its monochromatic components either by means of a
prism or, if higher resolution is required, by means of a diffraction grating.
It may appear that either method can also be applied to the spectrometry of
x-radiation. Although the analysis of the polyenergetic x-ray beam into its
components by means of a prism has been achieved by Larsson, Siegbahn,
and Waller (Ref. 16), this method is of little practical value because of the
poor dispersion obtained.

The construction of a diffraction grating for x-ray spectrometry presents
the following technical problems: The design of a diffraction grating is
governed by the energy of the electromagnetic radiation to be analyzed; and
the width of the slits in the case of a transmission grating, or the width of
the reflecting surfaces in the case of a reflection grating, must be of the order
of magnitude of the wavelength of the radiation to be diffracted. Also, the

iffraction spacing must be of the same order of magnitude. If the grating
space is large with respect to the wavelength of the radiation to be analyzed,
t en the angle of diffraction is too small to be practical. An efficient diffrac-

ion grating for the spectral analysis of an x-ray beam in the 50 keV energy
range requires a grating composed of either extremely narrow slits or
ex remely narrow reflecting surfaces, separated by a distance of the order of
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e Sodium Atoms O Chlorine Atoms

FIG. 11-13. Crystalline structure of sodium chloride, showing atomic planes that
form natural diffraction gratings.

1 A. The construction of such a grating presents serious problems. It should
be noted, however, that conventional reflection-type diffraction gratings
have been successfully used in conjunction with x-rays by using them at an
extremely small angle. The glancing angle of irradiation is necessary in this
case, first, to achieve the reflection of x-rays, and second, to reduce the
apparent grating space.

The difficulty of constructing an efficient diffraction grating for x-rays
was circumvented when von Laue and his co-workers (Ref. 18) demon-
strated that crystals could be used as natural gratings for the diffraction of
x-rays. The atoms or molecules of organic or inorganic crystals are dis-
tributed in an orderly manner forming a series of different planes, which can
be defined as regions of space containing high concentrations of particles
(Ref. 19). These planes can be classified into different groups. All the planes
in one group contain the same arrangements of atoms, and they are parallel.
Planes belonging to different groups intersect each other at angles that are
characteristic of the crystal. Figure 11-13 shows the crystalline structure of
sodium chloride and two series of atomic planes. The crystalline planes are
nearly perfectly flat, and the distances between those of one group are
constant. However, distances vary both from crystal to crystal and for
different groups of planes within the same crystal. The order of magnitude
of these distances is about 1 A. A crystal may be regarded as a three-dimen-
sional diffraction grating with a grating space well suited for x-ray diffrac-
tion. The experimental test by von Laue of the usefulness of crystals as
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Diffraction
Planes

FIG. 11-14. Diffraction of x-rays by a crystal. The two beams will show reinforce-
ment of the radiation because difference in their lengths (BC + CD) is equal to nX
where n is an integer.

diffraction gratings was successful, and provided an extremely refined
method for x-ray spectrometry.

In x-ray diffraction spectrometry, crystals are used as reflection diffrac-
tion gratings. When a beam of x-rays impinges upon a crystal, the x-rays are
reflected by the different crystalline planes, as shown in Fig. 11-14. The
difference in length between the paths of rays diffracted by two adjacent
planes is equal to BC + CD, which in turn is equal to

2d sin 6.

If the difference in length BC + CD between the optical paths is equal to
the wavelength Xof the radiation or to Xtimes an integer n, so that

nX = 2d sin 6,

then the optical beams are in phase and the radiation diffracted by the two
adjacent planes is reinforced. Wavelengths other than X or n\ undergo
destructive interference for this angle. This relationship is called Bragg’s
law. A typical Bragg-type spectrometer is shown schematically in Fig. 11-15.

A plot of the intensity of radiation measured at an angle 6 versus the
angle 6 provides a spectral analysis of the beam of radiation impinging upon
the crystal. Although the Bragg spectrometer allows good resolution of soft
x-rays, it suffers from several deficiencies, particularly from: (1) a low resolv-
ing power for short wavelength radiation; (2) overlap of the direct beam of
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radiation and scattered radiation over the low wavelength spectrum; and
(3) low efficiency of the apparatus. The latter point can be clarified by a
comparison between the Bragg x-ray spectrometer and the optical grating
spectrometer shown in Fig. 11-12. The analysis of the electromagnetic radia-
tion is carried out in a similar fashion in the two spectrometers. However, in
the optical spectrometer the radiation diffracted by the entire grating is
utilized in the formation of the spectra by focusing the light diffracted by
each slit by means of a lens. In the Bragg spectrometer, only an extremely
small segment of the crystal is used in the analysis of the x-ray beam;
because lenses are practically inoperative with x-radiation, no gathering of
radiation is possible; and thus the efficiency of the system is drastically
reduced.

The above shortcomings of the Bragg spectrometers are partially cor-
rected in the curved (bent)-crystal diffraction spectrometers (Fig. 11-16).
In this family of instruments, the analyzing crystal is mechanically bent in
order to achieve a partial focusing of the beam of x-rays in a manner some-
what similar to that achieved by means of optical curved mirrors. Curved-
crystal x-ray spectrometers have been designed both for reflection operation
and transmission operation. These instruments, at this time, represent prob-
ably the most perfect x-ray diffraction spectrometers in the sense that they
embody both a relatively high efficiency and a very high resolution.

In conclusion, diffraction x-ray spectrometers provide an excellent method

FIG. 11-15. Bragg spectrometer.
source of x-rays
collimators
crystal
radiation detector
angle between beam of x-rays and surface of crystal
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Bent crystal

FIG. 11-16. Bent-crystal x-ray spectrometer.
Si and S2 different positions of source of x-rays
R radius of curvature of the crystal
Al and X2 wavelengths of x-rays

for the analysis of x-ray spectra. The main deficiencies of the diffraction
methods are: (1) low efficiency and (2) relative complexity of the apparatus.

Scintillation X-Ray Spectrometry

Scintillation spectrometry of x-rays is based on the property of certain
substances, particularly certain crystals, to convert the energy dissipated by
ionizing radiation within them into flashes of light; these substances are
usually referred to as phosphors. The intensity of the flash of light thus
generated is proportional to the amount of energy dissipated by the ionizing
radiation within the phosphor (Refs. 20 and 21). The theory of this process
is discussed in Chapter V1.

A scintillation spectrometer is composed of the following elements (Fig.
11-17): (1) a phosphor in which the energy of the impinging x-radiation is
converted into flashes of light; (2) a photomultiplier tube that converts the
light impinging upon it into electrical pulses that are proportional in ampli-
tude to the intensity of the light flash “seen” by the tube; and (3) a pulse
height discriminator, which is an electronic circuit capable of sorting elec-
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trical pulses according to their height. In addition to these fundamental
components, the operation of the photomultiplier tube also requires the use
of a highly regulated high-voltage power supply.

The scintillation spectrometer functions as follows: (1) An x-ray photon is
stopped within the phosphor, thus transferring its energy to the phosphor
material. (2) This energy is converted with a certain efficiency into a light
pulse of magnitude proportional to the energy of the impinging photon.
(3) The light thus emitted enters the photomultiplier tube and is converted
there into an electrical pulse proportional in height (usually measured in
volts) to the amount of light generated by the phosphor. (4) The electrical
pulse supplied by the photomultiplier is fed into the pulse height discrimi-
nator, which records the number of pulses and their heights.

A plot of the number of pulses provided by the pulse height discriminator
versus the height of the pulses corresponds to the spectral distribution of the
X-ray photons absorbed in the phosphor. It should be noted that if two
photons are absorbed simultaneously within the phosphor, the flash of light
produced corresponds in intensity to the sum of the energy of the photons
absorbed and is recorded by the pulse height discriminator as a single pulse,
which leads to a faulty concept of the energy carried by a single photon.
Such an occurrence, however, is rare if precautions are taken to carry out
scintillation spectrometry with relatively low-intensity x-ray beams.

Scintillation spectrometry requires that the photon energy be completely
dissipated within the phosphor. For that reason, a phosphor of high atomic
number is selected. The phosphor material most commonly used for x-ray
spectroscopy is sodium iodide activated with thallium. This phosphor is an
efficient scintillator that is relatively opaque to x-rays and converts a large
percentage of the ionizing radiation energy into light.
<Jhe_jnain advantage of scintillation spectrometers over diffraction spec-
trometers is their high efficiency. In a scintillation spectrometer each photon
stopped in the phosphor is utilized in the spectral analysis, and, in general,
the size of the phosphor is selected in such a fashion that the x-radiation to
be studied is absorbed within it with an efficiency of nearly 100%. In con-
trast, in a diffraction spectrometer, an infinitesimal fraction of the x-ray
photons striking the crystal is used in the spectral analysis, most of the
photons emitted by the source being wasted from the standpoint of the
analysis.

resolution of scintillation spectrometers is limited by several physical
factors, the most important ones being: (1) the light collection efficiency of
the phosphor; (2) the efficiency of the photo cathode; (3) the efficiency of
the collection of electrons in the photomultiplier tube; and (4) the lack of
inearity of the amplifier system used in the electronics of the apparatus. The
rrol™ioji gf the,be~t_sEintillation spectrometers is considerablv worse than

>jEatof diffraction r otr»matpr e

AScintillation spectrometers are difficult to use for low energy x-radiation
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J)elow approximately 10 keV because in that region the light pulses produced

in the phosphor compete with thermal noise in the photomultiplier tube,
and the latter tends to overshadow the signal fed to the tube. Nevertheless,
scintillation spectrometers are reliable and simple instruments *which are
very widely used in the analysis of x-ray spectra.

Other Methods of X-Ray Spectrometry

In addition to the above methods, x-ray spectrometry can and has been
carried out through the application of several other physical phenomena.
For example, proportional counters are widely used for the purpose. When
an x-ray photon dissipates energy within the sensitive volume of a propor-
tional counter, the magnitude of the electrical pulse subsequent to the dis-
charge of the proportional counter is proportional to the amount of energy
dissipated and, in turn, the pulse height distribution of such electrical pulses
can be obtained by means of an electronic analyzer identical to that used in
scintillation spectrometry. Proportional counters are particularly useful for
the spectrometry of low-energy x-rays.

Another method of x-ray spectrometry is based on the fact that when
X-rays interact with matter their energy is transferred to electrons. The
energy distribution of these electrons can be studied by means of magnetic
spectrometers, and the spectral distribution of the primary photons can be
deduced from the electron spectrum thus obtained. This method has been
extensively used in the spectrometry of gamma rays but is of little conse-
quence in x-ray spectrometry (Ref. 20). More recently, very high resolution
lithium-drifted germanium solid-state x-ray spectrometers have been devel-
oped (Ref. 22).

X-Ray Spectroscopic Analysis of Matter

The diffraction of x-rays by matter provides an excellent method for the
determination of both the interspace between the planes containing the
molecules or atoms of the substance to be analyzed and the direction of these
planes. A typical arrangement for such a study is shown in Fig. 11-18. It is
similar to the original arrangement used by von Laue to show x-ray diffrac-
tion. The image obtained by that method on a photographic plate is shown
in Fig. 11-19. Such a pattern is referred to as Laue spots. The pattern of the
spots was interpreted by Bragg as being the reflection of the incident beam
of x-rays by the crystalline planes. The interpretation of the position and
intensity of the spets allows a very accurate determination of the distribu-
tion and pattern of the molecules within a particular solid.

X-ray diffraction has become a very powerful tool in the study of solid
states. The method is particularly important in the study of the molecular
structure of biologic systems. It should be noted that x-ray diffraction is now



FIG. 11-18. Apparatus for study of crystals by diffraction of x-rays.
S source of x-rays X crystal
C collimator P photographic film
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FIG. 11-19. Laue diffraction pattern obtained by method illustrated in Fig. 11-18.
(Courtesy of Picker X-Ray Corporation.)

probably much more important as an analytic tool in the study of matter
and in chemical analysis than as a method for x-ray spectrometry.

Analysis by x-ray spectroscopy is similar to that by optical spectrometry
in the sense that it consists of the determination of either.the absorption
(attenuation) of x-radiation by the sample to be analyzed or the emission of
the x-radiation spectrum of the sample. Thus, two forms of x-ray spectro-
scopic analysis are used: attenuation analysis and emission or fluorescence
analysis.

Attenuation analysis is based on the strong dependence of the attenuation
of x-radiation at a given energy on the atomic number of the absorber
(Chapter Il1). In this application the x-ray diffraction apparatus is used in
a manner similar to the optical monochromator in optical spectrometry.

Emission or x-ray fluorescence analysis consists in exposing the sample
to be analyzed to polychromatic x-rays and in studying the spectral distri-
bution of the x-ray radiation re-emitted as fluorescence radiation, which is
characteristic of the composition of the irradiated sample (Chapter II1).
An x-ray diffraction spectrometer used in the determination of the spectral
distribution of fluorescent radiation is shown in Figs. 11-20 and 11-21.

X-ray spectroscopic analysis is an accurate and sensitive method for the
determination of the elemental composition of the unknown sample (Fig.
11-22). The method differs from optical spectroscopic analysis in two main
respects: (1) The x-ray method provides the analysis of the elements present
in the sample. It is unaffected by their chemical bonds. (2) The x-ray method
is nondestructive for samples not affected by x-rays.



FIG. 11-20 (Legend on opposite page).



FIGS. 11-20and 11-21.  Picker Spectrodiffractometer for x-ray fluorescence analysis
and diffraction techniques.

A diffraction x-ray tube

B spectroscopy x-ray tube

c flat sample holder for diffraction, and analyzing crystal holder for spectroscopy
(shown with a helium chamber in place)

D sample chamber for spectroscopy

E diffraction incident-beam collimator and slit support

F beam tunnel

G diffracted beam collimator and slit support for diffraction, and soller slit support
for spectroscopy

H radiation detector

I high speed motor and clutch

J angle encoder for automatic operation

OCourtesy of Picker X-Ray Corporation.)

FIG. 11-21.
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(111) INTERACTION OF X-RAYS
WITH MATTER

ATTENUATION OF AN X-RAY BEAM BY MATTER

The interaction of x-rays with matter at the atomic and subatomic levels
can be explained only by assuming the corpuscular nature of this radiation.
The wave nature of the x-radiation clarifies only a few of the phenomena
involved in the exchange of energy between this radiation and matter.

A beam of x-rays impinging upon any form of matter is attenuated. This
attenuation consists in the removal of x-ray photons from the beam by two
processes: (1) absorption of the photons in matter, and (2) scattering of the
photons out of the beam. Absorption of an x-ray photon by matter consists
in the transfer of the total energy carried by the photon to the absorber;
after such an interaction the x-ray photon ceases to exist as such. Scattering
of an x-ray photon by matter consists in the deflection of the photon from
its original direction; in general, this interaction results in the transfer of
some of the energy carried by the photon to the absorber.

Both absorption and scattering result in the exchange of energy between
the radiation and the matter encountered and subsequent depletion of the
energy of the x-ray beam. The study of this interaction can be divided into
two areas: (1) determination of the mathematical relationship governing
the attenuation of a beam of x-rays impinging upon an absorber, and (2)
qualitative and quantitative study of the physical phenomena involved in
the exchange of energy between the x-ray photons and the absorber. This
division into two categories is legitimate because of the fact that the equa-
tion governing the depletion of an x-ray beam traversing matter can be
derived statistically without the knowledge of the physical interactions
involved between the photons and the absorber.

Exponential Attenuation of X-Rays

The derivation of the mathematical equation relating the attenuation of a
beam of x-rays to the amount of matter traversed can be derived statisti-
cally by making the following four assumptions:

64
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1. A beam of x-rays is composed of small particles (photons).

2. From the standpoint of interactions with photons, matter is composed
of discrete particles separated by distances large with respect to the size of
these particles. In other words, the assumption is made that a photon may
either interact with a particle of matter or slip unaffected between these
particles.

3. The interaction between an x-ray photon and a particle of matter does
not affect the other photons in the beam. It should be noted that at this
point no assumption is made as to the nature of the particles composing the
absorber. These particles can be either molecules, atoms, electrons, or nuclei.
Furthermore, no assumption is made as to the uniformity of the particles
encountered. Thus, interactions between photons and matter could occur at
the molecular, atomic, electronic, or nuclear levels simultaneously, without
affecting the validity of the derivation of the mathematical expression
governing the attenuation of the x-ray beam.

4. The interaction between a photon and one of the particles of matter
results in the removal of the photon from the beam either by scattering or
by absorption.

The first assumption is supported by our understanding of the corpuscular
nature of x-rays. The second assumption is suppor ed by the experimental
observation that in a beam of x-rays directed against an absorber, a certain
number of photons are able to traverse the absorber unaffected. Thus, any
absorber must exhibit a certain number of “holes” as far as the x-radiation
is concerned and is not comparable to a homogeneous impenetrable shield.
The third assumption is merely a statement of the fact that the life history
of each x-ray photon is independent of the others, and that the photons are
not connected by any forces and should be treated as independent particles.
Finally, the fourth assumption is derived from experimental observations
showing that if a photon interacts with a particle of matter, the exchange of
energy involved results either in the removal of the photon from the beam
by absorption or in its deflection from its original direction. The situation
where a photon loses its energy to an absorber without deflection from its
original direction does not occur.

The picture presented by the above assumptions can be visualized as alarge
number of particles emitted in a beam and directed againstanetwork of other
particles in such a fashion that the distances between the absorber particles
are large with respect to the physical dimensions of either particles involved.

Under these assumptions, the number of interactions occurring between
the photons in an x-ray beam and the matter particles in a given thickness
of absorbing material is proportional to the number of photons impinging
upon the absorber. This can be expressed mathematically by

AN
N

= —aAx.
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The greek letter Aplaced before a number indicates a change in that number.
In this formula, AN denotes-the number of photons interacting, and there-
fore removed from the beam, in the absorber of thickness Ax, N is the
number of photons impinging upon the absorber; and n is a constant. The
minus sign is introduced in the formula to indicate that the interactions
result in the removal of the photons from the beam. The above equation

can also be written as

where AN/N represents the number of photons removed from the beam per
incident photon for each thickness increment Ax in which the interaction
takes place. This equation expresses the fact that the fraction of photons
rpmrwprl frr. ™ thp hpam ppr unit, thickness of absorbing material is constant
and is eaualLtQ-a—

The dimensions of the constant n can easily be obtained from Equation
(1); AN/N is a ratio of two numbers with the same dimensions and is there-
fore dimensionless; Ax is expressed in units of length. Therefore, dimension-
ally & is expressed as 1/length, or “per unit length,” or length-1. If we
assume that the thickness of the absorber is equal to 1 unit of length, the
physical meaning of /zbecomes apparent as that fraction of photons removed
from the beam by 1 unit length of absorber. The constant n is called the
linear attenuation coefficient for x-ravsuand, as will be shown later, it
depends both on the nature of thp absorber and on the energy of the radia-
tion used.

The above expression relating the attenuation AN of the x-ray beam to the
thickness of the absorber Ax is valid only if the thickness of the absorber Ax
does not alter appreciably the number of photons N in the x-ray beam. This
condition is fulfilled only if Ax is very small. A real absorber does not fulfill
this requirement and it can be visualized as a stack of a large number of
layers each with a very small thickness, Ax. Equation (1) applies to each one
of the layers, but the number of photons N impinging on each successive
layer is gradually reduced by the previous layers. The fraction of photons
removed from the beam is, however, constant in each one of the layers Ax.
Thus, for example, if the first layer Ax attenuates the beam by 10%, 90%
of the remaining photons impinge upon the second layer, which again
attenuates the beam by 10%, thus removing 9% of the original photons and
allowing 81% of the original photons to impinge upon the third layer Ax
The latter in turn attenuates the beam by another 10%, equal to 8.1% of
the original beam, and so on. It should be noted that this calculation is valid
only if the layer Ax is made infinitely thin in such a fashion that there is no
variation in the number of photons traversing Ax.

The total attenuation of an x-ray beam by an absorber of finite thickness
x can be calculated by dividing this absorber into an extremely large number

AN
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of very thin layers, and by carrying out the summation of the attenuation
achieved by each one of these layers. This is accomplished by integrating
the expression dN/dx = —/iN as follows:

The integration of the number of photons is carried out from No, which is
the number of photons impinging upon the absorber, to N, the number of
photons emerging from the absorber; and the integration of dx is carried
out from 0 to .t, which is the thickness of the absorber under consideration.
The result of this integration is the equation

N = NOe-"x. 2)

In this equation, which shows the relationship between the attenuation of
an x-ray beam by an absorber of thickness x and the linear attenuation
coefficient n for the radiation and the material under consideration, e is the
base of natural logarithms which is a constant approximately equal to 2.718.
The equation can be represented graphically with Cartesian coordinates by
plotting the number of photons N along the vertical axis (ordinate) and the
absorber thickness x along the horizontal (abscissa), as shown in Fig. 111-I.
The curve thus obtained is exponential in nature and its shape merely
reflects the fact that x-rays are attenuated in matter at a constant rate.
A discussion of the influence of the attenuation coefficient upon the slope
of the exponential curve is found in Chapter Il, under “Attenuation
Spectrometry.”

If Equation (2) is plotted with semilogarithmic coordinates in such a
fashion that the logarithm of N is plotted versus x, then the resulting curve
is a straight line, as shown in Fig. 111-2. This representation is convenient in
many applications.

Half-Value Layer (HVL)

The half-value layer is a constant that characterizes conveniently the
attenuation of a beam of x-rays in a given absorber. This constant, often
symbolized by is equal to the amount of absorber required to reduce-the
number of x-rav photons passing through it to one-half. Most commonly the
amount of absorber is expressed-asThickness, and the dimensions oLthgJialf-
value layer are those of length, such as millimeters.*centimetere,--inches, or
other units of length. Under certain circumstances, when the amount of
material interposed in the path of a beam of x-rays is expressed as mass per
unit area (g/cm2 or number of atoms per unit area (atoms/cm2, then the
half-value layer is also expressed in these units (see under “Attenuation
Coefficients”).

The relation between the half-value layer and the attenuation coefficient
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100

AMOUNT OF ABSORBER x (ARBITRARY UNITS)

FIG. 111-1 Attenuation of monoenergetic photons in matter
(linear plot of N = N e /*.

can be determined as follows: The attenuation of a beam of x-rays in a given
absorber, expressed by Equation (2), can be rewritten

N
An

where the ratio N/ N Ois equal to the attenuation of the x-ray beam.
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If the amount x of absorber interposed in the path of the beam is equal to
one half-value layer (Tw), the attenuation N/NOis equal to 3* and the
equation can be written

I - e-T»* (3

By taking the logarithm to the base e of both sides of Equation (3) it

FIG. 1112 Attenuation of monoenergetic photons in matter
(semilogarithmic plot of N = Noe-*1).
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becomes

loge “ = log, e.

By definition, logee = 1. Therefore, the above equation becomes

loge- =
or
loge2 = + m?V
loge2 =-70.693;
therefore,
0.693)
T» , (4)

jyhj*h if3fMp rplat.innship between A_u-and-"

Thp int.prpnsitinn in the path of aifx-ray beam of one half-value layer of
absorber attenuates it by a factor of 2. Two half-value layers result in an
attenuation by a factor of 4, three half-value layers, by a factor of 8. and so
on. The attenuaUoiLiactor-"btained with n half-value .layers is equal to

The mean free path 9 of a beam of x-ray photons in a given absorber is
defined as the mean distance traveled by one photon before it undergoes
one interaction, and is equal to the reciprocal of the attenuation coefficient :

0= - (5)

Since from Equation (4) n is equal to 0.693/T”", the mean free path is equal
to the half-value layer divided by 0.693 or multiplied by the reciprocal of
0.693, which is 1.45. Therefore,

A Q=THX 145, j (6)
Attenuation Coefficients

In the above discussion, the amount of material placed in the path of an
x-ray beam is expressed in terms of the thickness of the material present.
Under certain circumstances, it is more convenient to express the quantity
of an absorber in units other than length. For example, the method of
expressing the amount of absorber as mass per unit area (g/cm2or Ib/in.2
presents several advantages. In particular. iTellminates the need for qualify-
ing the physical form of the absorber. Thus, if water is used as an absorber,
Jrgivenumber of grams per square centimeter of water is equivalent to the
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same number of grams per square centimeter of steam although the thick-
nesses of the two absorbers differ considerably. Another advantage of this
method of expression is derived from the fact that for high-energy x-radia-
tion, the attenuation is nearly independent of the atomic number and
depends only on tha-mass-of .material traversed: for practical purposes a
given nnmher_of-grams per square oentimeter of lead is equivalent, from the
attenuation standpoint, to the same number of grams per square centimeter
of aluminum or of any other material, although the equivalent thicknesses
of these materials vary considerably. In other applications it may be con-
venient to express the amount of absorber in electrons or in atoms per square
centimeter.

If the amount of the abKorhp.r is nvprpssed in certain units, the cor-
responding attenuation coefficient is expressed in reciprocal units. Thus, if
the amount of absorber is expressed in centimeters of thickness (length), for
example, the corresponding absorption coefficient is called linear attenuation
coefficient and is expressed in cm-1 units. If the amount of material is
expressed as mass per unit area, for example in g/cm2 the corresponding
attenuation coefficient will be expressed in cm2g. The different attenuation
coefficients commonly used are listed in Table I11-1.

TABLE 111-1 X-Ray Attenuation Coefficients

Units of Units of
Units of attenuation half-value
absorber coefficient*1 layer
length: linear (n)
(cm) (cm-1) cm
mass per unit area: mass [i/l 1
(g/em3 (cm2g) g/cm2

. Loon_\
number of electrons electronic Q_ -NTJ)
per unit area: P

(electrons/cm? (cmZ2electron) electrons/cm2
*
number of atoms oo ( 7z A
per unit area; at®miC (p N .)
' (cm2atom) atoms/cm?2

(atoms/cm?2

*No = number of electrons per gram; Z = atomic number of ab-
sorber; and p = density of absorber.
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The reason for expressing the attenuation coefficient in units that are
reciprocals of the units used-for measuring the amount of absorber is readily

apparent from Equation (2):
N = NOen" or — = «>"
Vo

Both sides of any equation must be expressed in the same units, otherwise
the equation is meaningless. The ratio N/No is a pure number, it is dimen-
sionless. Therefore, to balance this equation, the expression e-"™ must also
be dimensionless. Since x is expressed in the units used for the amount of
absorber, the attenuation coefficient n must be expressed in reciprocal units
in such a fashion as to render their product dimensionless.

The half-value layer of an absorber for a given x-radiation is expressed in
the units used for the amount of absorber interposed. Thus, if the absorber
thickness is measured in units of length, the half-value layer will be meas-
ured in units of length. If the amount of absorber is measured in g/cm?2 the
half-value layer is expressed in g/cm2 and so on (see Table I11-1).

X-RAYS AND PARTICLES OF MATTER

The interaction of x-rays with matter takes place at a submolecular level
because the forces which bind atoms together within a molecule are too weak
to intervene in these interactions. Thus, x-rays interact orily with atom0"
electrons, and nuclei. An absorber attenuates an x-ray beam identically
whether it is composed of a mixture of atoms or whether the same atoms are
bound within the absorber to form chemical compounds. In any problem
involving the interaction of x-rays with matter it is sufficient to specify the
atomic mixture of the form of matter studied, disregarding its molecular
composition. In some forms of interactions even the atomic composition of
the absorber may become unimportant, and a given absorber may be ade-
quately defined by the number of electrons per unit volume, regardless of
the forces involved in binding these electrons together and the nuclear
charges involved. In general terms, x-ray photons interact with particles of
matter at a scale that is determined both by the size of the particle and
the energy of the x-ray photon. Thus, low-energy x-ray photons may interact
with an atom as a whole; higher energy photons will have a greater tendency
to interact with tightly bound electrons in inner electronic shells; and,
finally, the interaction of very high energy photons takes place at the
nuclear level. It should be noted that this rule contains a number of what
may appear to be glaring contradictions. They are not exceptions to the
rule, but their explanation is outside the scope of this text.

Interaction of X-Rays with Atoms, or Coherent Scattering
of X-Rays (Thomson Effect)

interaction of an x-ray photon with a whole atom results in the
ion o the direction of travel of the photon, or scattering of the
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photon from its original direction, without loss of energy to the atom (Fig.
[11-3). Cghgrgnt scattering (Thomson scattering) is also referred to as
classical scattering because it can he completely explained on the basis of
the classical theory of electromagnetic radiation, which does not embody
the corpuscular nature of x-radiation. In this form of interaction the x-ray
-wiMWP t.rangfpr.g anfirgy tn flip al.nm) wWVi is thereby set, into vibration and
re-emits electromagnetic radiation in phase and equal in energy with the
incident radiation (therefore called “eoherent,” radiation) but deflected from
its original direction. This form of re-emission of radiation is very similar to
the emission of radio waves by an antenna in which the electrons are set in
vibrational motion and emit electromagnetic radiation. Coherent scattering
can take place only if the wavelength of the_electromagnetic radiation is of
"The same order of magnitude as tbp atomic. rlimpnsirms2*SincgThe~~diameter
of an atom is of the order of 10~8 cm, as shown in Chapter I, coTjefent
scatterin™ tafes plalle®bhly for x-ray photons with an energy of the order of
N "a few Kkiloelectrpn volts, and is consequently unimportant in diagnostic
j roentgenology.
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It should be noted that the manifestations that establish the wave nature
of  ays, suchTas7eflection, refraction, diffraction, and polarization, are due
to coherent scattering. AlTotherforms of interaction~dT~x-rays with matter
require the use of the corpuscular concept of electromagneT!c~fadiata©OfiST~

Interaction of X-Rays with Electrons

Photoelectric Effect. The photoelectric effect consists of the interaction
of an x-ray photon with an electron tightly bound in an atom and is usually

FIG. 1114 Photoelectric effect.

PHOTOELECTRON

CHARACTERISTIC
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accompanied bv the emission of an x-ray .photon p.haracteristic of the
absorber (Fig. I11-4). This interaction results in the~absorption of the
photon, in the sense that all of its energy is transferred to the electron and
the photon ceases to exist as such. The energy hn transferred from the
photon to the electron is divided into two parts: (i) the energy WOrequired
to overcome the binding energy of the electron and to free it from its shell,
and (2) the remaining energy Akin, which is carried away by the ejected
electron in the form of kinetic energy. This transfer of energy can be de-
scribed by the equation

hn = Ftin + Wo, (7)

where h is Planck’s constant and n is the frequency of the x-radiation.
Eventually, the kinetic energy of the electron is dissipated in matter, usually
away from the atom where the photoelectric effect took place.

A photoelectric interaction can take place in a given atomic shell only if
the energy of the incident photon is sufficient to overcome the binding
energy of the electron in the shell under consideration. The removal of the
electron from its atomic shell by photoelectric effect results in the creation
of a vacancy in the shell. This vacancy is filled in a very short period of time
by an electron falling into it usually from the next shell. In turn, the newly
created vacancy in the following shell is replenished from the next shell, and
so on (see Fig. I11-4),,This process is identical in all points to the replenish-
ment of an electron shell vacancy created by the ejection of an electron by
electron collision, as described in Chapter Il. The cascade-type replenish-
ment of electronic shells following a photoelectric interaction results in the
emission of the x-radiation characteristic (sometimes called fluorescent
radiation) of the shell and atom under consideration.

The probability for an impinging photon to undergo photoelectric inter-
action with an absorbeTRepends on the energy~of~the photon ancToiTthe
atomic composition of the absorber. Photoelectric interaction occurs with a,
particularly high probability when the energy of the impinging photon is
just sufficient to eject an electron from the shell in which the interaction
takes place. A graphic representation of the probability of the photoelectric
effectto occur in various absorbers as a function of x-ray photon energy
‘exhibits a series of discontinuities corresponding to the binding energies of
The electronic shells of the atoms of the absorber (Fig. 111-5).

The probability for a photoelectric interaction to occur also varies with
the following three variables: (1) It varies with (hn)~N (except in the
vicinity of an orbital absorption edge), where hn is the interacting photon
energy and A is a number that changes slowly with the atomic number Z of
the absorber and with photon energy. In the diagnostic energy range, and
for low-Z absorbers, N is equal to about 3 (Ref. 1). (2) The probability,
per electron, is approximately proportional to Z3 Since an atom contains Z
electrons, the photoelectric effect per atom is proportional to Z4 (3) The
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FIG. 1115, Photoelectric cross sections for carbon, oxygen, iodine, and lead.
(For a definition of cross section see footnote to page 84.)

probability for a photoelectric interaction to occur is greater in a tightly

bound shell than in a shell with a lower binding energy. With photons carryr,

ing sufficient energy to dislodge an electron from the K shell of an atom,

?Igp;oxli)mately 80% of the photoelectric interactions take place in that shell
ef. 1).

It is apparent from the above that the photoelectric effect occurs with
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high probability for low energy photons and in high atomic-number elements.

A photoelectric interaction is usually accompanied by the emission of
x-rays characteristic of the absorbing medium. If the atomic number of the
absorber is low, the energy of the characteristic radiation is also low, and
the photon thus emitted is usually absorbed in the immediate vicinity of the
absorbing atom. On the other hand, if the atomic number of the absorber is
high, the energy of the characteristic radiation is also high and these photons
may travel to great distances away from the original absorbing atom.

The direction of travel of the ejected electron (photoelectron) with respect
to that of a photon undergoing a photoelectric interaction depends on the
energy carried by the electron. If the energy of the photoelectron is low,
then it is emitted predominantly at right angles with respect to the direction
of the incident photon. As the energy carried by the electron increases, it
tqnds to be emitted at smaller angles with respect to the photon.

)\uger Effect and Fluorescence Yield. The energy expended by a photon
undergoing a photoelectric interaction in dislodging the photoelectron from
its shell is not always emitted in the form of characteristic radiation photons.
Instead, this energy may be utilized in ejecting an electron from a shell of
lower binding energy. Usually, if a photoelectric interaction occurs in the
K-shell of an atom, the vacancy in that shell is filled by an L electron, and
the energy thus available, which is equal to the difference between the bind-
ing energies of the K- and L-shells is emitted as a photon. Sometimes, this
energy may be utilized to dislodge another electron from the L-shell or
another shell of lower binding energy. The electron thus ejected from the
L-shell and escaping the atom is referred to as an Auger electron. -The
kinetic energy of such an electron is equal to the difference between the
binding energies of the K- and L-shells of the atom under consideration
minus the binding energy of the shell from which it originated, the latter_
being the energy expended to dislodge the Auger electron from its shell. The
emission of an Auger electron can be visualized as a photoelectric interaction
"between the characteristic radiation emitted by an atom and an electron
contained in one of the outer shells of the same atom. It should be noted,
however, that this picture is not strictly true, in the sense that no character-
istic photon is created in such a transition. The Auger effect always com-
petes with the emission of the characteristic radiation.

The ratio of the number of characteristic radiation photons emitted byua
given shell to the number of x-ray photons absorbed by photoelectric effect
ii~called the fluorescence yield for the shell under consideration. The fluor-
escence yield is a number smaller than one because of the competition
between characteristic radiation emission and Auger electron emission.
Typical values of the fluorescence yield for various elements in the K-shell
.are shown in Table I11-2.

Im Gompton Effect. The Compton effect consists of the interaction between
AN-an Xx-ray photon and eitherji free electron or an electron loosely bound in one
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TABLE 1112 Fluorescence Yield in the K-Shell

Fluorescence

Element VA yield aK
Sulfur 16 0.049
Calcium 20 0.120
Nickel 28 0.359
Molybdenum 42 0.733
lodine 53 0.863
Tungsten 74 0.945
Uranium 92 0.963

From Wapstra, Nijgh, and van Lieshout (Ref. 2).

of the nntpr shellrnf an atom. Tn a Compton interaction the law of conserva-
tion of momentum does not allow the transfer of the total energy carried by
the photon to the electron. (It should be noted that in the case of a photo-
electric interaction, total transfer of energy from a photon to an electron
is made possible because of transfer of momentum to a third particle,
namely, the atom in which the struck electron is bound.) Thus, the Compton
interaction consists in the deflection or scattering of the impinging photon
from its original direction, with loss of some energy which is gained by the
recoiling electron.

The Compton interaction is represented in Fig. I11-6. The loss of energy
suffered by the interacting photon, which is equal to the energy gained by
the electron, is governed by the angle of scattering. The mathematical rela-
tionship between these quantities is obtained by an approach identical with
that to the study of the behavior of two colliding balls. In both cases, the
relationship between the angle of scattering and the amount of energy
transferred from one particle to the other is obtained by equating the energy
and the momentum of both particles before and after collision. The funda-
mental difference between the Compton interaction and the collision between
a moving and a stationary ball stems from the fact that the balls possess
mass, whereas in the case of the Compton interaction the moving photon
does not possess mass although it carries both energy and momentum; other-
wise, the behavior of both the recoiling electron and the scattered photon is
parallel to the situation encountered in the collision of two balls. Thus, if the
photon interacts “head-on” with the electron, the photon is “scattered”
back in its original direction and the electron is projected forward. In such a
collision the photon suffers maximum energy loss. On the other hand, if the
collision is of the “glancing” type, very little energy is transferred to the
e ectron, which recoils at right angles from the original direction of the
p oton, and the scattered photon continues almost in a straight line with
its original direction. Between these two extreme cases there is an infinite
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FIG. 1116, Compton effect.
9 angle of photon scattering
tp angle of recoil electron

number of angles of scattering, each one of them resulting in the recoil of an
electron at a well-defined angle and carrying a well-defined energy (Fig.
11-7).

The equations relating the variables in a Compton interaction are:

1. Change in wavelength as a function of the angle of scattering:

X — X = AX (in angstroms) = 0.0241(1 — cos 6) (8)

where X = wavelength of incident photon, X = wavelengthofscattered
photon, and 9 = angle of scattering (Fig. 111-6).

2. Relation between the angle of scattering and the angle of the recoil
electron:

@e=(1+olri)tab ©)

where ¢ = angle of recoil electron and hn = energy of impingingphoton in
MeV.

The maximum and minimum transfer of energy from the photon to the
electron can be obtained from Equation (8): AXassumes its maximum value
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FIG. 111-7. Relationship in a Compton interaction between angle of scattering and
energy transferred to the electron.

when the expression (1 — cos 0) is maximum. Since the cosine of an angle
varies only between +1 and —1, (1 —cos0) takes a maximum value
when cos 0 is equal to —1, which occurs for 0 = 180 degrees. Thus, there
iIs maximum transfer of energy from the photon to the electron when the
photon is scattered back and the electron travels in the forward direction.
Under these circumstances the maximum change in wavelength, AX is equal
to 2 X 0.0241 = 0.0482 A. Conversely, the minimum transfer of energy
occurs when the expression (1 —cos 0) is equal to zero. This occurs when
cos Ois equal to 1, or when 0 = 0 degrees. Under these circumstances, AXis
equal to zero, and therefore there is no transfer of energy from the photon to
the electron.

An interesting consequence of Equation (8) is that the maximum change
in wavelength, AX experienced by the impinging photon (0.0482 A) is inde-
pendent of the energy of the impinging photon. If the wavelength of the
impinging photon is long with respect to 0.0482 A (tin < 50 keV, for
example), the maximum change in wavelength represents only a small per-
centage of the energy carried by the photon, and the recoiling electron
receives comparatively little energy. Under these circumstances, the scat-
tered radiation differs only slightly in energy from the impinging photon.
On the other hand, with impinging photons of increasing energy (reduced
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Differential Cross Section for
Thomson and Compton Scattering
of X-Rays, as a Function of the

Angle of Scattering (©) 0

(1)-'-'o MeV (Thomson)
(2) ai 0.05 MeV (Compton)
(3)a/ 0.5 MeV
(4) \j 2.0 MeV

FIG. 111-8 Angular distribution of scattered photons.
{Adapted from Davisson, Ref. 4-)

wavelengths), the value 0.0482 becomes proportionally more important;
and, at higher energies {hn > 100 keV), a large percentage of the energy of
the impinging photon is transferred to the recoiling electron. Table I11-3
gives the maximum energy that can be transferred by x-ray photons of 1o,
50, 100, and 500 keV, and 1 and 10 MeV to the recoil electron by Compton
interaction.

As the energy of photons undergoing a Compton interaction increases, the
energy of the radiation scattered at large angles approaches constant values,
which are 0.511 and 0.260 MeV for 90- and 180-degree scattered photons,
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respectively. From Equation (s)

AXD= X - X= 00241 A
AXI& = X —X = 0.0482 A,

If the wavelength of the impinging photon, X decreases with respect to AX,
then X approaches AX and

f X < AX 1MOP—*AXsoo = 0.0241 A (hn = 0.511 MeV)
°r “ ( X'iso>-* AXism = 0.0482 A (hn = 0.260 MeV).

The angular distribution of scattered photons by Compton effect is given
in Fig. Il1-s. It is apparent that for relatively low energies the photons are
scattered almost isotropically, with a minimum number of photons scattered
at 90 degrees and with about the same number of photons scattered at 0 and
at 180 degrees. As the energy of the photons increases, forward scattering
increases.

Because the Compton effect is an interaction involving a free or loosely

FIG. 1119 Electronic cross section for Compton interactions as a function of
photon energy. (Adapted from Davisson, Ref. 4-)
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bound electron, this interaction depends only on the number of electrons in

and it is unaffected, ver electron, by the atomic number of the

-7Jt0TT1 thft ~weRtron7~Since the _number oXjelectrons per ~a™onr t
~NruaTt<An the Compton effect per atom is proportional to
TCTAffiHTnumber. The probability of the Compton effect to occur decreases
'7T"the _enersv of the interacting photon increases. Figure 111-91s a plot of
mfge cfbss_ieetion™”r_Compton interactions per electron as a function of

photon energy.

Interaction of X-Ray Photons with Nuclei

(J\)?a\r and Triplet Production. Pair production is the conversion of the
energy of an x-ray photon into matter. This phenomenon is a form of inter-
action of x-ray photons with matter because it occurs only in the vicinity of
a nucleus. There is an exchange of momentum and of a small amount of
energy between the photon and the absorber.

Energy can be converted into matter, as was discussed in Chapter I.
Pair production occurs when a high energy photon travels sufficiently close
to a nucleus to interact with it. In this interaction the energy of the photon
is converted into two electrons—one negatively charged and the other
(positron) positively~cfiafged. Inasmue”fi*s”lteFtheinteraction the photon
ceases to exist, this interaction is also a form of absorption of x-rays (Fig.
111-10).

Pair production can nccnr only if the energy carried by the photon is
sufficiently high for the creation of two electrons. The mass of one electron™’
at rest is equivalent-to an energy of approximately 0.511 MeV (see Chapter
I, under “Mass-Energy Equivalence”). Thus, the creation of two electrons
requires the interacting photon to carry an energy of at least 1.022 MeV.
Since a photorT does not carry an electrical charge, the creation of a nega”
tively charged electron, by pair production, requires the creation of a posi-
tron to counterbalance the charge thus created.

Pair production cannot take place in free space because the presence of a
nucleus is necessary for conservation of momentum. Indeed, conservation
of momentum is not achieved between the photon and the two electrons
created, and part of the momentum carried by the photon is taken up by
the nucleus. There is no known mathematical relation between the angles
formed by the negative and positive electrons because of the fact that the
equation for such a relation includes the momentum acquired by the
nucleus, which is unknown.

J j™ snergy of a photon undergoing pair production exceeds the energy

1The cross section is a measure of the probability of an interaction between two bodies;
i is expressed as the effective area presented by a target. The target may be an electron,
?P °t°n>a nucleus, an atom, or some other particle. (In the case of the Compton effect,

e arget is an electron.) The projectile impinging upon the target may be a particle or,
as is e case in the Compton effect, a photon. The cross section is measured in units of
area, usually cm2, the unit of cross section is the barn, which is equal to 10-24 cm2
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(NEGATIVE
ELECTRON)

PHOTON

(POSITIVE
ELECTRON)

€- (RECOIL
ELECTRON)

e

FIG. 111-10. Pair and triplet production.

_required for the formation of the two electrons, the excess energy is shared
by the two new electrons as kinetic*energy. The energy acquired by the
interacting nucleus is negligibly small because of its large mass compared to
that of the electron. For all practical purposes the energy of the interacting
photon is divided between the 1.022 MeV required for the formation of the
two electrons and their kinetic energies.

The energy threshold for pair production, as stated, is 1.022 MeV, and
the probability of this process to occur increases with increasing photon
energy, as shown in Fig. I11-11.

The conversion of photon energy into matter may also occur in the
vicinity of an electron. The process is referred to as triplet production (Fig.

/ 111-10) because the interacting electron is also set in motion along with the
other two electrons formed in the process. The energy threshold for triplet
Aproduction is 2.044 MeV—twice as high as for pair production.

In contrast, with the photoelectric and Compton effects, the probability of
both pair or triplet production to occur increases with increasing”photon
energy and is proportional to the square of~The—~atomic number of the _
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FIG. Ill-l 1.  Cross sections in oxygen and lead for pair and triplet production and
photodisintegration, as a function of photon energy.

absorber (Fig. Il11-11). Both pair-and-fj*plet-praHnct.ion are high energy
processes that play no role in present-day diagnostic radiology.
Annihilation Radiation. After the creation of a pair of electrons by
either pair or triplet production, the fate of the two electrons is similar only
for a short period of time. Both electrons lose their energy, as described in
Chapter I1, usually by excitation and ionization, until they are brought to
rest. The negatively charged electron remains free until it is captured by an
atom or a molecule requiring an additional electron. The fate of the posi-
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tively charged electron at that point is different from its negative counter-
part, because positively charged electrons cannot exist in nature for long
periods of time. When brought to rest; the positively- charged electron inter-
acts with a negatively chaFged electron and their masses are annihilated,
creating thus two photons at 0.511 MeV each. It should be noted that the
annihilation of § pOIlitBOp may oodur but with a low probability before it is
brought to rest. These two photons, which are called “annihilation radia-
tion,” are emitted at 180 degrees one from the other (Fig. 111-12). Thus the
matter created by the conversion of the energy of a photon into two elec-
trons is reconverted into two photons.

Photodisintegration. Photodisintegration is the interaction between a
high energy photon and a nucleus, resulting in the expulsion from the struck
nucleus of either a neutron, a proton, an alpha particle, or some other
nuclear particle or cluster of particles. Under certain circumstances two
particles may be ejected, such as two neutrons, a neutron and a proton, or
other combinations. To the extent that in photodisintegration all the
energy of the photon is transferred to the nucleus and the photon ceases to
exist, photodisintegration is a form of absorption of x-rays (Fig. 111-13).

Photodisintegration can take place in a nucleus only if the energy of the
photon is sufficiently high to overcome the binding energy holding a nuclear
particle in the nucleus. The binding energy of nuclear particles within the
nucleus varies with the atomic number of the nucleus: it is of the order of
10 to 15 MeV for light elements (with a few exceptions such as beryllium and
deuterium, for which the threshold energies are about 2 and 1.5 MeV Tand
approximately 7 MeV for heavy elements. Thus, photodisiritegration may
take place in light elements, with few exceptions, only if the energy of the
impinging photon is at least 10 to 15 MeV, and in heavy or high atomic-

et e
() POSITRON “oo”_ ELECTRON
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number elements with photons carrying an energy of at least 7 MeV. In any
given element photodisintegration, therefore, is characterized by a threshold
value equal to the minimum energy required to displace a nucleon from the
nucleus. As shown in Fig. Il1-1l1, the cross section for photodisintegration
increases rapidly with the energy of the impinging photon, and decreases
after reaching a maximum value.

The interaction is characterized by a resonance energy value. In general,
after the ejection of the nucleon, the nucleus is in an unstable state and
returns to stability by radioactive decay.

Photodisintegration is a high energy phenomenon that is of no conse-
quence in modern radiology.

Components of the Attenuation Coefficient

In Equation (2), N = Ne~>ix, which describes the attenuation of abeam
of x-ray photons in matter, the linear attenuation coefficient /i embodies the

different forms of interaction of x-rays with matter and can be written as
follows:

(10)
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where €n. r. a. fc a.nd-3r-arc. rcopcctivclv-.-tbe-lin.ear attenuation coefficients
for Thomson, photoelectric, Compton, pair and triplet, and photodisintegra-
_tion interactions. The relative contribution of each one of these effects to
the attenuation of the beam of x-rays varies with the energy of the inter-
acting photons and with the composition of the absorber. In certain circum-
stances some of these effects may not contribute at all to the attenuation of
the beam. Photons with energies less than 1.022 MeV do not interact either
by pair or triplet formation or by photodisintegration”™In high.aiomic-
number materials, low energy photons interact mostly by photoelectric
absorption, and all the other interactions may become negligible. The rela-
tive importance of these different modes of absorption as a function of the
energy of the impinging photon in different materials is discussed in Chapter
V.

The attenuation coefficient n expresses the rate of attenuation of x-rays
that results from both absorption and scattering of x-rays. The attenuation
coefficient n may be regarded as the sum of a “true” absorption coefficient
and a “scatter” absorption coefficient. For the same reason, it is useful to
express the Compton coefficient a as the sum of the “true” Compton absorp-
tion coefficient (tra), which expresses the energy transferred by the impinging
photon to the electron, and the “scatter” coefficient (as), which represents
the portion of energy carried by the scattered photon, thus:

1= A+ 4, (11)

where u is the total Compton coefficient, aa the true absorption coefficient,
and cs the scatter coefficient.

It should be noted that even in interactions resulting in total transfer of
the energy of the impinging photon, a large fraction of this energy may
escape the absorber. For example, in photoelectric absorption, some of the
higher-energy characteristic photons may be lost by the absorber, particu-
larly if the interaction takes place in a high-Z element. Also in pair produc-
tion, the annihilation radiation may escape the absorber. In general, the
energy transferred to particles is dissipated in the absorber, while the energy
carried by secondary or scattered photons tends to escape. _

The validity oFthe above statement is limited by anumber of exceptions:
for example, secondary electrons can easily escape a thin absorber, and low-
energy characteristic photons produced in low-Z elements may easily be
stopped in the absorber. Table Il1-4 summarizes the qualitative energy
transfers in x-ray photon interactions.

Although five modes of x-ray attenuation were discussed in this chapter,
only photoelectric and Compton interactions are important in diagnostic
radiology. Indeed, Thomson scattering occurs at energies too low and pair
ImdAnplet production and photodisintegration occur atEnergies too high to
be of any consequence in diagnostic radiology. For that reason, inThe
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TABLE 1114. Qualitative Energy Transfers in X-Ray Photon Interactions

Fate of impinging Energy transferred Characteristic

Type of interaction photon to sequelae
Thomson, classical or scattered none
coherent scattering
<0
Photoelectric effect no longer exists bound electron emission of charac-

teristic radiation
and Auger elec-

trons
) Compton effect,
absorption
scattered free electron
Compton effect,
VMscatter
Pair and triplet no longer exists electron (1 or 2) generation of anni-
production and positron hilation radiation
k
Photodisintegration no longer exists nucleon transmutation of a
7r nucleus, usually
to a radioactive
form

remainder of this text only photoelectric and Compton interactions between
x-rays and matter will be considered.

Compton and Photoelectric Attenuation in Compounds
and Mixtures of Elements

The attenuation of x-rays in matter is unaffected by chemical bonds. If
either a mixture or a compound of various elements is interposed in the path
of a beam of x-rays, the contribution of each element to the attenuation of
the beam is identical to that produced by the element if it were present alone
in the amount equal to its content in the mixture or the compound.

The calculation of the attenuation of x-rays in a compound or a mixture
can be carried out (1) by determining the attenuation of the radiation in
each one of the elements contained in the mixture or the compound in the
amount equal to the fractional content of that element, and (2) by multiply-
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ing the attenuations thus observed with each other. For example, the
attenuation of 50 keV x-rays in 10 g/cm: of water (equal to 10 cm of water
because the density of water is 1 g/cm3 can be calculated as follows:

1. The composition by weight of water is 89 % oxygen and 11 % hydrogen.
Therefore, 10 g/cm. of water represent 8.9 g/cm: of oxygen and 1.1 g/cm: of
hydrogen. The mass attenuation coefficients of 50 keV x-rays in oxygen and
hydrogen are (Ref. 3): oxygen, 0.207 cm2/g; hydrogen, 0.335 cm2/g. On the
basis of these coefficients, the attenuation of x-rays in 8.9 g/cm: of oxygen
and 1.1 g/cm2 of hydrogen can be calculated by the formula

" (12)

where No is the number of x-ray photons impinging upon the absorber, N is
the number of x-ray photons transmitted by the absorber, No/N is the
attenuation of the beam of x-rays, e is the base of natural logarithms, n is
the mass attenuation coefficient expressed in cm2/g, and x is the amount of
absorber expressed in g/cm2 The application of the above formula: yields
the following attenuations:

—-efor 8.9 g/cm: of oxygen = 6.29
and A for 1.1 g/cm:2 of hydrogen = 1.45.

2. The attenuation of 50 keV x-rays in 10 g/cm2 of water is equal to the
product of the attenuation in its components:

— (water) =  (oxygen) X -IU_ (hydrogen) = 6.29 X 1.44 = 9.07.
+y iy

This means that about 90% of the impinging x-ray photons are removed
from the beam by 10 cm of water.

Average Electron Density— Effective Atomic Number

The above method for the calculation of the attenuation of x-rays in a
mixture or a compound of various elements does not provide an easy method

21t should be noted that Equation (12), No/N = e+]lx is obtained from Equation (2)
(pp. 67 and 68), N/No —e~"x by taking the reciprocal of both sides of the equation,
which yields

No 1 _
N e~*X

Equation N/No = e-l11 gives the ratio of the number of transmitted photons to the
number of incident photons as afunction of n and x, while equation No/N - e+ixexpresses
the ratio of the number of incident photons to the number of transmitted photons as
a function of n and x.
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of comparison of the attenuation of x-rays in two different compounds, par-
ticularly if the compounds are complex. It is sometimes useful to evaluate
attenuation v-radiatdon irl—a mixture or a compound by assuming
that they behave as a single element, without evaluating separately the
attenuation properties of each one of their component elements.
—tTTTIs assumed that onlvCompton and photoelectric interactions are of
importance in this studTTseTthe section, “Components of the Attenuation
Coefficient,Trabove), then the mixture or the compound taken as a single
element must exhibit Compton (<) and photoelectric (r) absorption coeffi-
cients identical to the combined Compton and photoelectric absorption
coefficients of its components. Both Compton and photoelectric effects con-
sist of the interaction of photons with electrons. Both of these effects, there-
fore, depend on the number of electrons encountered by the impinging
photons in an absorber. The two effects differ, however, in that Compton
interactions are independent of the binding energy of the electrons involved
and are therefore independent of the atomic number of the element con-
tributing the electrons, while photoelectric interactions are strongly depend-
ent on the binding energy of the interacting electrons.

The Compton contribution to the attenuation properties of a mixture or a
compound of elements is solely determined by the average electron density
of the absorber. The electron density can be expressed either as the number
of electrons per gram of absorber (el/g) or as the number of electrons per
centimeter of absorber (el/cm), depending on whether the amount of absorber
interposed in the beam is expressed in grams per square centimeter or in
terms of centimeters.

_The photoelectric effect, per electron, is approximately proportional to
theThird power oFthe atomic number of the nucleus binding the interacting
electron (Z3. Thus, the photoelectric attenuation in a mixture or a com-
pound of elements depends both on the average electron density and on the
atomic number of the component elements. Mayneord (Ref. 5) has defined
the concept of “effective atomic number” for a compound or a mixture. By
definition, .the effective atomic number of a mixture or a compound of ele-
ments is the atomic number of an element which exhibits a photoelectric
attenuation identical to the combined photoelectric attenuations of the ele-
ments in. the mixture or the compound. The effective atomic number (Zeu)
can be determined by the formula

zeff = NV/alZDM+ aZ2%+ aZRHA+ oo, (13)

where al o2, and a3are the electron fractions bound in elements Z\, Z2 and
Zs, respectively, of the mixture or the compound.

hus, the average electron density and the effective atomic number deter-

/ mine respectively the Compton and the photoelectric attenuations of a mix-

V~ture or a compound of several elements. The application of the above two
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factors to the calculation of the attenuation of x-rays in a compound is
demonstrated in the following example which consists, as in the previous
section, of the determination of the attenuation of 50 keV x-rays in 10 g/cm:
of water:

1. The composition by weight of water is 89 % oxygen and 11 % hydrogen.

2. The electron densities of these elements are: oxygen, 3.012 X102s el/g;
hydrogen, 5.997 X102 el/g (Ref. 3). (The electron density of an element is
determined by dividing the Avogadro number by the atomic weight of the
element under consideration and bv multiplying the ratio thus obtained by
the atomic number of the element,.!

3. The electronic contributions of oxygen and hydrogen to one gram of
water are:

for oxygen: 3.012X102s X 0.89 = 2.681 X 1023
for hydrogen: 5.997X102s X 0.11 = 0.659X1023

which by addition result in an electronic density for water of 3.340 X 1023 el/g.
The fractional contributions of these electrons are:

2.681
for oxygen:----—---- = 0.80,
3.340

for hxdrogen:-p-' ----- = 0.70

It should be noted that 11 % per weight of hydrogen contributes 2 0 % of the
electrons in water because of the greater electron density in hydrogen than in
oxygen.

4. The effective atomic number of water is obtained by substituting in
Equation (13) as follows:

ZeffH = V0.80 «Z0s0s + 0.20 «Znaros = 7.42,

where Z0 and Zn are the atomic numbers of oxygen and hydrogen, respec-
tively.

Thus, from the standpoint of the Compton and photoelectric attenuations
of x-rays, water behaves as a substance with an electron density of
3.340 X1023 el/g and with an effective atomic number of 7.42.

Knowledge of the electron density and of the effective atomic number of a
substance allows the determination, either by calculation or by extrapola-
tion from experimental values, of both the Compton and the photoelectric
absorption coefficients of this substance.

In general, the x-ray absorption coefficients of a complex substance are®
derived by extrapolation from the listed values of these coefficients for the
element with an atomic number nearest to the effective atomic number of
the complex substance. For example, the Compton (cthjo) and photoelectric
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(THjo) Mass absorption coefficients for 50 keV x-rays in water can be extrap-
olated from the listed values-of these coefficients for nitrogen, as follows:

1 Nitrogen has an atomic number 7, with an electron density of
3.011 X1023 el/lg. Water has an effective atomic number of 7.42, with an
electron density of 3.340X10Z3el/g.

2. The Compton and photoelectric mass attenuation coefficients for

50 keV x-rays in nitrogen are (Ref. 3):

0.178 cm:/g;
0.016 cma2/g.

Compton: <n
photoelectric: tn

3. The Compton attenuation is proportional to the number of electrons
encountered by the photons; therefore the Compton mass absorption coeffi-
cient in water (0-Hjo) can be extrapolated from the Compton mass absorption
coefficient in nitrogen by the formula

3.340 X102
3.011 X102%
oHO = 0.198 cm:/g.

4. The photoelectric attenuation is proportional (a) to the third power of
the atomic number of the element binding the interacting electrons and
(s) to the number of electrons encountered by the x-ray photons. The photo-
electric absorption coefficient in water can be extrapolated from the photo-
electric absorption coefficient in nitrogen by multiplying the latter (a) by
the third power of the ratio of the effective atomic number of water to the
atomic number of nitrogen, and (s¢) by the ratio of the electron density of
water to the electron density of nitrogen, as follows:

3.340 X102

= 0.016 cm2g X
X 3.011 X102%

thjO = 0.021 CmM2/g.

The total mass absorption coefficient of 50 keV x-rays in water, assuming
only Compton and photoelectric attenuations, is equal to:

MHO = oHo + rHjo = 0.198 cm2g + 0.021 cm2g = 0.219 cm2/g.

The attenuation of 50 keV x-rays in 10 cm of water is given by

O = 0+0-219X10 = g o3

Z|Z

This figure is equal, within 1.5%, to that obtained on p. 91, in item 2.
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(IV) X-RAY APPARATUS

X-rays are generated when moving electrons are decelerated in matter.
Therefore, apparatus designed for the generation of x-rays embody the
following elements: (1) a source of electrons; (8) a system capable of accel-
erating electrons; and (3) a structure, usually called a target, in which the
energy of the accelerated electrons is converted into x-radiation.

Electrons cannot be readily accelerated if they are trapped in matter.
Consequently, in an x-ray apparatus the space between the source of the
electrons and the target must be either evacuated or must contain a gas at a
sufficiently low pressure to minimize the probability of collisions between
the accelerated electrons and the gas molecules. To achieve this purpose,
both the source of the electrons and the target are usually contained within
an envelope that is either completely or almost completely evacuated. The
structure containing the source of electrons and the target is called the
X-ray tube.

The acceleration of electrons may be achieved by a variety of different
methods. Electrons can be accelerated in a circular orbit by means of a
rapidly varying magnetic field (Ref. 1). This method isemployed in betatrons,
which are widely used in radiation therapy. Another method of acceleration
consists in allowing a packet of electrons to ride the crest of a traveling radio-
frequency electromagnetic wave (Ref. 1). (This method of gaining accelera-
tion is comparable to that achieved in the sport of surfboarding, where
velocity is gained by riding a water wave.) The method is used in traveling-
wave linear accelerators, which produce the high-energy x-rays mostly
applied in radiation therapy.

In diagnostic radiology electrons are accelerated almost exclusively by
means of an electric field established between the source of the electrons and
the target in such a fashion that the source of the electrons is negatively
charged (cathode) and the target (anode) is positively charged with respect
to the source of the electrons. The negatively charged electrons are repelled
by the cathode and attracted by the target, thus acquiring an energy that is
96
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determined by the magnitude of the electric field between the two electrodes.
The source of electricity that provides the acceleration of the electrons in
the x-ray tube is commonly called the generator.

In addition to the two basic components of x-ray apparatus—x-ray tube
and generator—a large number of other components are also included for the
purpose of controlling and measuring the radiation produced.

HISTORY OF X-RAY TUBES

The first tube used by Rontgen for the generation of x-rays consisted of a
partially evacuated glass envelope that contained two electrodes maintained
at a high difference of potential. The electrons required for the production of
X-rays in such a tube were generated as follows: The rarefied gas in the
envelope was partially ionized. The positive ions, attracted by the cathode,
struck the cathode with sufficient energy to release electrons from the metal
of the cathode. The electrons released by the cathode were accelerated by
the electric field between the two electrodes. After traveling in a nearly
straight line, the accelerated electrons struck the glass of the tube opposite
the cathode, as shown in Fig. (0-3). The deceleration of the electrons in the
glass of the tube produced x-rays. Thus, in the first x-ray tube the electrons,
produced by ionic bombardment of the cathode, were accelerated by an
electric field, and the target of the tube was that portion of the glass envelope
which was struck by the accelerated electrons, or cathode rays.

The usefulness of x-radiation in clinical diagnostic applications became
apparent a short time after its discovery, and attempts were made to
improve the design of Rontgen’s original tube. The glass target of the first
x-ray tube was quite large in area and did not lend itself to high resolution
radiology. One of the early steps in the improvement of the x-ray tube was
the reduction of the target size. This was accomplished by focusing the beam
of electrons at a metallic target introduced into the glass envelope. Effective
focusing of the electron beam can be achieved by giving the cathode a con-
cave surface facing the target of the x-ray tube. Such a surface shapes the
electric field that accelerates the electrons and concentrates the lines of force
of this field on a small area of the anode (target).

The material used for the construction of the target must fulfill three
criteria for the efficient production of x-rays: (1) It must have a high atomic
number; (£) it must be a good conductor of heat; and (3) it must have a high
melting point. The target must have a high atomic number because, as
shown in Chapter Il, the efficiency of x-ray production is proportional to
the atomic number of the material in which the electrons are decelerated.
Thus, from the standpoint of efficiency, the target material should have the
highest atomic number possible. Unfortunately, as shown in Chapter II, the
production of x-rays is an inefficient process, most of the energy of the
decelerated electrons in an x-ray tube being converted into heat, and the
generation of a considerable amount of heat in the target results in im-
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posing conditions (2) and (3) upon the target material—it must have a
high melting point and it must be a good heat conductor to dissipate the
heat.

As a rule, the selection of the target material results from a compromise
between the above criteria. Early in the history of the development of x-ray
tubes, the conclusion was reached that the most suitable material for an
x-ray'tube target was tungsten, although platinum was also used in early
tubes. The tungsten was imbedded in copper to provide better dissipation of
heat. Tungsten has a relatively high atomic number (74) and high melting
and boiling points (3370° C and 5900° C, respectively) (Ref. 2). Because
copper has a higher heat conductivity than tungsten, the dissipation of heat
is sometimes achieved by means of a heavy copper block in which the
tungsten target is imbedded (Fig. 1V-1).

Gas x-ray tubes were used extensively in diagnostic roentgenology in spite
of certain serious drawbacks, the most important of which were: (1) unreli-
able tube operation due to variation of the partial pressure ot the gas,which
modified the character of the x-radiation emitted; and (2) the relativelyTow
niten SILV o thp. y.ra aiacion they generated. The first deficiency could be
partially corrected by controlling the gas pressure with various gas regu-
lators. With these devices gas could be released according to need, and the
early radiologists were forever adjusting the gas pressure in their x-ray tubes
to obtain reproducible results in their examinations (Fig. 1V-2). The capacity
of these tubes was limited by (1) the low intensity of the cathode rays pro-
duced by ionic bombardment and (2) the cooling of the target.

In 1913, W. D. Coolidge developed an x-ray tube, the basic design of
which, with minor modifications, is still used in diagnostic radiology (Fig.
IV-3). Coolidge’s improvement consisted in replacing the unreliable electron
source of the early gas tubes by a hot filament. Hot metals emit electrons.
This phenomenon, called the Edison effect, results from subjecting electrons
to sufficient thermal agitation to overcome their binding energy and allow
them to escape the atoms in which they are bound. The number of electrons
thus “boiled off” depends on the nature of the heated metal and on its tem-
perature. In a Coolidge x-ray tube, the metallic filament is usually made of
tungsten and is heated by the passage of an electric current. It should be
noted that a source of electrons can be produced by heating a metal by any
method; however, an electric current passing through a filament seems to be
the most convenient solution to this problem.

The Coolidge tube is completely evacuated because there is no need for
gas in the tube; the presence of gas molecules is only a hindrance in the oper-
ation of a tube where electrons are supplied by a hot filament. It should be
noted, however, that the quality of the vacuum in a Coolidge tube is not
very critical. Indeed, the high velocity electrons have a relatively low prob-
ability for collision with gas molecules, and a glow-type discharge occurs in a
partially evacuated tube only for relatively high gas pressures.



FIG. IV-1. Radiograph of an early gas x-ray tube.

FIG. IV-2. Picture of an early x-ray tube with gas pressure control device.

{Courtesy of General Electric Company.)

FIG. IV-3. Early model of Coolidge tube.
{Courtesy of General Electric Company.)
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FIG. IV-4. Diagram of stationary anode x-ray tube with getter.
OCourtesy of Dunlee Corporation.)

FIG. IV-5. Stationary anode double-focus x-ray tube (Aeromax).
{Courtesy of Machlett Laboratories, Inc.)

MODERN X-RAY TUBES

With a few technical modifications, the modern tubes used in diagnostic
roentgenology are basically identical to the Coolidge x-ray tube. The
envelope of the tube is usually made of glass and may have different shapes
or sizes depending upon the purpose of the tube. The cathode is usually a



(IV)  X-RAY APPARATUS 101

tungsten filament that is heated by means of an electric current (Figs. 1V-4
and IV-5). This filament is contained in a semicylindrical structure that
focuses the electrons emitted by the filament onto a target (Fig. 1V-6).
The target may be either solid tungsten or tungsten imbedded in copper or
backed by some other metal such as molybdenum. The potential difference
(voltage) between the anode and the cathode is maintained by means of a
generator which will be discussed later on.

In conventional radiography the voltage applied is of the order of 100 kV.
The quality of the x-ray beam produced by the tube depends upon two
factors: the number of electrons striking the target ner unit time, and the .
energy of the electrons. The number nf electrons flowing in an x-rav tube,
varies with the temperature of the filnmnnt, which nan be regulated bv _
alteringthe filament current. The x-rav tube current, is limited by the power _
which~can be supplied by the generator.
~Tn~dlagnostic radiology, the x-ray source should be as small as possible to
reduce “geometrical unsharpness” (Chapter VI), and the x-ray exposure
should be made in the shortest period of time. These two conditions are
translated in the x-ray tube as a high electron flux impinging on a small

FIG. IV-6. Cathode structure of a modern double-focus rotating-anode x-ray
tube. Each filament supplies electrons to a focus of different size. Note the focusing
structure of the cathode.



FIG. IV-7. Damage caused to x-ray
tube anodes by excessively high
electron flux.

Top stationary anode

Bottom rotating anode which re-
mained stationary during the expo-
sure (stationary melt)

(Courtesy of Machlett Laboratories,
Inc.)
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target. The combination of these factors results in a considerable amount of
heat applied in a short period of time on a small target; under the circum-
stances, the main limitation in the operation of an x-ray tube is the ability
of the target to withstand heat without damage (Fig. I1V-7).

The Focal Spot

The resolution achieved in an x-ray examination depends strongly on the
size of the focal spot of the x-ray tube used (see Chapter VI1I). Therefore
considerable efforts are always made to reduce the focal spot to the smallest

"size-compatible with the heat dissipation capability of the target used, and
most of the improvements that distinguish one diagnostic tube from another
consist of the different and more efficient methods they incorporate for dis-
sipating the heat generated in the target. One of the very early approaches
to the solution of this problem consisted in slanting the plane of the target

"at an obtuse angle with respect to the beam of x-rays Thus t.hp Knrfa.ne pre-
sented by the target to the electronic bombardment was a narrow rectangle,
and the projection of this rectangle in a direction perpendicular to the stream
of electrons (the apparent focal spot) was a square of considerably smaller

FIG. IV-8.
A target angulation in a stationary anode tube
B target angulation in a rotating anode tube
{Courtesy of Machlelt Laboratories, Inc.)
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FIG. IV-9. Principle of pinhole
camera used in obtaining pho-
tographs of x-ray tube focal
spots.

area (Fig. 1Y-8). By this method the target area could be increased without
increasing the size of the apparent focal spot. This method is widely used in
"diagnostic radiology today, and most targets are sloping at an angle of the
order of 20 degrees. As shown in Fig. 1V-8, the area of the projected focal
spot is equal to the area of the focal spot divided by the sign of the angle of
the target. Since sin 20 degrees = 0.342, the area of the tube’s target is
approximately three times greater than that of the apparent focal spot. The
angulation of the target, however, results in a lack of uniformity of the x-ray
beam which is tolerable only for target angles greater than about 16 to
20 degrees (Ref. 20).

Angulation of the target provides focal spots that are approximately
square in shape with side dimensions varying approximately between 0.3
and 2.5 mm. Special tubes with smaller (0.1 mm) or larger focal spots have
been built._ Most modern radiographic examinations are carried out with
I-™ (high~resolution) and 2-mm (examination of thick parts) focal spots.

The size oi the focal spot in an x-ray tube can be determined by using a
pinhole camera, the principle of which is illustrated in Fig. IV-9. In order
to obtain good resolution by means of a pinhole camera, the size of the pin-
hole must be small with respect to the size of the focal spot to be measured.
The International Commission of Radiological Units and Measurements



FIG. IV-10. Pinhole photographs of stationary anode tube (top) and rotating
anode tube [bottom). Note greater intensity of off-focus radiation with rotating
anode. (Courtesy of Zed J. Atlee (Ref. 20) and The Dunlee Corporation.)
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(ICRU) (Ref. 7) recommends the following pinhole diameters.

0.03 mm for focal spot sizes below 1.0 mm,
0.075 mm for focal spot sizes from 1 to 2.5 mm.

/"Pinhole camera pictures of x-ray tubes reveal that in addition to the focal
spot there are other sources of radiation within the x-ray tube (Ref. 8).
X-radiation originating in areas different from the focal spot is called off-
ftrcus or extrafocal radiation.

Off-focus radiation is mostly produced by electrons scattered by the target
and which strike metallic surfaces in the x-ray tube (Refs. 9 and 20). While
any surface struck by stray electrons in the tube becomes a source of off-
focus radiation™ most of this radiation is contributed by tungsten surfaces
because of the coniideraHyliigheratomic number of this metal than that of
‘other components ol x-ray tubes. Thus, off-focus radiation is particularly
intense in x-ray tubes in which a large surface of tungsten can be “seen”
through the exit port. Rotating anode tubes, with a large exposed area of
tungsten (see next section), generate a particularly large amount of off-focus

Arsdialiun. Pinhole pictures oi rotating tubes show that the whole Iront
“surface of the anode disk is a source of off-focus x-rays (Fig. 1V-10). The
off-focus radiation, which may jeepresent, up to 25% of the “on-focus” radia-
tinn, msults in undesirable artifacts in radiology. The amount of off-focus
radiation reaching the him may be reduced by collimating the x-ray beam
close to the target (Ref. 8L

Rotating Anodes

In low-capacity x-ray tubes the cooling of the target may be achieved by
air or water. In the high-capacity x-ray tubes required in most modern
radiologic techniques, a considerable increase in the capacity of the target
to withstand heat is achieved by using a rotating anode. This, in effect, con-
sists in spreading the electronic bombardment of the target over a wide area
without altering the size of the focal spot (Fig. IV-11). The rotation of the
anode is accomplished by attaching the latter to the rotor of a motor con-
tained within the vacuum of the x-ray tube (Fig. 1V-12). The stator of the
motor is located outside of the vacuum, as shown in Fig. 1V-13. The speed of

Nanodejotation obtained in modern x-ray tubes may be as high as 10,000 rpm.

Many-difficulties had to be solved in the development of rotating anod(T
tubes (Refs. 3 and 4). For example: (1) The high speed of the rotating anode
required excellent bearings. (2) The heat generated in the tube posed several
serious problems because of the low tolerance of certain bearing materials
to heat. (3) The bearings had to be capable of operating over a wide range
of temperature. (7) The lubrication of the vacuum-enclosed “hot” rotor,
impractical with liquid lubricants, presented another problem; it was solved
by the use of metallic lubricants (lead, gold, barium, or silver). (5) Early
rotating anode tubes were fitted with an anode composed of a rotating copper
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block fitted with a thin tungsten target; such anodes were not successful
because the high temperature gradient between the hot tungsten target and
the cooler copper disc resulted in “peeling” of the target (Ref. 5) (Fig. 1V-14).

Modern rotating anodes are made of either solid tungsten, as shown in
Fig. 1V-8B, or of a “sandwich” of different metals such as a rhenium-tung-
sten layer backed by molybdenum (Ref. 6). A further improvement in x-ray
tubes, both of the fixed and rotating anode types, consists in fitting the
cathode with two filament structures, providing two focal spots of different
size (Fig. 1V-6).

In the overwhelming majority of roentgenographic examinations the
x-radiation is generated by means of rotating anode tubes. Stationary anode
tubes are mostly used in dental radiography, in low capacity portable x-ray

y units, and in some out-dated fluoroscopic installations.

X"RAY TUBE HOUSING

In modern diagnostic x-ray installations the x-ray tube, commonly
referred to as the insert, is contained in a housing that fulfills the following
purposes: (1) it serves as a mechanical support for the x-ray tube; (2) it pro-
vides electrical insulation for the high voltage applied to the x-ray tube; and
(3) it provides radiation shielding (rayproofing).

An x-ray tube housing (Fig. 1V-15) is composed of a metallic container
fitted with insulated connections for the shockproof cables that connect the
x-ray tube to the generator. If the insert is of the rotating anode type, the
stator which provides the magnetic field for the rotation of the rotor is con-
tained in the housing. The housing is generally filled with oil, which provides
electrical insulation ahd serves as a medium for the dissipation of heat*gen-
erated in the insert. The oil exchanges heat between the x-ray tube and the
outside of the housing both by radiation Convection and conduction; the out-

~~side of the housing may b”" \& fnr*pH sir pirmlfit.jon. During tube
operation the temperature of the oil rises, and provision must be made
within the x-ray tube housing for the thermal expansion of that medium.
This is accomplished by the use of metallic bellows which allow a variation of
the volume of the oil. The bellows may also be connected to a safety switch
to prevent operation of the x-ray tube if the heat capacity of the housing is
exceeded. Lead shielding is provided in the housing to reduce the intensity
of the x-radiation outside the useful beam.

X-RAY TUBE RATINGS

X-ray tubes are rated for maximum voltage and maximum energy (Ref.
10).
Maximum Voltage Ratings

The maximum voltage rating for an x-ray tube is the maximum instan-
taneous voltage that, under specified conditions, can be applied to the tube
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FIG. IV-11. Rotating anode x-ray tube.

{Courtesy of Machlett Laboratories, Inc.)
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FIG. Iv-11 (Continued). Rotating anode x-ray tube.
{Courtesy of General Electric Company.)

FIG. IV-12. Target and rotor of rotating anode x-ray tube, showing bearings.
{Courtesy of Machlett Laboratories, Inc.)
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FIG. IV-13. External winding (stator) FIG. IV-14. Early rotating anode tube

used to rotate rotating anode in x-ray with tungsten-covered copper anode,

tube. Dynamax “50” bulkhead. (Cour- showing damage due to tungsten “peel-

tesy of Machlett Laboratories, Inc.) ing.” {Courtesy of Machlett Laboratories,
Inc.)
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without damage. Maximum voltage ratings depend on such factors as:
(1) rectification of the voltage applied to the tube, (2) voltage balance in
the generator transformer, and (5) possible voltage surges in the circuit;
because these factors may subject the tube to a voltage higher than the
planned steady-state operating voltage. For example, an x-ray tube used in
a self-rectified circuit is subjected to a higher voltage during the nonconduct-
ing half-cycle than during the conducting half-cycle when the tube draws a
current from the generator and thus produces a drop in potential. Also, in
three-phase full-wave rectified circuits, the voltage to the ground may be
15% greater than the voltage at the terminals because the voltage pulsations
at each terminal are out of phase with one another (Ref. 10). In general,
x-ray tubes are capable of withstanding transient surges of voltage that
exceed their steady-state tube voltage ratings without damage, because of

FIG. IV-15. X-ray tube (insert) in its housing.
(Courtesy of Machlett Laboratories, Inc.)



112 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY
the engineering safety factors in the insulation of the tubes; however, surges
exceeding 10% of the maximum voltage rating are considered excessive.

Maximum Energy Ratings

Most of the electrical energy supplied to an x-ray tube during the produc-
tion of x-rays is converted into heat. This heat flows through the various
components of the tube, raises their temperature, and is finally dissipated
outside the tube. The rise in temperature of any component depends on:
(1) its heat capacity, (2) its ability to dissipate heat, and (3) the rate at
which heat is applied. The maximum energy ratings of the different com-
ponents in a tube are determined by their ability to dissipate heat and with-
stand high temperatures.

The electrical energy supplied to an x-ray tube is proportional to the
voltage applied, the current flowing through the tube, and the time of oper-
ation. It is therefore convenient to express this energy, and also the maxi-
mum energy ratings of x-ray tubes, in units of peak voltage (in kilovolts) X
tube current (in milliamperes) X time of exposure (in seconds). The product
1kVpX1mA X1sec is called a heat unit.

In a stationary-anode x-ray tube, heat is generated and transferred as
follows: (1) The accelerated electrons are stopped in the target, practically
all their energy is converted into heat, and the temperature of the target is
raised to a high value. (2) Most of this heat, with the exception of a small
percentage radiated by the focal spot, is transferred by conduction to the
copper anode. This heat is temporarily stored by the anode, thus raising its
temperature. (3) The heat of the anode is dissipated into the oil and the
tube housing, where it is again temporarily stored until dissipated into the
atmosphere.

The first limiting factor in this chain of events is the temperature reached
by the target at the focal spot. The temperature of the tungsten target must
remain below the melting point of that metal, and the temperature of the
surface of the copper anode in contact with the tungsten must remain below
the melting point of copper. The maximum energy rating for the target is
proportional to its area. A typical loading capacity for a tungsten target
backed with copper is approximately 200 watts/mm2 of focal area per
second. This factor varies to a certain degree depending on the size of the
target, because of lateral conduction of heat (Ref. 10).

The limit imposed on the maximum energy rating of an x-ray tube can
be conveniently shown as a line on a plot of the voltage applied to the x-ray
tube multiplied by the tube current (VXmA) versus time (t) (Fig. 1V-16A).
The region of the plot located under the limiting line includes all the per-
missible loadings, while the area above the line corresponds to loadings
which would damage the tube. The limits imposed on the maximum energy
rating of the tube by the loading capacity of the target are represented by a
series of curves for different focal spot sizes.
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The heat generated in the target (minus the fraction radiated by the
target) is transmitted by conduction to the anode structure. T hejmportant
factor in the maximum rating of an anodp st.mnt.nrp is its heat storage
Rapacity, which Isa measure oFtHe number nf hftflt, nnit,K thnt, ofin hp apmirmi-
lated before the anode structure reaches an undesirably high temperature.
If there were no dissipation of heat from the anode structure, the maximum
energy rating for the tube due to the anode heat storage capacity would be
represented as a straight line in Fig. IV-16A, corresponding to the value of
the anode heat storage capacity. It should be noted that the limitation
imposed by the anode structure on x-ray tube capacity is independent of
the focal spots size, and it is controlled by a series of factors such as the
melting point of the anode material, the heat-resistant characteristics of the
seal, the degree of outgassing, etc. (Ref. 10). The anode structure, however,
iIs not thermally insulated, and it dissipates heat; thus, even after the heat
storage capacity of the anode structure is used up, the x-ray tube can still
be operated, provided the energy input does not exceed the rate of heat dis-
sipation, which in Fig. IV-16A is represented by a horizontal line. Thus in
Fig. IV-16A, the area located below the lines formed by the target loading
capacity, the anode heat storage capacity, and the anode heat dissipation
rate corresponds to permissible tube loadings, while the area above repre-
sents excessive loadings.

In modern x-ray tubes the heat transfer to the anode structure is rapidly
transmitted to the oil in the housing, mostly by radiation. Therefore, the
heat storage capacity of the whole housing must be taken into account in
the determination of the maximum energy rating of the tube. The heat
storage capacity of the anode plus the tube housing structure is, in general,
considerably larger than the heat storage capacity of the anode alone. How-
BVEI, the-ovpir-ait npet. aissipation rate of the unit is lower than that of the
anode alone. Typical values of these ratings that were used in Fig. 1V-16A
are: anode heat storage capacity, 100,000 units; anode heat dissipation rate,
400 units/sec; over-all heat storage heat capacity, 1 million units (anode
structure plus housing); over-all heat dissipation rate, 200 units/sec.

The maximum energy ratings of rotating anode tubes are determined in a
manner similar to that of stationary anode tubes. The main difference of a
rotating anode tube is that the effective area of the target is considerably
increased by the rotation of the anode and that a considerably higher
instantaneous loading capacity than for a stationary target results. Rotating
anode tubes are often constructed with solid tungsten anodes. Indeed, there

~is rib need for good thermal conductivity in the anode structure because the
Teat is distributed over a wider area of the anode by its rotation./Thus, with
a solid tungsten anode there is no limitation imposed by the melting point
of copper. It should be noted that the transmission of heat from the anode
to the oil of the housing occurs mostly by radiation, and it is proportional
to the fourth power of the temperature of the radiator. Some rotating anodes
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FIG. IV-16.

A Chart expressing individual exposure ratings for 20-degree line focus x-ray
tube with tungsten target and copper anode. (Courtesy of T. H. Rogers (Ref. 10)
and Machlett Laboratories, Inc.)

B and C (opposite) Target rating charts for a Dynamax “50” rotating-anode
x-ray tube (full-wave, single-phase, 60-cycle stator operation), for two different
targets with effective focal spot sizes of 1.0 and 2.0 mm, respectively. The charts
show the relationship between tube current and maximum exposure time which can
be used without damage to the target, for different peak kilovoltages applied to
the tube. For example, at 100 kVp, a tube current of 200 mA can be safely applied
to the target with an effective focal spot size of 1.0 mm, for a maximum exposure
time of about  sec (25 mAs). On the other hand, the target with an effective
2.0-mm focal spot can withstand the same current with the same tube voltage for
about 3.5 sec (700 mAs). (Courtesy of Machlett Laboratories, Inc.)
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have been constructed with blackened surfaces to improve their heat emis-
sivity. Figures IV-7 and IV-17 show different forms of stationary anode
damage caused by overload. Figure IV-18 shows different rotating anode
damages.

The maximum energy ratings for x-ray tubes are usually expressed as
rating charts. Two types are commonly used. The first is a plot of milli-
amperes versus"maximum exposure time for different peak kilovoltages. The~
other, a plot of anode heat units versus time, expresses the maximum
number of heat units that can be delivered tn thp tube in a gjyp.n period of
time. It is particularly useful when a mimber-of -exposures are to be made in
rapid succession. Typical rating charts are shown in Figs. IV-16B through E.

SPECIAL PURPOSE X-RAY TUBES

Special requirements imposed upon Xx-ray tubes have resulted in tube
designs different from the more conventional ones described above. Among
the special-purpose tubes, grid control, beryllium window, and stereo x-ray
tubes are currently used in diagnostic radiology. Others, such as mono-
chromatic radiation tubes and particularly field-emission x-ray tubes, may
find clinical applications in the future.

Grid-Control X-Ray Tube

The grid-control x-ray tube contains, in addition to the two conventional
components of an x-ray tube—the filaments and the target—a third elec-
trode called the control grid. This tube functions like a conventional vacuum
tube triode, which contains three electrodes: an electron-emitting cathode,
an anode, and a grid placed between the anode and the cathode. If a poten-
tial difference is established between the anode and the cathode and elec-
trons travel from the cathode to the anode, an electric current flows through
the tube if the grid does not carry any potential, because electrons can travel

FIG. IV-16. D and E (opposite) The anode thermal characteristics chart shows:
1 anode heat storage capacity (140,000 heat units)

2 rate at which the anode heat storage capacity is filled up for different input energy
rates

3 rate of heat dissipation of the anode (cooling) as a function of time. If the energy
input is 667 heat units/sec, the anode heat storage capacity is reached, in spite of
heat dissipation, in 7.5 min. On the other hand, the tube can be operated indefinitely
without damage to the anode with an input energy of 500 heat units/sec. The cooling
curve allows the determination of the cooling time required after exposures resulting
in loading the anode to its full heat storage capacity.

The housing cooling chart shows:
1 heat storage capacity of the tube housing (1,250,000 heat units)
2 rate of cooling of the housing, with and without air circulator
{Courtesy of Machlett Laboratories, Inc.)



FIG. IV-17. Effect of overloading stationary anodes.
A focal spot overheated by short-duration overload
B anode seal destroyed by exceeding the heat storage capacity
C copper surrounding target melted by too long an exposure at high intensity
Courtesy of T. H. Rogers (Ref. 10) and Machlett Laboratories, Inc.)

FIG. IV-18. Effect of overloading rotating anodes.
1 effect of normal use
2 effect of heavy exposure during start-up or coasting down of the rotating anode.
The multiple melted areas result from the pulsing of the electron beam, by the pulsed
nature of the high voltage applied to the tube during the x-ray exposure. This form
of damage, which occurs only if the x-ray tube is energized by a pulsating circuit, is
called “spinning top effect” because of the similarity of the origin of the multiple
melts with the multiple images obtained with a spinning top used in calibrating
x-ray timers (see Fig. 1V-42). Damage is usually caused by inadequate motor control
circuitry allowing exposure before full rotor speed is reached.
3 damage resulting from exceeding the anode storage capacity
(Courtesy of Machlett Laboratories, Inc.)



FIG. IV-19. Grid-control x-ray tube. Simplified sectional schematic diagram of
grid control and beam-forming structure for cut-off condition. (Courtesy of Machlett
Laboratories, Inc.)

FIG. IV-20. Circuit for grid-control x-ray tube.
(Courtesy of Machlett Laboratories, Inc.)
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unimpeded between the interstices of the grid. On the other hand, if the
potential of the grid is made-negative with respect to the cathode, its poten-
tial interferes with the travel of the electrons. In this manner the current
flowing through the tube may be controlled by the grid potential. A rela-
tively small change in grid potential may alter appreciably the current flow-
ing through the tube.

In the grid control tube the third electrode is the focusing cathode which
surrounds the filament (Fig. 1V-19). In a conventional x-ray tube this struc-
ture is maintained at the same potential as the filament. In the grid control
tube the potential of the focusing cup can be varied by means of the circuit
shown in Fig. 1V-20.

Thus, if the potential of the control electrode (grid) is negative with
respect to the filament, electrons do not leave the cathode and no current
flows through the x-ray tube. When the control electrode is switched to a
potential equal to that of the filament, electrons are accelerated in the tube
and x-rays are produced. The control electrode acts as an on-off switch for
the x-ray tube.

In a grid control tube, as in a vacuum tube triode, a small variation of

FIG. IV-21. Stationary anode beryllium-window x-ray tube.
(Courtesy of Dunlee Corporation.)
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potential allows the control of relatively large currents. The grid control
tube is of particular value in diagnostic roentgenology when very shorFx-ray
exposures are required (cardiac angiography) and also in cinefluorography
~AChapter~1X)1

Beryllium-Window X-Ray Tubes

Certain radiologic examinations require the use of particularly low-energy
x-rays. Conventional x-ray tubes are unsuitable for that purpose because
most of the low energy radiation is absorbed in the glass envelope of the
tube. This difficulty may be circumvented by fitting a conventional x-ray
tube with a beryllium window (Ref. 11). Beryllium, because of its low atomic
number (Zb8 = 4) exhibits a considerably lower absorption mpffmipnt, for

"low energy x-rays than glass, and bervllium-window x-ray tubes are capable
"oF supplying much "softer* 3 Stationary (Fig.
IV-21) as well as rotating anode beryllium-window x-ray tubes have been
constructed.

It should be noted that x-ray tubes fitted with beryllium windows are

rbecause the
large portion of the soft-component of the x-radiation produced in the tube.
~TEis~component is difficult to de”rt. wit.h radiation-measuring instruments
conventionally available in an x-ray department. Thus, an x-ray tube fitted
~with ~a beryllium wincfow™may be the unrecognized source of intense
x-radiation.

Stereo X-Ray Tubes

X-ray tubes with two separate targets are used for stereoscopic diagnostic
examinations (Figs. 1V-22 and 1V-23).

Space Charge— Field-Emission X-Ray Tubes

Space charge is the electric charge acquired by a volume of space due to
the presence within it of charged particles. In an x-ray tube the maximum
electron flux that can be produced by thermionic emission (emission of elec-
trons by a hot cathode) is limited by the space charge created by the emitted
electrons around the cathode, as follows:

The space charge produced by the electrons the filament emits is deter-
mined by the balance between the number of electrons emitted per unit time
and the rate of removal of the electrons from the vicinity of the cathode. If
the flux of emitted electrons is greater than the rate of removal, the space
charge builds up and interferes with the thermionic emission until it is suffi-
ciently high to prevent further thermionic emission altogether. At that point
an increase in cathode temperature does not result in a rise of electron flux.

Under normal conditions of operation the electron flux in a conventional
x-ray tube is not limited by space charge. However, if very short exposures,,
are attempted the cathode is required to emit a high flux of electrons and
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FIG. 1V-22. X-ray tube for
stereoradiologic examinations
(Stereo Dynamax). (Courtesy
of Machlett Laboratories, Inc.)

space charge limits the tube current. Space charge limitation in such
exposures can be overcome by the use of x-ray tubes in which electrons are
extracted from the cathode by field emission.

The principle of field emission was described by R. W. Wood in 1897. An
x-ray apparatus which embodies that principle (made by the Field Emission
Corporation, McMinnville, Oregon) (Ref. 12) is used for ultrashort (less
than 1 jusec) radiography. The field-emission x-ray tube differs from a con-
ventional x-ray tube mainly by the method used in obtaining the electrons.
In the conventional x-ray tube thermal emission is used, while in field
emission tubes the electrons are pulled from the cathode, which is not neces-
sarily heated, by means of a high electric field in the vicinity of the cathode.
This high electric field is achieved by designing this electrode in the shape of
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a sharp metallic needle with a tip diameter of about 1 n (Ref. 13) (Fig.
IV-24). Under suitable circumstances, it is possible to draw a current of
about 1 A from such a cathode. The current in a field emission tube is not
limited by space charge as it is in “hot-cathode” electronic emission (therm-
ionic emission) because the electrons are removed by the high electric field as

FIG. IV-23. Stereofluoroscopy.
{Courtesy of Machlett Laboratories, Inc.)
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soon as they are pulled off the metal. Field-emission x-ray tubes require a
power supply capable of delivering a large amount of energy in an extremely
short period of time. Heating the field-emitting cathode increases the current
density achieved; this mechanism has been referred to as TF (thermal-field)
emission (Ref. 12).

Field-emission x-ray units capable of producing pulses of x-rays consider-
ably shorter than 1 /xsec are used in radiography of very fast events, such as
the detonation of explosive charges, the penetration of bullets in various
materials, and the deformation of organs of experimental animals decel-
erated or accelerated to high G-values (Figs. I1V-25 and I1V-26). To this date,
field-emission x-rav units have not been widely used in diagnostic radiology
because they exhibit two drawbacks: (1) the focal spot size in field emission
tubes currently available is larger than in conventional x-rav tubes, and
\2) thes<T tubes can be operated only at relatively high voltages, which
results in the emission of high energy radiation not particularly suited for
radiologic examinations.

Monochromatic Radiation X-Ray Tubes

X-radiation with a relatively narrow energy spread over a desired range
can be obtained by using an x-ray tube having a target that emits character-
istic radiation with the desired energy and by reducing the intensity of the
general radiation by filtration. The characteristic radiation emitted by an
x-ray target represents only 15 to 20% of the total intensity of the beam

FIG. IV-24. Diagram of photograph of field emission x-ray tube.
(Courtesy of Field Emission Corporation.)
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gs30

T= 32 milliseconds

FIG. IV-26. Radiographs obtained with the system shown in Fig. IV-25.
A compression of the heart
B motion of diaphragm
C transposition of a gas bubble and heavy intestine
OCourtesy of Field Emission Corporation.)
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(Ref. 14). This percentage, however, can be enhanced by filtering nut, a
considerable fraction of the photons with greater than required energies by
means of an absorber having a photopW.tnf* K-ah«nrptirm at an energy
slightly higher than that of the photons to be transmitted. Such higher
energy-selective filtration is possible because the photoelectric absorption
coefficient for any element passes through a low value for photons with
energies slightly lower than the K-binding energy of the absorber. X-ray
tubes containing iron, cobalt, chromium, copper, molybdenum, or other
metals as targets for the generation of the characteristic radiation of these
elements are widely used in x-rav diffraction studies.

A possible value ofthe use of monochromatic x-rays in diagnostic radi-
ologyTasTias been pointed out by several authors (Refs. 14-161. lies in the
enhancement of radiographic contrast of organs made opaque by contrast
media. Radiographs of such organs exhibit particularly high contrast Tf_
"monochromatic x-rays with an energy matching the absorption peak of the
"contrast medium are used in prelerence to polychromatic radiation. Ooster-
Icamp (Ret. 14) has shown that when iodine contrast media are used and a
relatively thick part of the body is examined, the use of monochromatic
x-rays of suitable energy improves contrast by a factor of approximately 1.5,
as compared to conventional polychromatic radiography; the improvement
achieved is even higher for thinner parts of the body.

X-ray tubes with either stationary or rotating anodes have been developed
for the generation of monochromatic x-rays most suited for high absorption
in iodine. The target element used in these tubes is cerium, apd the radiation
obtained is further monochromatized by filtration with cerium absorbers.
Although tests performed withthese tubes confirmed the theoretical useful-
ness of monochromatic radiation, these x-ray tubes proved to be impractical
in radiography because of the low intensity of the ra.rha.tmn t.he.y are rapahlo--
of producing. The use of x-ray image intensifiers may render radiography
with monochromatic radiation more practical.

X-RAY POWER SUPPLIES— TRANSFORMERS

The high potential difference required to accelerate electrons in an x-ray
tube is usually achieved by a transformer. Transformers are also used exten-
sively in x-ray circuits to provide electrical power to the filament of the x-ray
tube and to the filaments of the rectifier tubes, if such are used. A trans-
former is also used in adjusting the voltage supply of the x-ray tube.

A transformer basically consists of a ferromagnetic core with two conduc-
tive windings about it. The combination of the iron core and the electrical
windings may assume a variety of forms. For example, the two windings
may be superimposed, or only a single winding may be used (autotrans-
former) (Fig. 1V-27). One of the windings of the transformer, called the
primary winding, is connected to a source of alternating current. The
secondary winding is connected to the transformer load.



128 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

A transformer functions as follows: The alternating current flowing
through the primary winding produces in the core a magnetic flux that varies
cyclicly. The changing flux induces in the primary winding an electromotive
force of self-induction, and in the secondary winding an electromotive force
of mutual induction. (It should be noted that in a transformer connected to
a source of direct current, no electromotive force of induction is observed
because the operation of a transformer requires a variable magnetic field.)
The voltage induced in the secondary winding of the transformer is equal to
the voltage applied to the primary winding multiplied by the ratio of the
number of turns of wire in the primary and secondary windings. If the
number of turns is greater in the secondary winding, the voltage induced is
also greater, and the transformer is a step-up transformer. If the primary
winding contains more turns than the secondary winding, the transformer
is a step-down transformer.



(IV)  X-RAY APPARATUS 129

Transformers function with an efficiency of 90 to 99%. The small power
losses are mostly caused by heat generated in the wires (copper loss) or by
hysteresis or eddy currents in the magnetic core. Core losses can be mini-
mized by suitable design and by selection of the proper metal. If the second-
ary winding of a transformer is left open, the electromotive force of self-
induction generated in the primary circuit prevents passage of current in
this winding, with the exception of a small current due to transformer losses.

High Voltage Transformers

The electric potential difference between the electrodes of an x-ray tube
iIs achieved by means of a step-up high-voltage transformer, which brings a
standard ac line voltage of 220 V and usually 60 cycles to the desired voltage
of about 100,000 V. The high voltage developed in the secondary winding of
such a transformer requires suitable insulation, which is usually achieved
by immersing the transformer in oiLJn most x-ray generators the midpoint
of the seconHary lyindmg- is grounded. Under such conditions thehigh
voltage is divided into two, one side of the transformer being above ground
potential and the other, helow. Such a mnnection simplifies the insulation
of the transformer load, hfl.Ifl.nnes the p.ircuit with respect to ground, and
permits the measurement of the load current at near-ground potential.

It is interesting to note that when x-rays were discovered by Rontgen,
the high voltage source used was a special type of transformer called a
Ruhmkorff induction coil (see Fig. 0-2). Although the windings are very
similar to those of a modern transformer, the current flowing through the
primary winding is a direct current interrupted by means of an electric
switch, rather than an alternating current.

Autotransformers

The autotransformer is a step-down transformer and is widely used in
X-ray circuits to alter the voltage applied to the primary winding of the high
voltage transformer. The autotransformer embodies a single winding that
is used both as primary and secondary (Fig. 1V-27). A series of tabs are pro-
vided on the windings, allowing connection in the secondary circuit with a
variable number of turns of wire. The fraction of the turns included in the
secondary circuit determines the proportion of voltage reduced. The auio®
transformer provides a method for reducing voltage with very little power—

loss.TT a rheostat were used for t\fHpsamp pnrpr>gpJ a largp portion of the elec- _

l

trie power would be dissipated in the form of heat.

X-RAY CIRCUITS

The electronic circuitry used in the operation of an Xx-ray-producing
apparatus can be divided into two broad categories: (1) a high voltage
circuit, which is at high electrical potential with respect to the ground, and
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consequently of difficult access during the operation of the apparatus, and
(2) a low-voltage primary circuit used to control the radiation beam.

Self-Rectified Circuits

The simplest high voltage circuit used in diagnostic radiology—the self-
rectified circuit—consists of an x-ray tube connected to the secondary
terminals of a high voltage transformer. The voltage at the secondary
terminals of the transformer varies in a sinusoidal manner as a function of
time, as shown in Fig. 1V-28. However, the flow of electrons in the x-ray
tube can take place only when the filament of the tube is at a negative
potential with respect to the target. Thus, the x-rav tube conducts and.pro-
duces radiation only during that half of the ac cvcle when the polarity of t,he_
high voltage transformer is correct for electron acceleration. During the
half-cycle when the target is negative with respect to the filament, the x-ray
tube does not conduct, and no current flows through the circuit.

The self-rectified circuit, although very simple, suffers from the following
serious deficiency: If a target of the x-ray tube becomes sufficiently hot to
emit an appreciable number of electrons, the tube may become conductive
during the half-cycle when the target is negative with respect to the filament:—
During such 7/ack emission” the unfocused electrons may strike the gljtss~
envelope and other components of the tube, and damage them. Self-rectified

FIG. IV-28. Single-phase ac diagnostic x-ray circuits.
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circuits can be used only for low-capacity x-ray production, and care must
be taken to prevent the target from reaching a high temperature.

In the modern radiologic armamentarium, self-rectified circuits are used
only in portable x-ray units. Even in these units there is now a tendency to
abandon such circuits.

Current Rectifiers

Instead of self-rectified circuits, current rectifiers are included in the x-ray
circuit to prevent an x-ray tube from conducting in a direction opposite to
the one for which it is designed. A current rectifier is a structure that allows
the flow of electricity in only one direction. Two types of rectifiers are com-
monly used in x-ray circuits: (1) vacuum tube rectifiers, and (£) solid state
or barrier rectifiers.

Vacuum Tube Rectifiers (Thermionic Rectifiers, or Valve Tubes). A
vacuum tube rectifier is usually composed of an evacuated glass envelope
containing two electrodes: (! ) the filament (cathode), usually made of
tungsten (sometimes thoriated to increase electronic emission), and (£) the
anode (or plate), which may be constructed in a variety of shapes and which
is generally made of tantalum (Fig. 1V-29). The vacuum tube rectifier func-
tions in a manner similar to an x-ray tube placed in a self-rectified circuit.
The filament of the rectifier tube is heated and emits electrons. If a potential
difference is established between the anode and the cathode, a current flows
through the tube, but only if the filament is at a negative potential with
respect to the plate. If this condition is not fulfilled, the -rectifier does not
allow passage of current.

The vacuum-tube rectifier cathode is designed to produce a large number
of electrons, and the anode presents a large surface placed as close to the
cathode as arcing allows. Such a design results in low electrical resistance: a
small drop in potential between the cathode and the anode (of the order of
2 to 3 kV) is sufficient to cause current to flow. A low */oltage drop™irua
rectifier is desirable because this drop lowers the voltage applied to the x-ray
tube.

When a vacuum tube rectifier is placed in an x-ray circuit the potential
difference causing current to flow through the circuit is approximately
50 times greater in the x-ray tube than in the rectifier. Thus, the amount of
electrical energy dissipated in the form of heat in the anode of a rectifier is
relatively low as compared to the energy dissipated in the x-ray tube anode.
Inasmuch as this energy is measured by the drop of potential across the tube
multiplied by the intensity of the current circulating through it, in a typical
situation the energy dissipated in the x-ray tube is about 50 times greater
than that dissipated in the vacuum tube rectifier.

Vacuum tube rectifiers are rated in terms of maximum inverse voltage
(voltage applied with a polarity opposite to the operation of the rectifier)
and maximum load current, the latter for continuous and intermittent loads.
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Vacuum tube rectifiers emit x-rays owing to the deceleration of electrons
in the plate. Although the energy and the intensity of the radiation thus
produced are low because of the low accelerating voltage in the rectifier
(about 2 to 3 kV), vacuum tube rectifiers may present a certaj™-"artmt.inn
hazard and must be shielded.

"Solid State (or Barrier Layer) Rectifiers. Solid state rectifiers are based
on the property of certain semiconductors to exhibit a lower resistance to

FIG. IV-29.
A vacuum rectifier (valve tube) commonly used in radiology
B radiograph showing the filament structure
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FIG. IV-30. Silicon rectifiers.
(Courtesy of Machlett Laboratories, Inc.)

the passage of electric current in one direction than in the opposite direction.
Substances such as selenium, copper oxide, germanium, and silicon exhibit
this property.

Selenium solid state rectifiers are widely used in x-ray circuits. They are
composed of a thin deposit of selenium on an aluminum plate covered by a
thin lajmr of tin-cadmium alloy (Ref. 17). Such a cell conducts in one direc-
tion readily but can withstand a difference of potential of approximately
60 V in the opposite direction. By stacking a sufficient number of such cells,
it is possible to obtain a rectifier capable of withstanding the high voltages
used in x-ray circuits. For example, a stack capable of withstanding a
100 kVpinverse voltage contains about 1600 cells (100,000 V/60 V per cell).
Selenium rectifiers suffer from the disadvantage of exhibiting an undesirably
greater forward voltage drop than vacuum tube rectifiers.
—More recently, silicon rectifiers_suitable for x-ray high-voltage circuits
have become available (Fig. 1V-30). These rectifiers have a particularly low
voltage drop (of the order of 200 V), which is considerably lower than that
of selenium rectifiers or even vacuum tube rectifiers. Silicone rectifier cells
(also called junctions) can withstand a considerably higher maximum
inverse voltage (10 to 20 times higher) than selenium rectifiers. This property
allows the construction of compact solid state rectifiers. Silicone rectifiers are
sosuperiorto any other form of rectification currently available that they prob-
ably will, in spite of their price, completely replace vacuum tube rectifiers.

Half-W ave Rectified Circuits

Half-wave rectified x-ray circuits have one or more frequently two recti-
fiers, usually of the vacuum tube type, interposed between the x-ray tube
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and the secondary winding of the high voltage transformer, as shown in
Fig. IV-28. The rectifiers allow the flow of electrons in the x-ray circuit
during the half-cycle when the polarity of the transformer terminals is suit-
able for the production of x-rays, and they protect the x-ray tube against
back currents during the other half of the cycle. Half-wave rectified x-ray”
circuits are not used to any appreciable extent in diagnostic radiology. JjjjJ

Full-Wave Rectified Circuits

Both self-rectified and half-wave rectified circuits supply the x-ray tube
with a power of correct polarity only during one half-cycle of the alternating
current provided by the transformer, and radiation is produced only during
this half of the ac cycle. The full-wave rectified circuit corrects this situation
by reversing the polarity of the connections between the x-ray tube and The
'secondarywinding of the high voltage transformer during each half-cycle.
This is accomplished by the use of four rectifiers connected as shown in Fig.
IV-28. The circuit functions as follows: When terminal A of the secondary
winding of the high voltage transformer is positive, rectifiers 1 and 3 con-
duct, connecting the anode of the x-ray tube to terminal A and the cathode
of the x-ray tube to terminal B. During this half-cycle rectifiers 2 and 4 do
not conduct and thereby isolate the anode from terminal B and the cathode
from terminal A. During the following half-cycle terminal A is negative and
terminal B is positive, and rectifiers 2 and 4 conduct, connecting the cathode
to terminal A and the anode to terminal B. Rectifiers 1 and 3 do not conduct
during the second half-cycle.

Thus, an x-ray tube connected tr a fnil-wavp rpnt.ifipa Circuit utilizes the
complete cycle of the alternating current supplied bv the transformer. It
should be noted, however, that the voltage across the x-ray tube varies from
zero to the maximum potential and then back to zero during each half-
cycle, as is the case in half-wave and self-rectified circuits.

Full-wave rectified circuits are widely used in medium- and high-capacity
X-ray circuits® Most of the diagnostic x-ray examinations carried out in this
country are performed by means of full-wave rectified x-ray circuits.

Three-Phase Circuits

All the x-ray circuits so far described supply the x-ray tube with voltages
that vary continuously between zero and the maximum voltage supplied by
the transformer. This variation in voltage has the following disadvantages:

1. E>uring the portion of the cycle when the voltage is appreciably lower
than the maximum value at the crest of the cycle, x-rays are produced with
low efficiency and the accelerated electrons contribute mostly heat to the,
target (Fig. 1V-31). Because heat tube ratings impose stringent limits on
radiologic examinations, such waste of the heat storage of the tube is
undesirable.

2. Most of the low-energy x-radiation produced during the lower voltage
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portion of the cycle is absorbed either by the tube housing, the filter, or,
which is worse, by the patient, and contributes little to the examination.

3. The intensity of the radiation produced is lowered by the fact that no
radiation is generated during a large part of the exposure time.

4. The timing of short radiographic exposures is complicated by the neces-
sity of synchronizing them with the sine waves of the alternating voltage.

The generation of constant or nearly constant potential for x-ray tubes in
diagnostic radiology can be accomplished by the rectification of three-phase
alternating current.

Normal household alternating current, as obtained from a two-conductor
electric line, is referred to as single-phase alternating current. In a single-
phase source of electricity, both the voltage and the current vary between
the two connectors as a sine function of time. Three-phase electric currently
transported by means of three wires in such a, fashion that. t,hp sinusoidal
variatiQnoTthe current is out of phase bv one-third of one cycle between any
set of two wires: so that.*f~the~duration of onp pvcle is sec, the two cur-
rents are y{so secTout of phase(Fig. 1V-32). Any set of two conductors of a
three-phase line supplies single-phase alternating current. Alternating cur-
rent is usually generated and transported in three-phase form, and single-
phase current is obtained by tapping two conductors of a three-phase line.

The generation and transmission of electric power as a three-phase alter-
nating current presents many practical advantages over single-phase
alternating current. Three-phase current is also more convenient than
single-phase for energizing high-power electric motors; for that reason,
three-phase alternating current is usually available in areas where high
electric power is required.

Three-phase transformers have three primary windings and three second-
ary windings. These windings may be connected in star, Y, or delta
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Single-Phase ($) 60 Cycles

FIG. IV-32. Voltage variation as a function of time in single-phase and three-
phase currents.

fashion (Fig. 1V-33). Two types of three-phase circuits are of interest in
diagnostic radiology: six-pulse and 12-pulse circuits.

Six-Pulse Six-Rectifier Circuits. A three-phase six-pulse circuit is shown
in Fig. 1V-34.

The primary winding of the high voltage transformer in this circuit is
connected in delta fashion, and the secondary in star fashion. The rectifica-
tion is achieved by means of six solid state rectifiers; vacuum tube rectifiers
are generally not used in three-phase circuits.

This circuit supplies six pulses of voltage to the x-ray tube per ac cycle.
(For comparison, a single-phase full-wave rectified circuit supplies two pulses
per cycle.) The theoretical variation of the voltage supplied by the circuit to
the tube (voltage ripple) is about 13% of the maximum (as compared to
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100% for a two-pulse circuit) (Fig. 1V-35). One of the deficiencies of this
circuit is that it is not balanced with respect to ground.

Six-Pulse Twelve-Rectifier Circuits. This circuit (Fig. 1V-34) utilizes a
transformer with two secondary windings in phase and 12 rectifiers. The
rectification achieved by this circuit is six pulses per cycle. This circuit is an
improvement over the six-pulse six-rectifier circuit because it is balanced
with respect to-ground.

Twelve-Pulse Twelve-Rectifier Circuits. This circuit (Fig. I\V-34) utilizes a
transformer with a primary winding connected in delta, and two secondaries
one of which is delta-connected and the other, star-connected. This arrange-
ment can be regarded as being composed of two separate six-pulse trans-
formers which are out of phase with one another by one-twelfth of one cycle.
The rectification of these 12 pulses results in a voltage as shown in Fig.
IV-35. The ripple of this voltage is only 3%, and for practical purposes the
tube potential is constant.

Three-phase circuits in x-ray apparatus present a certain number of com-
plications as compared to single-phase circuits: (1) The adjustment oLthe
primary voltage in three-phase circuits requires the use of three autotrans-

nating an exposure. In inductive circuits, such as transformers”tis-always
desirable to close or open a switch, interrupting or making the circuit, only

FIG. IV-33. Three-phase transformer windings.

Delta™ winding (usual
primary winding, may
also be used as

(1

secondary)

"Star" winding

(usually secondary
winding)
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Single-Phase Three-Phase 12-Pulse
Theoretical 100% 13% 3,5%
kv
+ e
-+ sSec 60 60 60
Effective 100% %

FIG. IV-35. Voltage (dc) ripple in single-phase two-pulse and three-phase 12-
pulse circuits. (Courtesy of Siemens Company.)

at zero load in order to prevent surges of current that may damage some
components of the circuit. In a single-phase circuit, contacting is made when
the voltage passes through a zero value (every VI20 sec). In a three-phase
circuit, when one of the phases reaches a zero value, the other two are at
about 85% of peak value, and contacting at zero load is not possible. This
difficulty is solved by phasing in the contactors in such a fashion that they
open and close in sequence rather than simultaneously. This method of
contacting reduces the transient currents without suppressing them com-
pletely. These transients are further dampened by the relatively high resist-
ance of the selenium rectifiers commonly used in these circuits, and which
act as surge suppressors.

Three-phase ci...:.« Offer the Jollowing advantages over single-phas&
power supplies: (1) They supply more power to the x-ray tube per unit time
and therefore allow for shorter exposures (Fig. 1V-36). (2) The intensity of

The x-radiation generated for a given tube current is considerably higher.
71 (3) The radiographic quality of the x-radiation produced by a three-phase
circuit is superior because it contains less soft radiation. (4) With a three”|
phase circuit the x-ray tube is utilized more efficiently because its target is |
~not subjected to low energy electrons, which use up the heat storage of the |
\ Tube-while emitting little x-radiation (Fig. IV-37).

When particularly high intensity radiation is required in diagnostic exam-
inations, three-phase equipment offers an excellent solution to the problem
because of the high radiation output for a given tube current.

Switching Tube X-Ray Circuits (Dynapulse Circuits)

In most x-ray circuits the exposure is controlled by a contactor placed in
the primary circuit (low voltage) of the high voltage transformer. The pur-
pose of the contacting system is to phase the instant of contact with the sine
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168ms

FIG. IV-36. Radiographic exposure with single-phase and three-phase 12-pulse
circuits. (Courtesy of Siemens Company.)

FIG. IV-37. Tube loading for single-phase and three-phase 12-pulse circuits.
(Courtesy of Siemens Company.)
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wave input voltage in such a fashion that contact is either made or inter-
rupted when the load of the secondary circuit is at its minimum value. This
phasing is done to avoid potentially harmful current transients fRof. 1SV
In general, it limits the possible exposures to integral multiples of one half-
cycle duration for the ac current used. With a single-phase 60-cycle input,
the useful exposure is limited to approximately M2o sec. (The half-cycle
~420 Sec exposure is equal in effect to a s~40 Sec exposure because radio-
graphically effective radiation is produced only during approximately one-
half of TImpuisey) The 12-pulse three-phase system described in the previous”)
section allows exposures of the order of secCviEven shorter exposures
have been obtained with three-phase circuits bv increasing theJrequencv of.

FIG. 1V-38. “Dynapulse” switching circuit.
{Courtesy of Machlett Laboratories, Inc.)
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FIG. 1V-39. Discharge of a
capacitor.

in placing; the x-ray switch on the high voltage side of the circuit. Mechan-
ical switches are inadequate for this purpose; controlled electron-flo"7
vacuum tubes (switching tubes) are employed.

Figure 1V-38 shows a high-voltage electronic switching tube x-ray circuit
(“Dynapulse” circuit). In this circuit the high voltage is supplied to the
x-ray tube by means of capacitors that are charged by a transformer-rectifier
combination. The switching is achieved by means of a high-voltage switching
tetrode and the exposure is controlled by means of a circuit that controls the
grids of the switching tube. The purpose of the capacitors in the circuit is to
supply therieeded power to the W ay tube independently of ac cycling.

capacitor is a structure capable of storing electricity and delivering it
when needed. It is composed of two electrical conductors, which may assume
a variety of shapes, separated by an insulator (dielectric). When a potential
difference V is established between the electrodes of a capacitor, the capaci-
tor acquires a charge Q as follows:

Q= Cv,

where C is a constant characterizing the capacitor, called the capacitance.
Theoretically, a capacitor can be made to store a charge as great as desired
by increasing the potential difference. In practice, the potential difference is
limited by the insulation between the electrodes.

When a charged capacitor is connected to a resistor (or any other load),
the electrical charge escapes the capacitor and the potential difference
between its electrodes decreases exponentially as a function of time (t)
according to the equation

V = Voe~tRC,

where Vo is the potential difference between the electrodes of the capacitor

at time 0, R is the resistance of the resistor, and C is the capacitance of the
capacitor (Fig. 1V-39).
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The Dynapulse circuit shown in Fig. 1V-38 consists of the following ele-
ments: (i) a high-voltage full-wave rectified circuit charging continuously,
(#) two capacitors which discharge into the x-ray tube when the switching
tube is conducting, and (3) an electronic switching tube.

The switching tube is a four-electrode vacuum tube (tetrode) the con-
ductivity of which is controlled by a pulse-forming circuit. The x-ray tube is
energized for periods of time so short that the potential difference across the
condenser does not drop appreciably and the x-ray tube is energized by what
amounts to a constant potential. Oscilloscope tracings of the voltage sup-
plied by the condensers are shown in Fig. 1V-40. In typical exposures carried
out with a dynapulse circuit, which are of the order of a few milliseconds, the
voltage applied to the x-ray tube drops only a few percent of the maximum
value.

The dynapulse circuit allows frequent high-intensitv short x-rav exposures

a that are impossible with other circuits of identical capacity. Repetitive
MexpoiuresTAthrUieNdynapulse~cifeuTt are limited by the rate of recharge of

~XTynapulse circuits are particularly useful in radiologic examinations when
extremely short exposures are desirable, particularly in serial angiography.

X-RAY GENERATOR RATINGS

X-ray generators are rated on the basis of the maximum voltage they can
supply and the maximum electrical power they can deliver. The electrical
power supplied by a generator is proportional to the difference of potential
multiplied by the current flowing through the circuit. Therefore, the maxi-
mum current that a generator can withstand without damage varies with

FIG. IV-40. Oscilloscope tracings of potential applied to x-ray tube by “Dyna-
pulse” circuit for:

Left 0.001-sec exposure

Right 0.002-sec exposure

(Courtesy of Machlett Laboratories, Inc.)
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the voltage at which it is operated. A typical x-ray generator may be rated
as follows:

Maximum voltage— 150 kV
500 mA at 150 kV
Maximum currents—e 800 mA at 125 kV
11000 mA at 100 kV or below

X-RAY AUXILIARY CIRCUITS

A typical circuit for a diagnostic x-ray unit is shown in Fig. IV-41. In
addition to the high voltage circuit, the operation of the unit requires addi-
tional electrical power to heat the filaments of the x-ray tube and of the
vacuum rectifiers. Because the input power of an x-ray installation is ac, this
form of current is used for heating the filaments. Typically, the current
flowing through an x-ray tube filament varies approximately from 2 to 6 A
with an applied voltage of about 3 to 14 V. The rectifier tube filaments are
operated at about 10 V and circulate approximately 10 to 12 A.

The electrical power for both x-ray and rectifier filaments is supplied by
means of step-down transformers which reduce the input voltage to the
desired value. The input power is often supplied by a winding of the auto-
transformer. It should be noted that both the x-ray and the valve tube fila-
ments are periodically at high voltage with respect to the ground potential,
and therefore the step-down transformers used to energize the filaments
must be insulated for these voltages. This purpose is achieved by separating
the secondary winding of the step-down transformer from the iron core by a
distance of several inches and by immersing the whole transformer in a bath
of insulating oil.

The rectifier filament is operated at constant current. The current flowing
through the x-ray tube filament, on the other hand, is varied to control the
x-ray tube current. The x-ray filament current may be controlled by altering
the primary voltage applied to the step-down filament transformer by means
of different resistors connected in series in the circuit (see Fig. 1V-41). This
control is critical because a small variation of the x-ray filament current
results in a large variation of the x-ray tube current. In some x-ray instal-
lations the filament transformer current is indicated on a meter.

The x-ray tube current can be measured by connecting a milliammeter
anywhere in the circuit of the secondary winding of the high voltage trans-
former. It is, however, undesirable to place the meter in a portion of the
circuit that is at a high potential with respect to ground, because the insula-
tion of such a meter from the ground potential would present serious prob-
lems. To alleviate this difficulty, the milliammeter measuring the tube cur-
rent is generally placed close to the ground potential, as shown in Fig. 1V-41,
where the insulation of the meter need not exceed a few volts.

The voltage applied to the x-ray tube could be measured by installing a
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voltmeter between the high voltage terminals of the x-ray transformer. Such
a system, however, would also'result in insulation difficulties. Therefore, the
voltmeter measuring the x-ray tube voltage is connected in the primary
circuit of the high voltage transformer; the voltage measured is proportional
to the voltage applied to the x-ray tube.

The x-ray tube voltage is varied by means of an autotransformer with
coarse (major) and fine (minor) controls (Fig. 1Y-41). The x-ray switch
(contactor) previously discussed is also placed in the primary circuit of the
high voltage transformer. Itshould be noted that the voltage adjustment in
the primary of the transformer andthe consequent adjustment of the poten-
tial difference across the x-ray tube are always accomplished with thejc”ray
switch (contactor) in the “off” position, and the switch is closeTonly when
the primary voltage has been adjusted to the desired value. This precaution
must be taken to prevent arcing in the contacts of the autdfransformer due
to self-inductance in the circuit, and to avoid current surges in the circuit.
Arcing would rapidly damage the contacts of the autotransformer.

X-RAY TIMERS

The duration of an x-ray exposure is usually limited by means of a timer
connected in series with the primary circuit of the high voltage transformer.
Different types of timers are used in diagnostic x-ray circuits. Interval or
synchronous timers close and open the x-ray circuit by means of a synchro-
nous motor. They are adequate for relatively long x-ray exposures, but they

cannot be relied nprm for pvpnanrps shorter thfin approximately secfor
the following reasons: (1) T, is difficult to obtain an accurate timing of
periods shorter than sec bv means of a mechanical device. (2) W henan

interval timer is used fnr short, pvposures. the amount of radiation generated
by the x-ray tube may vary widely for a givon time interval, depending on
the number of electrical pulses included in the time interval.

To overcome these difficulties in short x-ray exposures, impulse timers are
used. These electronic timers are based on the use of thyratron tubes (Fig.
X-4) triggered in phase with the alternating current u”uchTa fashion that
they close the x-ray circuit for a predetermined number of pulses, or during
a fraction of one pulse. Electronic impulse timers are reliable for exposures
as short as K o.f sec.

Another timer that is gaining acceptance in more advanced x-ray circuits
is the milliampere-second meter (mAs timer). This apparatus controls the
delivery to the x-ray tube of a predetermined amount of electrical charge ex-
pressed in milliampere-seconds.AThe device is based on the use of a capacitor
charged by an amount of electricity that is proportional to the charge flow-
ing to the x-ray tube. The accumulation of electrical charges in the capaci-
tor raises its potential, and when a predetermined potential is reached, i.e.,
when a predetermined amount of electricity has been delivered to the x-ray
tube, the mAs timer interrupts the flow of electricity through the circuit.



(IV) X-RAY APPARATUS 147

Some timers delimit the x-ray exposure on the basis of a predetermined
amount of radiation to be delivered to the radiographic film. Among these
instruments phototimers and ionization timers are particularly important.

A phototimer (Ref. 19) consists of a photomultiplier tube optically con-
nected to a riuorescent “pickup” screen. The screen may be placed behind
an x-ray cassette and thus be exposed to the radiation escaping the cassette,
or it may be placed between the patient and the cassette, thus absorbing a
negligibly small amount of the useful radiation. In the latter case, optical
coupling between the screen and the photomultiplier tube may be achieved
by means of a plastic sheet acting as light guide. Phototimers are also exten-
sively used in cinefluorography, where a portion of the light from the output
screen of the x-ray image intensifier is guided by a mirror, or other optical
coupling, to the photomultiplier tube. The electric current generated in the
photomultiplier tube, which is proportional to the amount of radiation
absorbed per unit tf™* m th”™ pi®up screen, is used to charge acapacitor
and raises its potential. The capacitor is connected to the grid of a thyratron,
and when the grid potential reaches a predetermined:~value, the thyratron

An ionization timer (“lontomat”) (Ref. s) is composed of an ionization
chamber that is placed between the film and the source of radiation. The
current generated by the x-radiation in the ionization chamber is fed to a
current-integrating device which interrupts the x-ray exposure.

Phototimers and ionization timers are useful devices widely used in diag-
nostic radiology.

Calibration of Timers— Spinning Top

Timers of x-ray units supplying pulsating voltage to the x-ray tube can be
calibrated by a simple device called “spinning top” (or “spin top”). The
spinning top used in radiology (Fig. 1V-42) is a circular disc, made of a
material relatively opaque to x-rays, with a small aperture, or window, near
its periphery. The disc is attached to a vertical axis supported by bearings to
allow free rotation. The spinning top is used by (1) placing it on x-ray film
under the unit to be calibrated, (2) setting it into motion by a twist of the
fingers, and (8) exposing a radiograph timed by the timer to be calibrated.
The radiograph thus obtained consists of the shadow of the disc with a series
of images of the window exposed by the pulsation of the x-ray beam (Fig.
IV-42). Since the pulsation frequency of the x-ray beam is known, the count
of the number of images of the window allows the determination of the time
of exposure. For example, for a full-wave rectified circuit with a frequency of
60 cycles per second, the number of x-ray pulses is 120 per second. If with
such aunit the number of images of the spinning top window is 12 (Fig. 1V-3)
then the exposure timed is sec. The speed of rotation of the spinning top
during calibration must be such as to provide several images of the window.
Spinning tops are inaccurate unless several pulses are encompassed within



FIG. IV-42. Spinning top for calibration of x-ray timers.
1 photograph of spinning top, showing window provided in the x-ray opaque brass
disk
2 radiograph of spinning top exposed by a full-wave rectified 60-cycle x-ray unit
(120 x-ray pulses/sec). Since six images of the window appear on the radiograph dur-
ing the exposure, the exposure consisted of ¢ Xx-ray pulses, or

o pulses __ Ho sec
120 pulses/sec
3 radiograph of spinning top exposed with the same x-ray unit as in 2, with an
exposure time of )do sec (12 x-ray pulses)
4 1s-sec exposure (24 x-ray pulses)
Note the increasingly shorter distance between the images of the window resulting

from the slowing down of the spinning top during exposure (counter-clockwise rota-
tion of the spinning top).
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the exposure. They cannot be used with constant potential circuits or with
exposures shorter than one pulse.
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(V) THE RADIOLOGIC
EXAMINATION, Part A:
The X-Irradiation and

the Generation of Information

A study of the influence of physical factors upon the radiologic examination
requires the understanding of the various steps involved in acquiring in-
formation by this method of analysis.

The study of any system by physical means consists of the observation of
the perturbation resulting when the system interacts (exchanges energy)
with another physical system. For example, the visual study of an object
consists of the observation of the light photons that are reflected or absorbed
when the object is illuminated. Chemical analysis is the observation of the
chemical changes produced when the substance under study interacts chem-
ically with another substance. A metallic object located in a nonconductive
medium of different density may be discovered by the perturbation it pro-
duces when the medium containing it is subjected either to a field of electro-
magnetic radiation or to the field of gravity.

The amount of information that can be gathered by the perturbation of a
physical system by another is determined by (1) the nature and amount of
the interactions between the system under study and the perturbed system,
and (£) the nature and amount of information that can be extracted from
the perturbed system. Under ideal circumstances no information is lost
between these two steps, and all the information coded by the perturbed
system is utilized in the study. In general, however, the amount of informa-
tion extracted from the perturbed system is considerably lower than the
amount it carries. The maximum amount of information that can be derived
from two interacting physical systems can be predicted; and while it is
desirable to extract the maximum information available, it is futile to

attempt to extract more information from the perturbed system than it
carries.

ACQUISITION OF INFORMATION BY MEANS OF X-RAYS

Diagnostic radiology consists of the interpretation of information acquired
by the examination of the opacity to x-rays of a biologic system. The purpose
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of Chapters V and VI is to evaluate the different steps by which a beam of
x-rays extracts information from the part examined, and to determine what
fraction of the information thus coded in the beam of x-rays is utilized in
the examination.

From the standpoint of the acquisition of information, there are three
steps in a radiologic examination: (1) the part to be examined is exposed to
a beam of x-rays, (2) the beam of x-rays is perturbed by interacting with the
part examined, and (3) the information carried by the perturbed x-ray beam
is translated into a form suitable for interpretation. The first two steps con-
sist in generating information, and the third is the retrieval of the informa-
tion generated.

The perturbation of the beam of x-rays by the part under examination con-
sists in the removal of photons from the beam, and the information carried
by the x-radiation emerging from the examined part is coded as a variation
in the number of x-ray photons per unit area (photon fluence). This change
in photon fluence is the only variable utilized for extracting information in
diagnostic radiology. In this respect diagnostic radiology differs from optical
examination which generally utilizes two variables, namely, fluence of light
photons and their energy or color. It is interesting to note that most diag-
nostic x-ray examinations are carried out with polyenergetic x-ray beams
and that the distortion of the spectral distribution of the photon energies
by the examined part is not utilized in the examination.

The generating of information in diagnostic radiology, then, consists of
the attenuation of a beam of x-rays by the examined part. The factors that
affect the attenuation of a beam of x-ray photons by matter are described in
Chapter I11. The influence of these factors depends on the energy of the
x-ray photons and the nature and amount of material traversed.

X-RADIATION ENERGY SPECTRUM IN DIAGNOSTIC RADIOLOGY

The energy spectrum of the photons originating from an x-ray tube
depends upon three factors: (1) the nature of the target of the x-ray tube,
(g) the electric field accelerating the electrons, and (3) the nature and
amount of~abiorbing materials interposed in the path of the beam that
escapes from the tube. The first two factors determine the spectral distribu-
tion of the energy of the photons emitted by the target of the x-ray tube.
However, as it emerges from the x-ray tube housing, this spectrum is pro-
foundly altered by selective absorption of some of the photons by the glass
envelope of the x-ray tube and by absorbers embodied in those parts of the
x-ray tube housing that are interposed in the path of the beam. In the con-
text of this presentation, the spectral distribution of the radiation inside the
tube envelope is of little interest, and only the radiation emerging from the
tube will be studied.

Most x-ray tubes used in diagnostic radiology contain a tungsten target
(a~few exceptions are discussed in Chapter 1V). Thus, in the presehTcontent?
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the three factors affecting the energy spectrum of the radiation emitted by
an x-ray tube (namely, target material, potential applied, and influence of
the tube envelope and housing) can be reduced to a single variable—the
accelerating potential applied to the x-ray tube.

Accelerating Potentials in Diagnostic Radiology

The voltage applied to x-ray tubes in diagnostic x-ray units either may
vary as a sine function of time, if it is supplied by a single-phase rectified
circuit; or it may be relatively constant in time if supplied by either a three-
phase 12-pulse circuit, or a “Dynapulse” type of generator. The three-phase
six-pulse generator falls between the above two categories and supplies a
voltage which varies as a function of time, but between narrower limits than
observed with a single-phase rectified circuit. Other forms of electrical poten-
tial may conceivably be applied to x-ray tubes, but at this time it appears
that the above categories encompass the great majority of diagnostic x-ray
installations.

The accelerating voltage supplied by a full-wave or half-wave rectified
circuit varies between zero and a maximum value, and returns to zero
according to a sine function (see Fig. IV-28). The number of such cycles per
unit time depends on the frequency of the alternating current applied to the
transformer, and on whether the circuit is of the full- or half-wave type. In
most installations in the United States the frequency of the alternating
current is 60 cycles per second, and therefore full-wave and half-wave
generators supply, respectively, 120 and 60 cycles per second.

The voltage of an alternating current varies sinusoidally as a function of
time, between zero and a maximum value (peak voltage), with a change in
polarity every half-cycle. A conventional voltmeter connected to an alter-
nating circuit cannot follow the rapidly changing difference of potential, and
voltmeters designed for the measurement of alternating potentials are con-
structed to indicate a potential equivalent to the potential of a direct current
that carries the same amount of energy as the alternating current. This
potential, called the root mean square (rms) potential, is equal to the maxi-
mum potential reached by the alternating current divided by the square
rootof (V2 = 1.414). IMan x-ray circuit, the voltmeter that indicates the
voltage supplied by the generatof fo the x-rayTubelsInserted. as discussed
In Chapter 1V, nTthe primary circuit of the high voltage transformer, and
the voltmeter reading is the maximum or “peak” value of the voltage
Ainduced on the highTvoltage side of the circuit (kVp).

The waveform of the potential supplied by an x-ray generator is distorted
as it is conducted to the x-ray tube. The distortion is mostly due to the
electrical capacitance of the shielded cables that connect the generator to
the tube. The cables act as two capacitors interposed in the tube circuit:
they are charged when potential is applied to the tube and thereby reduce
its peak potential, and the charge thus stored is released into the tube when
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FIG. V-1. Effect of capacitance of cables on waveform of voltage supplied to
x-ray tube.

Generator single-phase full-wave rectification

Cables 20 feet

Top 50 kVp; 1, 25 and 50 mA

Bottom 100 kVp; 1, 25, and 50 mA
It is apparent that, for a low tube current, the tube is supplied with nearly constant
potential owing to the capacitance of the cables. The influence of cable capacitance
on waveform is more pronounced for higher tube voltage.

the potential supplied by the generator decreases. The magnitude of this
effect depends (1) on the capacitance of the cables, which is proportional to
their length (2) on the x-ray tube current, and (8) on the voltage applied.
W ith long cables and low tube currents this effect is important (Fig. V-1).

The x-ray production rate of a tube connected to a full-wave rectified
circuit is cyclic in time, with a frequency equal to that of the potential
applied to the tube; however, the curve of this rate does not follow that of
the potential applied to the tube. The x-ray curve (see Fig. I\V-31) is more
“peaked” than the voltage curve because the efficiency of the x-ray produc-
tion is strongly dependent on the accelerating potential applied to the tube.

In Chapter 1V, various x-ray generators with circuits that supply x-ray
tubes with nearly constant potential were discussed. The three-phase
12-pulse rectified circuit, which is probably the constant potential circuit
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most widely used in diagnostic radiology, delivers a potential with a “ripple”
of only s % of the peak potential achieved. It should be noted that this
“ripple” is for all practical purposes erased by the capacitance of even short

cables. .
X

X-Ray Spectra

Figure V-2 shows the spectral distributions of x-ray photons generated by
different accelerating potentials applied to an x-ray tube energized with a
three-phase 12-pulse rectified circuit. These spectra are typical of most con-
stant potential circuits. For the same accelerating potential and therefore
for the same maximum photon energy, the radiation produced by a pulsating
circuit (Fig. V-3) is not as rich in high energy photons as the radiation gen-
erated at constant potential.

The contribution of the K-characteristic radiation from the tungsten

FIG. V-2. Spectra of x-rays generated with different accelerating potentials and
same tube current.
Generator three-phase 12-pulse circuit, inherent filtration
1 60kvp 2 80kvp 3 100kvp 4 120kvp 5 150 kVvp
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FIG. V-3. Comparison of spectra of 100 kVp x-rays generated with:
| single-phase (full-wave) circuit
Il three-phase 12-pulse circuit
Filter 3 mm Al added
Spectra normalized for equal number of photons

X-ray tube target, as a function of accelerating potential,.is shown in Fig.
V-2.

FILTRATION

The attenuation of a beam of polychromatic (polyenergetic) x-rays by an
absorber usually results in the alteration of the spectral distribution of the
x-ray photons. This effect, which stems from the unequal attenuation of
photons having different energies, is called filtration. Filtration occurs
because, in most instances, the attenuation coefficient of a substance for
X-rays varies with photon energy. This rule suffers a few exceptions: for
example, equal attenuation of photons having different energies takes place
when these energies encompass a high or low value of the attenuation coeffi-
cient owing either to a photoelectric absorption discontinuity,1 or to a
transition from one mode of attenuation to another.

Filtration does not take place with a beam of monoenergetic x-rays. With
such radiation all photons exhibit the same attenuation coefficient, and the
interposition of an absorber results in attenuation without alteration of the
energy distribution.

1The value of the photoelectric attenuation coefficient, plotted versus photon energy,

exhibits a series of discontinuities for photon energies equal to the electronic shells of
the absorber.
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In general, the attenuation of x-rays in matter increases with decreasing
photon energies, and the filtration of a beam of x-rays results in the rela-
tively greater depletion of lower energy photons than higher energy photons.
In this way filtration produces an increase in the mean energy of a poly-
energetic beam of x-rays. This effect is sometimes referred to as “hardening”
of an x-rav beam. Under certain circumstances filtration may result in the
removal of a relatively greater number of higher energy.photons than lower
energy photons, with the unusual result of a decrease in mean energy. This
occurs when a large fraction of the higher energy photons have energies equal
to a photoelectric attenuation peak of the filtering materiaLJJnder these
Circumstances the lower energy photons are absorbed to a lesser degree
ne cninse the attenuation coefficient of the filter exhibits a relative minimum
at each photoelectric s isconcinuicy.

Both photoelectric and Compton effects may contribute to filtration
because the probabilities of both of these modes of attenuation decrease with
increasing photon energy. However, photoelectric attenuation results in a
considerably more selective filtration (relatively greater number of low
energy photons removed) than Compton attenuation because of the much
stronger energy dependence of the former process. In the diagnostic x-rav
energy range filtration by Compton effect is minimal.

In radiologic examinations x-radiation is subjected to three forms of
filtration: (1) the filtration of the x-ray beam as it passes through absorbers
inherent in the structure of the x-ray tube and its housing (inherent filtra-
tion), (2) the additional filtration of the x-ray beam emerging from the tube
housing by absorbers placed in the path of the beam with the purpose of
reducing the number of low energy photons (added filtration), and (3) the
filtration of the x-ray beam as it passes through the organs and parts of the
patient examined.

Inherent Filtration

The x-radiation emerging from a tube housing is filtered by various
absorbers the presence of which is required for the operation of the tube.
In a modern x-ray tube this filtration, called inherent filtration, takes place
m three structures: (1) the glass envelope of the x-ray tube, (2) the oil
insulation that surrounds the tube, and (3) the window in the tube housing,
usually made of plastic, which contains the oil and allows the radiation to
escapeirom the tube housing. In low-capacity x-ray tubes the cooling oif
and the tube housing window may be absent.

Table V-1 shows the inherent filtration of a typical diagnostic-type
rotating-anode tube. The glass envelope of the x-ray tube is responsible for
most of the attenuation of the radiation because of its higher effective atomic
number than oil and Bakelite, which are both organic compounds the con-
tribution of which to inherent filtration is negligible. For photons having
energies below 50 keV the attenuation of x-rays in glass (silicon dioxide)
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TABLE V-I. Inherent Filtration for Typical
Diagnostic X-Ray Tube*

Absorber Thickness  Aluminum equivalentb
(mm) (mm)
Glass envelope 14 0.78
Insulating oil 2.36 0.07
Bakelite window 1.02 0.05

8 From Trout (Ref. 1).
b Thickness of aluminum resulting in same filtration as the absorber.

takes place by photoelectric interactions predominately. For higher energy
photons, Compton interactions become more probable.

The inherent filtration of an x-ray tube effectively removes low energy
photons. which~~explams the diflererice~i-Utweeirihespectral distribution of
x-ray photons actually emerging from an x-ray tube (Fig. V-4) and the

FIG. V-4. Effect of added filtration on spectral distribution of 100 kVp x-rays
(three-phase 12-pulse circuit).

1 inherent filtration, including collimator

2 I1mmAlL 3 2mmAL 4 3mmAl 5 0.125 mm Cu
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theoretical alni.pft_nf the radiation spectrum as produced by the target (see
Fig. 11-6).

Added Filtration

The x-radiation emerging from the tube housing, although depleted of a
certain number of low energy photons by inherent filtration, still exhibits a
broad spectral distribution containing a number of photons with energies
considerably lower than the mean energy of the beam. The presence of these
low energy photons in the x-ray beam is undesirable in diagnostic radiology
"becauselheir absorption by the part to be examined is greater than that of
the higher energy photons, and they contribute little to the examination and
much to the highly undesirable irradiation of the patient. It is therefore
desirable to reduce further the number of low energy photons in the beam
already filtered by inherent filtration. This is accomplished by interposing a
filter between the tube housing and the patient. T he nature and the amount
of filter material are determined by (1) the energy of the radiation to be
filtered and (ffpthe degree ot “hardness™ to be achieved.

Under ideal conditions the filter should remove all unwanted photons
without affecting the useful radiation. Unfortunately, ideal filters do not
exist, and the removal of low energy photons is always accompanied by the
loss of a certain number of higher energy photons. The performance of a
filter can be rendered optimum hv making it of a~subst,ance having an
attenuation coefficient that is particularly high for low~enefgy photons and
that decreases rapidly with increasing photon energy. Such energy depend-
ence is typical of pbotoelextcixLflttpnuatinnJand_filt,prs arre therefore made of
elements that attenuate mostly by photoelectric effect in the low energy
region oTthe radiation to be filtered, irfconventional diagnostic radiology.
aluminum is the material generally usedTfor added filtration. The attenua-
tion of x-rays in aluminum takes place mostly by photoelectric effect for
photons with energies up to 50 keV, and decreases rapidly with increasing
photon energy, as shown in Fig. V-5.

The filtration of higher-energy x-rays, generated by peak voltages between
100 and 200 KVTIs more effectively achieved with copper than with alumi-
TjuifTbecause of the greater attenuation of higher energy photons in copper,
as shown in Fig. V-s. In general, the use of a higher atomic-number filter”
results in the removal of higher energy photons.

It is difficult to determine the ideal amount of filtration for a given diag-
nostic procedure. Although increasing the filtration means depressing the
number of low energy photons, it also reduces the number of high energy
photons available for the examination. Many authors agree on the desir-
ability of adding about - mm of aluminum to the inherent filtration in con-
ventional-range diagnostic procedures. Figure V-4 shows the alteration of
the spectrum of a beam of x-rays traversing 1,2, and s mm of aluminum and
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0.125 mm of copper. It is apparent that after the addition of : mm of
aluminum further filtration does not appreciably alter the distribution of
the radiation energy. The comparison of the filtration effect produced by
3 mm of aluminum and 0.125 mm of copper on 120 keVp x-radiation, gen-
erated by a constant potential circuit, shows that copper filtration is more
effective in removing low energy photons than the 3-mm aluminum filter
T™ig- V-6) D e '

FIG. V-5. X-ray attenuation coefficient for aluminum as a function of photon
energy. (From values of Grodstein, Ref. 11.)

PHOTON ENERGY MeV
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FIG. V-6. Effect of added filtration on the spectral distribution of 120 KV pXx-rays
(three-phase 12-pulse circuit) and distortion of the filtered radiation by 10 cm of
water.

inherent filtration

3 mm Al

0.125 mm Cu

3 mm Al and 10 cm water

0.125 mm Cu and 10 cm water

g~ whN e

ATTENUATION OF X-RAYS IN THE PATIENT

The rate of attenuation and the consequent filtration suffered by an x-ray
beam as it traverses the part examined during a radiologic diagnostic pro-
cedure depends on the atomic composition of the structures encountered by
the x-ray photons. Erom the standpoint, of their opacity to x-ravs. all
anatomic structures encountered in clinical radiology can be classified
according to their effective atomic numbers into three categories: adipose
tissues~tfat)7~softrTissues (withThe evcinsinn of fat.) and body fluids; and
bone.

Attenuation of X-Rays in Fat

There is a wide variation in the chemical composition of adipose tissues,
depending both on the particular adipose tissue under consideration and the
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age of the individual. However, from the standpoint of x-ray attenuation a
reasonably representative effective atomic number and an average electron
density for all human fat can be determined. The percentage composition of
adult human adipose tissue (Refs. 2 and 3) is as follows:

W ater 23.02%
Protein 5.85%
Carbohydrate <01 %

Ether-extractable lipid 71.57%

The percentage composition of the lipid is:

Cholesterol 0.3%
Phospholipid <oa%
Triglyceride 99.5%

On the basis of this chemical composition the effective atomic number of
"human fat is 0.3, with an electron density ot 3.34X10” electrons per“gram
(Table V-2).

The relative contribution of photoelectric and Compton interactions to
the attenuation of x-rays in human fat is shown in Fig. V-7. Figure Vs

TABLE V-2. Elemental Composition, Electron Density, and Effectve Atomic
Number of Fat, Muscle, Water, and Bone

Fat Muscle Water Bone
(adult human  (striated) (femur)
adipose tissue)

Percentage composition

(by weight)

Hydrogen 1. .2a 10.2b 11.2 8.4b

Carbon 57.3a 12.3b 27.6b

Nitrogen 1l 1a 3.5b 2.7b

Oxygen 30.3a 72.9b 85 .8 41.0b

Sodium 0.08b

Magnesium 0.02b 0.2b

Phosphorus 0.2b 7.0b

Sulfur 0.06a o .5b 0.2b

Potassium 0.3b

Calcium 0.007b 14.-F—
Electron density (el/g) 3.34X102 3.32X108  3.34X1023C 3.19X107
Effective atomic number 6.3 7.4 7.4 11.6

(Z)

aFrom Todd and West (Ref. 2), Hirsh et al. (Ref. 3), and Hilditch (Ref. 4).
bFrom Johns (Ref. 7).



THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

FIG. V-7. Contribution of photoelectric and Compton interactions to the attenu-
ation of x-rays in fat. (From values of Grodstein, Ref. 11.)

shows the attenuation of 100 keVpx-rays in mineral oil, which is representa-
tive of human fat.

Attenuation of X-Rays in Soft Tissues and Body Fluids

The attenuation of x-rays in soft tissues and in body fluids is governed by
the interaction of x-ray photons with low atomic-number elements, because
neither electrolytes nor high atomic-number trace elements are found in
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sufficient concentrations in these parts to affect appreciably their effective
atomic numbers. The effective atomic numbers of different soft tissues
(except fat) and of various b»dy fluids Henot, differ appreciably from that
of muscle, this value being 7.4 (Table V-2). The electron density of muscle is
3.32 X1023 electrons per gram. For practical purposes, these values are

FIG. V-8. Narrow-beam attenuation of 100 kVpx-rays in (1) mineral oil, (2) water,
and (3) a medium (“mock” bone) having an effective atomic number and an electron
density similar to those of bone.
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FIG. V-9. Contribution of photoelectric and Compton interactions to attenuation
of x-rays in water (muscle). {From values by Grodstein, Ref. 11.)

identical with those of water. This uniformity of the effective atomic number
for soft tissues and body fluids and its identity with that of water result from
the predominance of water in both soft tissues (approximately 75% by
weight) and body fluids (from 85 to nearly 100% by weight). The remainders
of the weights of both soft tissues and body fluids consist of organic com-
pounds having effective atomic numbers similar to that of water.

Under these circumstances the study of the attenuation of x-rays in soft
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tissues and in body fluids encountered in diagnostic radiology can be con-
siderably simplified by assuming their identity with water._The contribution
of Compton and photoelectric intprgptirmr. to the a.t.fpnnation of r-ra.ys in
water is shown in Fig. V-9. Up to approximately 30 keV, photoelectric
attenuation is important; beyond that energy, the Compton effect is mostly
responsible for the attenuation ot x-rays in water.-------------------

The alteration of the spectral distribution of filtered polyenergetic x-rays
in water is shown in Figs. V-s, V-10, and VI-10. It is apparent that the filtra-
tion effect is moderate even for a large amount of water interposed in the
path of the beam. Figure V-l shows the attenuation of x-rays generated
with various peak energies in water. The linearity of the semilogarithmic
plot shows that the filtration effected by water does not alterappreciably
the absorbability of the x-radiation in this medium.

FIG. V-10. Alteration of spectral distribution of 150 kVpx-rays in 3 mm aluminum
and water.

inherent filtration

3 mm Al added

3 mm Al and 10 cm water, X4.0

3 mm Al and 20 cm water, X15.0

H w PN
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FIG. V-l1l. Narrow-beam attenuation of x-rays of various energies in 3 mm
aluminum and water.

1 60kvp 2 80kVp 3 100kVp 4 120kVp 5 150kVp
s 1200 keV 7 -rays, Coeo

Attenuation of X-Rays in Bone

The elemental composition of bone (Table V-2) differs mainly from that
of soft tissues by the presence in bone of approximately 15% by weight of
calcium, which raises the effective atomic number of this tissue to the value
of 11.6. Because of this relatively high effective atomic number, the photo-
electric component of the~attenuation of x-rays in bone is considerably
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higher than that in soft tissues. Figure V-12 shows the relative contributions
of photoelectric and Compton attenuations to the total attenuation of x-rays
in bone. It is apparent that up to an energy of about 40 keV the attenuation
in bontTtakes place mostly by photoelectric_effect.

The attenuation of 100 keVp x-rays in bone is shown in Fig. V-s . Because
of the relatively high effective atomic number of bone and of the consequent
predominance of photoelectric absorption, polychromatic x-rays are con-

FIG. V-12. Contribution of photoelectric and Compton interactions to the attenu-
ation of x-rays in bone. (From values by Grodstein, Ref. 11.)
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giHpra.hly “hardened” hv bone, as demonstrated by the curvature of the
semilogarithmic plot in Fig. V-s .

Attenuation of X-Rays in Liver

The concentration of high atomic-number elements in certain organs is
considerably greater than in most soft tissues or body fluids. Such organs are
the thyroid gland, which concentrates iodine selectively, and the liver and

FIG. V-13. Narrow-beam attenuation of 60, 80, and 100 kVp x-rays in beef liver

(1) and in water (2) with 3 mm Al added.
Generator Three-phase 12-pulse circuit
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the spleen, in which the concentrations of*ellurium”are high (Ref. 5). It

would appear that the concentration of high atomic-number elements in

these organs renders them more opaque to x-rays, particularly to low energy

photons, because of photoelectric interactions.

The attenuation of x-rays generated at various peak voltages in liver is
shown in Fig. V-13. It is apparent that in spite of the relatively high tellu-
rium content, the attenuation of x-rays in liver is lower than in water. There-
fore, in spite of the high concentration of tellurium in the liver, this organ
cannot be distinguished by means of a conventional roentgenographic
examination from the surrounding soft tissues.

Contrast Media

Many organs and anatomic structures are not visualized by x-radiation
because they exhibit the same attenuation as the tissues which surround
them. For example, a blood vessel in muscle does not cast an x-ray shadow
distinctive from that of muscle because the linear attenuation coefficient is
the same for blood and muscle. However, the attenuation of x-rays in such
structures can be altered by introducing a substance called contrast medium
that has a different x-ray attenuation coefficient. The contrast medium may
exhibit an attenuation coefficient either larger or smaller than that of the
structure to be visualized, visualization being achieved by “contrast” with
respect to adjacent tissues. The most obvious application of this method is
the introduction of contrast material into body cavities, such as the rectum,
the colon, the esophagus, the uterus, and others. The. blood circulatory
system can be visualized by the injection of contrast media into it. Some
organs can be opacified with the help of their physiologic functions that
concentrate the contrast media in the organs. A typical example of such an
opacification is the visualization of the kidneys by intravenous injection of a
contrast medium that is cleared by the kidneys.

Although in most procedures the contrast medium used increases the
attenuation of x-rays in the structure or the organ to be visualized, some-
times a decrease is produced by the introduction of air into a body cavity
otherwise either collapsed or filled with a body fluid. This technique is
referred to as air contrast radiography and is used in the visualization of
the gastrointestinal tract and the bladder, among others.

Toxicity often limits the amount of contrast material that can be safely
administered. It is therefore desirable that the contrast medium exhibit a
high x-ray attenuation coefficient for the radiation used, jn the conven-
tional diagnostic energy range, which comprises x-rays having peak energies
'‘Below 151) keV, high attenuation of radiation canhp afflipypd by photoelec-
tric effect in high atomic-number elements; and contrast media most often

contain high atomic number elements.
~TFwould a.ppear that, hpp.fiQgp nf tfip strong HpppnHpnpp of the photoelec-
tric effect on the atomic number of thp pmit.rnrit TWPrha should
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contain elements in the higher 7 portion of the periodic table (for example,
1Qorh throughout most of the diagnostic x-ray energy range, ele-
ments with an atomic number close to 50 exhibit a higher mass x-ray attenu-
ation coefficient than higher atomic-number elements. This apparent paradox

Hup tn the facFthat the energy of most photons used in diagnostic radi-
~ IbgylsTnsufficient to interact by photoelectric effect in the K-shell ofTiigh
a.tnmic-nnmher elements such as lead. Under these circumstances, photoelec-
tric absorption takes place with a relatively low probability in the L-shell of
the higlv*Z element? On the other hand, the energy of these x-ray photons is
sufficient to be highly absorbed in the K-shell of the lower-Z elements.

Figure V-14 shows a comparison of the mass attenuation coefficients for
lead and iodine. For photon energies between about 33 and ss keV, which
correspond to the energies of the K-absorption edges for iodine and lead,
iodine exhibits a higher attenuation coefficient than leadZ Outside these
limits the situation is reversed. The energy range in which iodine exhibits a
higher attenuation coefficient than lead encompasses most of the photons
used in diagnostic radiology. Indeed, few x-ray photons below 33 keV
traverse the examined part, and few of them are generated with energies
greater than ss keV in conventional examinations. Thus, in radiologic exam-
inations carried out with x-radiation generated by peak voltages of less than
approximately 150 kVTiodine, gram per gram, is a better contrast material

middle of the periodic table, i.e., elements with an atomic number in the
neighborhood of 50. which are superior contrast media from ttnrradiatioir
attenuation standpoint than heavier elements such as lead, mercury, gold.
or tungsten. It is interesting to note that the two most widely used contrast
media, barium and iodine, with atomic numbers of 56 and 53, respectively,
are particularly suitable for the attenuation of x-rays in the conventional
energy range (Ref. ¢). It is probable, however, that these materials were
originally selected primarily on the basis of their chemical properties and
low toxicities, rather than their physical superiority with regard to x-ray
attenuation.

The attenuation coefficients of medium atomic-number elements for
photon energies of about 50 to 60 keV are greater than those of high atomic-
number elements only if the attenuation coefficients are expressed in terms
of cm2g (mass attenuation coefficients). The situation is reversed if linear
absorption coefficients are used (cm-1). In such a case, the high atomic-
number elements, because of their greater densities, are better absorbers.
Thus, 1 mm of lead attenuates 50 keV x-ray photons to a greater extent than
1 mm of iodine. However, because the toxicity of a contrast medium is usu-
ally determined on the basis of total mass of the material administered, the
evaluation of the attenuation of x-rays in terms of mass per unit area is
preferable.

Figure V-14 also shows the attenuation of x-rays in muscle (water) as
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FIG. V-14. X-ray attenuation coefficients for water, iodine, and lead, as a func-
tion of photon energy. (From values by Grodstein, Ref. 11.)

compared to iodine and lead. The attenuation in both lead and iodine is so
much higher than in soft tissue that it is quite obvious that the addition of
even a small amount of contrast material containing these elements will
enhance the opacity of a structure or organ by a considerable factor.

Comparison of Biologic Structures by Relative Contrast

Two adjacent structures can be distinguished radiologically only if there is
a difference between the x-ray attenuations in the two structures. Such a
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FIG. V-15. X-ray attenuation coefficients for water, fat, and bone, as a function of
photon energy. (From values by Grodstein, Ref. 11.)

difference depends on the relative x-ray attenuation coefficients of the two
structures and on the amounts of the two absorbers traversed. Figure V-15
shows the variations of the x-ray attenuation coefficients for bone, fat, and
muscle (water) as a function of photon energy. It is apparent that the differ-
ence between these coefficients is greatest at low photon energy, that it
decreases with increasing photon energy, and that it vanishes at about
120 keV, The differences exhibited at lower energies result from the contribu-
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tion of photoelectric interactions, which are dependent on the effective
atomic number of the absorber (Zg: fat = 6.3, muscle = 7.4, bone = Il.b)~
(Table V-2). At higher photon energies, with the predominance of Uompton
interactions, which depend only on the absorber electron density, the differ®
ences between the x-rav attenuation coefficients of fat, muscle, and bone
vanish because these three tissues have almost identical electron densities
(3.34 X102 3.32 X102 and 3.19X10Z3 electrons per gram, respectively)
(Table V-2).

Tt, shonld-Jm-noted-4rhalL while i:ih-fdfretron-densities fog-fat, hone, and
muscle are nearly equal, resulting in npa.rly pgnal Hnmptftn qgttpnngi.inn
coefficients, their densities are different (Table V-3). Thus, equal thir.kne.aseft
of fat, muscle, and bone attenuate x-rays to different degrees, even for
photons having; energies greater than 120 keV. In many instances the visual-
ization of structures in radiology depends on differences in . ensity rather
than differences in attenuation coefficients. For example, a noncalcified lung
tumor casts a denser shadow than the adjacent lung tissue because of a
difference in density (Table V-3), although both structures have identical
X-ray mass attenuation coefficients.

Table V-3. Densities of Various
Human Tissues

Tissue Density (g/cm3
Lung 0.32 (Ref. s)
Fat 0.92 (Ref. 9)
Lung carcinoma 0.86 to 1.05 (Ref. s)
Bone 1.65 to 1.85 (Ref. 10)

The structures revealed in the patient by radiologic examination can be
classified as follows:

1. Muscles and body fluids. These absorbers have a density of about
1 g/cms and are identical with water from the standpoint of attenuation of
X-rays.

2. Air pockets. From the standpoint of attenuation of x-rays an air pocket
can be regarded as a vacancy in the structure in which it is found.

3. Tissues such as lung, which have a mass x-ray attenuation coefficient
equal to that of muscle and water, but have a lower density.

4. Fat.

5. Bone.

s . Body structures filled with contrast media.
Figure V-16 illustrates the transmission of x-rays through a series of nodules
2 cm in diameter immersed in a 20 cm-thick water “phantom.” The nodules
contain respectively air, lung tissue, fat, bone, and a 10% aqueous iodine
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solution. The number of photons impinging on the phantom has been
normalized to a value corresponding to the transmission of one photon by
20 cm of water. It is apparent that the differences between the transmissions
of radiation through the different absorbers, which are proportional to the
contrasts between the absorbers, decrease with increasing photon energy.
The relative contrast of bone and iodine reveals an interesting situation.
For 30 keV photons, bone (under the described circumstances) absorbs more
radiation than iodine; while for 40 keV photons the situation is reversed, so
that iodine attenuates much more than bone. For 60 and 100 keV photons,
iodine is still a better absorber than bone. However, the difference in absorp-
tion between these two media is reduced with increasing photon energy: for
150 keV photons, the situation has been reversed and bone is a slightly
better absorber than iodine.

This effect can be explained by comparing the x-ray attenuation coeffi-
cients for bone (Fig. V-12) and iodine (Fig. V-14). The attenuation of x-rays
in bone decreases with increasing photon energy. (The ratio of the x-ray
attenuations in water and in bone also decreases with increasing photon
energy. The cause of this effect is apparent from Fig. V-15.) On the other
hand, the attenuation of x-rays in iodine in the energy range of 30 to 150 keV
exhibits a discontinuity because the K absorption peak of iodine occurs at
approximately 33 keV (Table 11-1). Thus, for 30 keV photons the attenua-
tion of x-rays in iodine is relatively low because these photons do not carry
sufficient energy to undergo photoelectric interactions in the K-shell. At
40 keV, however, the energy of the impinging x-ray photons is greater than
the binding energy of the K-shell of iodine, and the attenuation of x-rays in
that medium is intense. Thereafter, with increasing photon energy, attenua-
tion in iodine again decreases. At 150 keY the attenuation in bone surpasses
that in iodine, although the attenuation coefficient for iodine is still greater
than that for bone because of the greater mass per unit area (g/cm2 of bone
traversed by the radiation.

In conclusion, the maximum differential in the attenuation of x-ray
photons in organs and other anatomic structures is observed for very low
energy radiation, where the contribution of photoelectric attenuation'll
important. This differential decreases with increasing photon energy (Figi
V-17). When contrast media are used, maximum attenuation occurs~for
photons with energies slightly higher than the K absorption discontinuity in
the element used as contrast material. For iodine, maximum attenuation
occurs at a photon energy slightly greater than 36 keV. It should be noted
that the high differential attenuation of low energy photons is also accom-
panied by a high total attenuation of the beam. Thus, as shown in Fig.
V-16, a beam of 30 keV photons is attenuated by a factor of 1219 when
passing through 20 cm of water, while an attenuation factor of only 20 is
observed with 150 keV photons. The use of very low energy photons in
diagnostic radiology, although highly desirable from the standpoint of
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retaining; high onntrast,. is, in most instances, limited by the high total
absorbability of such radiation which results in an undesirably high exposure

of the patient to radiation.

HIGH VOLTAGE RADIOGRAPHY

Practically all radiologic examinations are carried out by means of x-rays
generated with tube potentials under 150 kV. However, radiographic exam-
inations have been carried out (mostly in Sweden) by means of heavily
filtered x-rays generated with a potential of 200 kV; and the possibility of
using x-rays in the MeV range in diagnostic radiology has been investigated
by Tuddenham and his co-workers (Refs. 12 and 13). The main purpose of
using higher energy radiation in diagnostic radiology is to reduce the differ-
ence in the absorption of x-rays in bone and in soft tissues in an attempt to
improve the visualization of soft tissue structures overlying bone. In the
conventional diagnostic x-ray energy range the contribution of the photo-
electric effect to the attenuation of x-rays in bone is important; and because
of its relatively high effective atomic number, bone in this radiation energy
range is considerably more opaque to x-rays than soft tissues (see Sections
on “Attenuation of X-Rays in Bone” and “Comparison of Biologic Struc-
tures by Relative Contrast,” above). Under the circumstances the radiologic
visualization of soft tissue structures which overlie bone is difficult because
they are “overshadowed” by the underlying bone. For example, a radio-
graphic examination of the chest with suitable visualization of the lung field
does not show much detail of mediastinal structures because of inadequate
penetration of x-rays through bone (Fig. V-18).

The use of higher energy x-rays reduces the contribution of photoelectric
attenuation, and for photon energies above 120 keV, the x-ray mass attenua-
tion for bone is practically identical with that of muscle (Figs. V-15 and
V-18).

Figure V-17 shows a comparison of conventional energy and high energy
radiographs. It can be seen that, although bone is still apparent on the high
energy films because of its higher density than soft tissues, these radio-
graphs show good visualization of air passages, which in the conventional
examination are obscured by bone shadow.

High energy x-rays have been generated for diagnostic purposes with
conventional x-ray generators (up to 200 keVp), with resonant transformers
(Refs. 12 and 13) (2,000 keVp), and with Van de Graaff generators (2,000
keVp) (Refs. 13 and 15). Cobalt-60 gamma radiation has also been used for
this purpose (Ref. 14). For 200 keVp radiography, conventional xjav
intensifying screens can be used; but for higher photon energies conventional

FIG. V-17. Radiographs of: A head; B chest; C pelvis; exposed with 70 kVp
(bottom) and 2 MV P (top) x-rays (2 MeV Van de Graaff generator). (Courtesy of
Dr. D. Cochran, Department of Radiology, University of Missouri Medical School.)



FIG. V-17A (Legend on opposite page).
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FIG. V-17B (Legend on page 176).
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FIG. V-17C (Legend on page 176).

screens are too transparent to x-rays, and lead screens are used. Lead screens,
which are typically 0.005 in. thick (Ref. 12), do not fluoresce in the visible
range; but they generate secondary electrons subsequent to absorption of
x-rays; it is these electrons that expose the film.

The use of high energy radiography has been shown to increase the
visibility of mediastinal structures without overexposing the lung field
(Refs. 1 and ). High energy radiographic techniques are particularly
applicable to the visualization of bronchogenic carcinoma which often
escapes detection because of overlying skeletal parts (Ref. 12) for visualiza-
tion” the H for field localization in radiation therapy (Refs. 14
and 15).

The main disadvantages of high energy radiography are:

T. The contrast of the examination is drastically reduced because of the
low attenuation of the radiation in tissues.
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2. The scattered radiation generated by Compton interactions of the
high energy photons is emitted mostly in the forward direction (Fig. 111-8)
and it is practically impossible to remove it by means of a grid because of
the small angle of scattering, and because of the high penetration of the
scattered radiation. This scattered radiation contributes to further reduce

the contrast.
3. The dose of radiation delivered to the patient during a high energy

radiographic examination is considerably higher than that of a conventional

FIG. V-19. Mammogram
showing benign cyst (fibro-
sarcoma of breast).
Technique 30 kVp, 300 mA,
6 SEC

Focus-film distance 40 in. on
Kodak Industrial Film Type M
(Courtesy of Dr. P. Ruben
Koehler, The Edward Mallinc-
krodt Institute of Radiology.)
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examination because little of the high energy radiation is absorbed by the
screens.

LOW ENERGY RADIOGRAPHY—MAMMOGRAPHY

Certain radiographic examinations require the visualization of soft, some-
times calcified, tissue lesions that are surrounded by soft tissue. A typical
example of such an examination is mammography (Ref. 16), where the
breast is examined radiographically mainly for the purpose of visualizing
neoplastic and also benign lesions (Fig. V-19). Radiographic examinations
of this type require high soft-tissue contrast and high absorption of x-rays
in calcium. Both of these factors are maximized by using the lowest possible
energy radiation (see Figs. V-15 and V-16). No consideration need be given
to the location of the K absorption discontinuity of calcium, which occurs
at about 4 keV, because x-ray photons in that energy range are inconse-
quential in the examination.

The main technical problem in mammography is to generate a sufficiently
intense beam of x-rays suitable for exposure of the film. The difficulty is
created by a combination of four factors: (1) The process of generating the
low energy x-rays required (approximately 30 kVp accelerating voltage) is
very inefficient. (2) The intensity of the low energy x-radiation produced is
appreciably reduced by inherent filtration in the tube. (3) The low energy
x-ray beam is much attenuated in the breast, and only a small percentage of
the photons reach the film. (4) Because of the high resolution required for
the examination, intensifying screens are not used.

These four factors impose a particularly heavy load on the x-ray tube
(Ref. 17). Tubes fitted with beryllium windows for the purpose of reducing
inherent filtration have been used in mammography. The improvement thus
achieved is limited by the fact that the very low energy photons which
escape the tube through the beryllium window are rapidly absorbed by the
breast, and few of them contribute to the examination. For mammography,
beryllium window tubes do not appear to be superior to glass window tubes.
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(VI) THE RADIOLOGIC
EXAMINATION, Part B
The Radiologic Image and

the Retrieval of Information

In a radiologic examination the information extracted by the x-ray beam
from the examined part consists of the attenuation of this beam by the
structures through which it passes. The spatial distribution of the trans-
mitted photons in a plane perpendicular to the emerging x-ray beam, is
called the radiologic or x-ray image.

QUALITY OF THE RADIOLOGIC IMAGE

The faithfulness, or quality, of the radiologic image can be defined as the
ability of this image to reflect the spatial variations in the attenuation of
x-rays by the examined object. For example, if two adjacent objects differ
in their opacities to x-rays by 10%, a faithful radiologic image of these
objects consists of two areas in which the number of photons per unit area
differ by 10% and the boundary between the two areas on the image is
identical with that separating the two objects. Many physical factors,
such as finite size of the x-ray focal spot, scattered radiation, etc., contribute
to the deterioration of the quality of a radiologic image. These factors will
be discussed later in this text. First we shall examine the upper limit of
the quality of the radiologic image, assuming that the variable under
scrutiny is the ability of the image to “code” information.

The maximum amount of information coded in a radiologic image, which
determines the quality of the image, is limited by only two factors: (1) the
uncertainty principle which limits the ability of x-ray photons to interact
with small structures and therefore to reproduce fine detail, and (2) the
statistical fluctuations of the x-ray photons that form the radiologic image.

Limitations Imposed by the Uncertainty Principle

One of thp pnngpaneees P tIQnnporlainty prineiplftTs-Toal, WICH & svs.
tem is studied by its interaction with an electromagnetic radiation, the
maximum resolution obtained can at best be of the magnitude of the wave-
length of the radiation used. The wavelength of x-rays commonly used in
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diagnostic radiology is of the order of 0.1 A; therefore it is impossible to
achieve a resolution greater than this in radiologic images. Since 0.1 A-is a
subatomic dimension, the restriction imposed by the uncertainty principle
nn the pos«iKip quality of t.hp radiologic image is inconsequential IrTthe

present discussion.

Limitations Imposed by the Information-Carrying Capacity of the Beam

The amount of information either acquired or stored by any physical
system is limited by the total number of information-carrying elements con-
tained in the system. In the case of the radiologic image, these information-
carrying (coding) elements are the number of photons per unit area; indeed,
the quality of the image depends on this number. This concept can be
illustrated by considering the extreme case of a radiologic examination
carried out with one single photon. Under such circumstances, the radio-
logic image is either a blank or consists of one photon. It is apparent that in
either case the information content of such an image is low. If a greater
number of photons are used, for example, if the radiologic image consists of
ten photons per square centimeter, the amount of information contained in
the image is greater than in the previous example.

This line of reasoning indicates that the quality of the radiologic image
increases with the number of photons per unit area, and that this image
may reproduce faithfully the examined structure only if the number of
photons per unit area is infinitely large. It may seem that the number of
photons used in an actual radiologic examination is so great that from a
practical standpoint the number of photons that form the image is large
enough to produce an image of high quality. In practice, however, the
intensity of the x-radiation used in a radiologic procedure is severely limited
by the fact that it is undesirable to expose a patient to too much radiation;
and, in many instances, the quality of the examination indeed suffers from
the small number of photons per unit area in the image.

Statistical Nature of the Radiologic Image

The emission and absorption of x-rays are random events, the frequencies
of which can be predicted only by the law of probability. For example, it is
impossible to predict with certainty whether or not the interaction of an
electron with the target of an x-ray tube will result in the emission of an
x-ray photon. The only prediction that can be made is that the probability
of such an event is equal to a certain value. The attenuation of x-rays in
matter obeys the same statistical law; if a photon strikes one half-value
layer of absorber it is impossible to predict whether the photon will be
removed from the beam or not; all that can be said is that the probability of
such an occurrence is 50%. Statistical laws, however, permit very accurate
predictions concerning large numbers of events. The formation of the radio-
logic image results from the production and the attenuation of x-ray photons;
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and because of the statistical nature of these events, the distribution of
photons in the radiologic image is also subject to the laws of statistics.

In the image of an object exhibiting uniform attenuation of x-rays, the
number of photons per unit area (photon fluence) over the whole surface of
the image is constant only if the number of photons used is infinitely large.
If a finite number of photons has been used in the examination, then the
photon fluence of the image varies from area to area. These photon fluence
variations obey the statistical theory of random events and are called statis-
tical fluctuations.

These fluctuations are of particular importance if the radiologic image is
formed by a small number of photons. Their influence decreases with increas-
ing number of photons and vanishes when the number of photons reaches
infinity, as can be demonstrated by the following example: Assume the
radiologic image of a uniform absorber formed by the attenuation of two
x-ray photons both impinging upon one square centimeter of an object that
has a uniform attenuation of 50%. Under the circumstances one might
expect the radiologic image to be formed by one photon per square centi-
meter. In practice, the photon density will vary from zero to two photons
per square centimeter, with a higher occurrence of one photon per square
centimeter than either zero or two. If the number of photons used in the
formation of the image is increased, then the pattern becomes more uniform
by a gradual reduction in the statistical fluctuations.

Poisson Distribution

The distribution of the photon fluence in a radiologic image can be
expressed by plotting the number of square centimeters containing a given
number of photons (frequency or probability of occurrence of a given
number of events) versus the number of photons counted per square centi-
meter (number of events per interval). The distribution of events thus
obtained, which is shown in Fig. VI-1, is called a Poisson distribution. The
equation for the Poisson distribution is (Ref. 1):

N Ne~*
p* - ! (1)

where Pn = probability of occurrence of N events, N = number of events,
N = average number of events, e = base of natural logarithms, and
NI = factorial N = N X (N - 1) X (IV- 2) X «me X 1 The prob-
ability of occurrence of a number of events in a range N £ N is given by
the area under the Poisson distribution curve between —N and +2V.

For a small number of statistical events (N < about 20), the Poisson dis-
tribution is asymmetrical (Fig. VI-1A). As N increases, the distribution
approaches a Gaussian, or normal curve and becomes symmetrical (Figs.
VI-1B and 1C).
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FIG. VI-1 A and B (Legend on facing page).
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The Poisson distribution shows that while the probability of occurrence
of a number of events is greatest for an average value, there is a finite prob-
ability of occurrence of very low and very high numbers of events.

Standard Deviation

Any number of events subject to statistical fluctuation may differ from
the average measure of the physical phenomenon it represents by any value,
so that the exact value of a number of events subject to statistical fluctuation
cannot be determined. It is, however, possible to predict that the true value
of a number subject to statistical fluctuation will be found with any desired
degree of probability within a certain range of the observed value.

Such an analysis, which is based on the assumption that the observed
number is part of a Poisson distribution, makes use of the concept of stand-

FIG. VI-1. Poisson distributions for different average numbers of events (N).
A N=10 B N =100 c N = 1000
Note that the distribution for N = 10 is asymmetrical with respect to N. As N
increases, the Poisson distribution tends to become symmetrical and approaches a
Gaussian distribution.

N

FIG. VI-1C.
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ard deviation. The standard deviation a of a number N subject to statistical
fluctuation is approximately equal to

a~yIN.

The probability that the true value of N is found in the interval N £+ a
is about s %; it is about 95% for the interval N + 2a, and about 99.7%
for the interval N + 3a. This distribution of probabilities is due to the fact

that ¢s%  ofthe areaof the Poisson distributionliesbetween N =+
that 95%  ofthis area is between N + 2 ~ , and99.7% ofthis area is

between N + (Fig. VI-1).
The ratio of the standard deviation a to the number of events N,

a_ VvV #_ 1
N ~ N yjN (2)

decreases when N increases (Fig. VI-1). This means that as the number of
events observed increases, the statistical fluctuations of that number vary
proportionally less from the average value. When N becomes infinitely large,
a/N vanishes.

Statistical Fluctuations and Quality of the Radiologic image

The influence on the image of the statistical fluctuations in the number of
photons forming the radiologic image on the quality of the latter can be
demonstrated as follows (Figs. VI-2-1 and VI-2-2):

Two adjacent objects, A and B, are subjected together to two radiologic
examinations. It is assumed that the attenuation of the radiation used in
the two examinations is 10% greater in object A than in object B. The two
radiologic examinations, which differ only in the number of x-ray photons
used, are carried out as follows: (1) Examination 1 (Fig. VI-2-1) provides
radiologic images of the two objects with 100 photons (100 hn) per mm: for
the image cast by object A and with 110 hn per mm: for Image B. (2) Exam-
ination 2 (Fig. VI-2-2) is carried out with a number of photons ten times
greater than Examination 1; or, for Image A, N = 1000 hn per mm2; for
Image B, N = 1100 hn per mm2

In both examinations the Poisson distributions of the statistical fluctua-
tions of the number of photons per square millimeter intersect. The area of
overlap of the two curves is proportional to the probability of observing a
reversal in the relative number of photons per mm: in the two images
(greater number of photons per mm: in Image A than in Image B). It is
apparent from Fig. VI.2 that in Examination : the area of overlap repre-
sents a larger fraction of the total area under the distributions than in
Examination 2. This means that in Examination 1, owing to the frequent
reversal of photon fluence, the boundary between the radiologic images of
areas A and B is more “jagged” than in Examination 2, which provides a
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M

FIG. VI-2. Poisson distributions for two average numbers of photons Na and Nb
such that No/Na = 1.1.

1 Na 100 photons, NB = 110 photons

2 Na = 1000 photons, NB = 1100 photons.

better delineation of the two objects and consequently a better-quality
radiologic image.

The statistical fluctuations in the number of photons of the radiologic
image establish an upper limit for the quality of the image. The image may
be adversely affected by various physical factors, such as finite focal spot
size, scattered radiation, loss in resolution when the radiologic image is con-
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verted into an optical image, and others. However, under no circumstances
pfln the nualitv of the image be-improved above the limitations of statistical
fluctuations. Statistical fluctuations impose an impenetrable barrier to the
improvement of the image other than by increasing the number of photons
used in the examination; and any effort made to reduce the number of
photons used in an examination is always accompanied with a statistical
deterioration oLihe_image.

It may seem that the number of photons used in a radiologic examination
IS so great that statistical fluctuations play a negligible part compared to
other factors with respect to deterioration of the image. The lowest number
of image-forming photons reached in a typical radiographic examination is
of the order of 10s hn per mm2 and approximately 40 hn per mm: in a
fluoroscopic examination (Chapter VI1II, section on “Statistical Fluctua-
tions in Fluoroscopy”). An analysis of these numbers shows that: (1) the
quality of a radiographic examination, particularly when carried out by
means o fi‘fast” nlms and screens, is affected to an appreciable degree by

"statistical fluctuations of the photons in the radiologic image (Chapter Vi1,
section” on" “Radiographic Mottle"); (ff) the number of image-forming
photons in a radiographic examination can, at best, be reduced by a factor

"of 10 before statistical fluctuations become the major factor affecting the
quality of the image (Ref. 21: (3) it is now well established that the major
limitation in the quality of the fluoroscopic image results from statistical
fluctuations (Chapter V1II).

Contrast, Resolution, and Unsharpness

The quality of the radiologic image can be defined as its ability to repro-
duce faithfully the transmission of x-radiation through the examined object.
This quality can be expressed quantitatively by means of three com-
ponents; contrast, resolution, and unsharpness.

Contrast in a radiologic image (subject contrast—see p. 212) is usually
expressed as the percentage of the x-radiation transmitted in one area of
the image with respect to the radiation transmitted by the surrounding
field or by the adjacent area, or as follows

Cab = Ba ~ Bh X 100, (3)
where Cab is the contrast of Area a with respect to Area b, B&is the number
of photons per unit area in Area a, and B>is the number of photons per unit
area in Area b.

_The resolution of a radiologic image is a measure of its ability to produce
separate images of objects separated by a small distance. The resolution of
an optical system is conventionally expressed as the number of lines per
unit length which are resolved when the system is tested by an object con-
sisting of a series of black lines on a white background, with a separation
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Transmission
of X-Rays

BOUNDARY /
OF CONTRAST"s' "~ /
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RAD OLOGIC
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DISTANCE
--------- UNSHARPNESS

FIG. VI-3. Unsharpness at a contrast boundary.

between the lines equal to the width of the lines. In radiology, resolution can
be measured in a similar manner with a test object having a series of lines
transparent to x-rays set in a plate opaque to x-rays. A typical test object
used for this purpose is the Buckbee-Mears reticlel; the use of this object,
however, exhibits a number of shortcomings. A better method for determi-
nation of the ability of the system to reproduce detail isthe measurement of
its modulatioirtiansfei.function (see Chapter VII, section on “Modulation
Transfer Function”).

Unsharpness is a measure of the inability of the radiologic image to repro-
duce faithfully the boundary of a given contrast (Fig. VI-3). Contrast and
unsharpness are unrelated parameters. Resolution is a function of unsharp-
ness (see Chapter VII, section on “Unsharpness”) and of contrast (see
Chapter VIII, section on *“Statistical Fluctuations, Contrast, and Image
Perceptibility™).

EXTRACTING INFORMATION FROM THE RADIOLOGIC IMAGE

Human senses are practically insensitive to x-ray photons. (This state-
ment is not rigorously true; it has indeed been shown that the retina can be
stimulated by x-ray photons. Nevertheless, this sensitivity is low.) The lens
does not focus x-ray photons, and it is well known that exposure to x-rays is
harmful. Consequently the human eye cannot be used to observe the radio-

1Buckbee-Mears Company, 245 East Sixth Street, St. Paul 1, Minn.
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logic image directly. Because the information coded by the image must be
extracted in a form suitable for interpretation, it is customary in diagnostic
radiology to convert this information into a visual image. (It is not incon-
ceivable that in the future other methods for extracting and presenting the
information carried by the radiologic image may be used. For example, the
information could be presented as a series of numbers, pulses, or graphs suit-
able for computer analysis without conversion into a visual image.)

The conversion of the radiologic image into an optical image is done in
two steps: (1) the x-ray photons of the radiologic image are made to interact
with matter, and (2) the energy thus dissipated in the absorber is converted
into an optical image. The absorption of x-ray photons in matter results in a
transfer of energy to electrons, and the electrons in turn transfer their
energies in the form of excitations and ionizations.

Therefore, the translation of a radiologic image into an optical image
means converting ionization and excitation energy into an optical image.
This can be carried out by one of two methods: (1) either the ionizations
and excitations are utilized to expose a photographic emulsion directly, or
(2) they are first converted into electromagnetic radiation in the visible or
near-visible range by means of luminescent screens. The image thus obtained
is either viewed directly, as in fluoroscopy; recorded on a photographic
emulsion, as in radiography and photofluorography; or reconverted into
electrons and processed by an electronic system by means of an image
intensifier. Other methods of conversion of ionization and excitation into a
visual image, such as the use of semiconducting screens, have been attempted
in diagnostic radiology. At this time, however, these methods have not yet
met with much success.

The direct exposure of a photographic emulsion by x-ray photons is used
infrequently, and this method will be discussed later in this chapter under
“Sensitivity of Radiographic Film to X-Rays.” In the overwhelming
majority of examinations, the radiologic image is converted into an optical
image at some stage by means of a luminescent screen.

Luminescence: Fluorescence and Phosphorescence

Certain substances have the ability to convert energy into electromagnetic
radiation in the visible or near-visible range. This energy conversion is
called luminescence, and the substances that share this property are called
phosphors. Luminescence may be induced by various forms of energy, such
as light, chemical reactions, heat, mechanical strains, ionizations, or
excitations.

Fluorescence is a term applied to luminescence when the emission of radia-
tion occurs during the exciting event or within 10-s sec of its occurrence
(Ref. 4). If the emission of radiation is delayed beyond 10.s sec, the phenom-
enon is referred to as phosphorescence. The time of 10.s sec corresponds
approximately to the lifetime of the atomic state for an allowed transition
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(Ref. 3). After excitation by ionization, the light emitted by a phosphor
decays exponentially as a function of time, according to the equation

It - loe~tT, (4)

where h is the intensity of light emitted at time t\ 1 0is the intensity of light
emitted att = o ;t is the decay constant of the phosphor; and t is the time
after excitation.
The number of light photons emitted by a phosphor following excitation
IS represented by
Nt= N(1- e~tl), (5)

where N tis the number of photons emitted within time t after excitation, and
N is the total number of photons generated during the event.

The decay constantr may vary from microseconds to several hours. Some
phosphors may show several different decay times. The same phosphor, for
example, may exhibit fluorescence followed by phosphorescence. The phys-1
ical properties of some inorganic phosphors are shown in Table VI-1.

Phosphors may be divided into five classes according to the mechanism of
their luminescence: organic crystals, liquid solutions of organic materials,
solid solutions of organic materials, noble”® gases, and inorganic crystals
(Refs.--3-and 4),—ndiagnostic- radiology only inorganic crystals have been
found to be useful phosphors; organic materials, owing to their relatively low
effective atomic numbers, do not absorb x-rays efficiently and noble gases
do nof have a sufficiently high density.—

Many different inorganic crystals have been used as phosphors. Rontgen
discovered the presence of x-rays by the fluorescence they produced in
barium platinocyanide crystals. Zinc sulfide, cadmium sulfide, and also the
mixed sulfides of these metals are extensively used in fluoroscopy and photo-
fluorography. The majority of radiographic examinations employ rfllr.imn
tungstate and leadliarium snlfidp sptpptir. Rp.r.ently potassium iodide has
been used for high-speed radiography.

Most inorganic crystal phosphors luminesce efficiently only if they con-
tain a small amount (less than 1 %) of a metallic impurity called activator.
Zinc and cadmium sulfides can be activated by silver, and alkali halides
(potassium, cesium, and sodium iodides, and others) by the addition of
thallium. Calcium tungstate, on the other hand, fluoresces in the pure state.
The usefulness of activators is explained by the theory of luminescence.

Theory of Luminescence of Inorganic Crystals. The theory of lumi-
nescence is at this time not completely understood, and the following is only
a cursory discussion of the problem.

The energy states of a crystalline inorganic phosphor (for example, an
activated alkali halide crystal) may be represented schematically as shown
in Fig. VI-4. The diagram represents the energy bands that may be occupied
by the outer electrons of the atoms forming the crystalline lattice of the
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phosphor: (1) the valence band which is normally filled; (2) the forbidden
band, which represents energies that cannot be occupied by the electrons,
with the exception of a certain number of vacancies provided by impurities
in the crystal or by lattice imperfections; and (3) the conduction band, which
is a region where electrons are strongly affected by surrounding atoms and
can consequently move freely throughout the crystal, and which is a nor-
mally unoccupied band.

When energy is imparted to an electron in the valence band, this electron
may be raised to the conduction band where it can move freely until it
reaches an imperfection in the forbidden band. It then drops to the energy
associated with the imperfection; and from that imperfection it returns to
the valence band with the emission of radiation in the visible or near-visible
range. This is the mechanism of fluorescence.

An electron raised to the conduction band may also be trapped in the
forbidden band at an energy level created by one of the impurity atoms.
Such a trapped electron is in a metastable state, and it will return to the
valence band more or less rapidly depending on the unstability of the
metastable state. If energy is imparted to an electron trapped in such a
metastable state, it may be raised back to the conduction band; from there
it may return to the valence band via an imperfection, and with the emission
of radiation in the visible range or near-visible range by fluorescence. This
form of delayed fluorescence is phosphorescence.

The energy that separates the valence band from the conduction band is of
the order of a few electron volts. Consequently the transition of an electron
from the conduction band to the valence band results in the emission of a
photon carrying an energy of a few electron volts. This energy corresponds
to a wavelength in the visible or near-visible range.

Radiationless Transition. An electron that has been raised from the
valence band to the conduction band may also lose its energy and return to
the valence band by a radiationless process such as thermal energy transfer
to other atoms or lattice vibration. Such a radiationless transition is referred
to as quenching, because it competes with the emission of radiation.

Nonradiative processes are, in general, more probable than radiative
processes, and the conversion efficiency of a good phosphor, which is defined
as the ratio of the energy emitted in the form of radiation to the energy

absorbed by the phosphor, is usually of the order of only 10 to 20% (see
Table VI-1).

interesti»g anc”useful consequence of the mechanism of luminescence
is that inorganic crystals are relatively transparent to their own fluorescent

radiation, because most of the optical absorption results from the transition
between the valence and the conduction bands, and fluorescent photons do
not carry sufficient energy to be absorbed by this process.

Storage Phosphors. In certain phosphors, electrons trapped in impurity
energy levels in the forbidden band may remain in a metastable state for a
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long period of time, unless some external stimulation, such as heat, allows
their return to the ground state by fluorescence. Such is the case of silver-
activated sodium chloride, which is capable of storing up to 3% of the
energy absorbed in the crystal for a period as long as one day, unless it is
heated.

X-Ray Luminescent Screens

Radiologic images are converted into optical images by means of inorganic
crystalline phosphors imbedded in screens. Desirable phosphor character-
istics for this purpose are; (1) A high absorption coefficient for the radiation
used. (This condition calls for high effective atomic-number phosphors.)
(2) A high efficiency in converting the energy dissipated by x-ray photons
into light. (3) A high transparency to its own luminescence. (As pointed out
above, this condition is fulfilled bv most phosphors.) (4) A relatively low
refractive index, which allows easy escape of the luminescent radiation from
tKe crystal, (6) The phosphor material should be stable, relatively inexpen-
sive, and convenient to handle in the preparation of screens”

In addition to these characteristics, shared by all x-ray phosphors, the
following are specific of the radiologic application: (1) The wavelength of
the radiation emitted by the phosphor must be optimum. In fluoroscopy the
light emitted must be in the visible range and preferably have a wavelength
in the region of maximum spectral sensitivity of the dark-adapted retina.
In radiography this wavelength should fall in a desirable region within the
film sensitivity curve. (2) The decay constant must not.interfere with the
radiologic examination. Phosphors with a long decay constant are unsuitable
for rapid dynamic studies such as rapid serial radiographic examinations
carried out with one set of screens and cineradiography. On the other hand,
a long decay constant is tolerable in most radiographic examinations, in
which a long period of time elapses between exposures carried out with one
set of screens.

Most x-ray screens are composed of the following elements (Fig. V1-5):
(1) a cardboard or plastic, or more rarely, a metallic plate, (2) a light-
reflecting coating, (3) an active layer, composed of the finely divided
phosphor material embedded in a plastic matrix, and (4) a light-transparent
plastic protective layer. Some physical parameters of conventional x-ray
screens are shown in Table VI-2.

An x-ray screen functions as follows: The energy dissipated in a phosphor
particle subsequent to the interaction of an x-ray photon with matter is
converted into a number of light photons. A iarge fraction of these light
photons escape the crystal phosphor particle into the plastic matrix. If the
direction of these photons is toward the exit face, they have a high prob-
ability of escape. If that direction is toward the reflecting coating, they are
reflected back and also may escape with a relatively high probability. On
the other hand, lateral diffusion of the photons into the phosphor results in



n Microns

Scale

200 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

700 INTENSIFYING ( USUALLY FLUOROSCOPIC OR
USED IN PAIRS) . PHOTO FLU OROGRAPHIC

600-
500
400-
300

200

100

FIG. VI-5. Cross sections of typical x-ray screens.

multiple scattering and eventual absorption. This mechanism explains the
structure of the screen. The reason for using the phosphor material in divided
form, rather than in one solid sheet, is to prevent the lateral diffusionLof-tke-
light photons and consequent loss of resolution of the opticalJmage.

Twol’actors characterize the performance of an x-rav screen: (1) “speed.*!
which is a measure of the number of light photons given off by the screen
Tor a given X-ray pnprgy impinging upon it; and (2) resolution, Which IS fITE!
ability of the screen to reproduce faithfully the radiologic image.

For a given phosphor material, the speed of the screen depends on the
amount of phosphor material interposed in the path of the x-ray photons,
on the conversion efficiency of the phosphor used, and on the ability of the
light photons generated in the phosphor to escape the screen. Ideally, a fast
screen would consist of a thick and transparent layer of phosphor. Unfortu-
nately, these requirements conflict with those for high resolution. For high
resolution in a screen, lateral diffusion of the light photons must be pre-
vented; this may be achieved by reducing the thickness of the phosphor
layer, by reducing the size of the phosphor particles, or by increasing the
opacity of the phosphor layer to its own light..In practice, the structural
features of an x-ray screen represent a compromise between speed and
resolution, leaning towards either one depending upon the demands of the
radiologic examination. Thus, high speed-low resolution screens have thick
phosphor layerswith large phosphor particles, and low speed-high resolution,”
or ‘high detail,” screens have thin phosphor layers with small particles, and’



30 CO

N N O O O

o0 i CO CO 30

30
eo eo
rH rH

io

00JCOO0O™O0

v & wad

v

Sein 037

A

<
<

eo <N <N <N

O o
eo tp
300
<N eo

0000‘'OMf5rfliol>

8 _O» @
Ee] mymom

2N
NI » 3 Si€oms v <® oo, 2?&% G-
OF .00n AL Sx o Oam £BX .o ®E 30720
Fdznk B ©O D0 Oopn *P A O AT
38 2, 0 o8 S Ovg 8 ®o ©O8o O ®c
08837 oI O 0o83 0r3g 8 ®o ©eBo 0 afl
o=8 P ) 2 E 6 8 ¢
o8% o wH o ook KB o8 oy
o8 ol o 0088 B 8 ® = Bo oo
o 8 of o 0988 g7 o8 ©F Bo oo ¢
o83 it o o22% 88 o8 © 8o O ©,
oB88o8d o T ocoss 8PZ 2 @© »Bo O ©z
, =
22k 8 o Faexad 5T 0 g
~AT ° < 534880 m50 ©
Vsl %0 o T A o
Bz"03 Vo o (9= 32878009 @ oo,
ot 8o o &e ppﬁw»mwnwﬂw @S oo,
o3 oo oo o 2878808 &0 © o
0% g o Q' & ogzs Oc> THmoy
o8 o & M 3y=fooe dhael
o=t o o &2 Bp8ystioog oo
< © ”05 N <
Berzw~ £ aom Bo « =0 « Q08 o B
-Q83 ¥b @
<owBogy O o .
SU8910S 1uUddsSauIWNT  Aey-X Jo Sonsualoeieyd [edisAyd

WmAﬁmg_« D e & wm..n.v?c®
: coo @ << e anﬂﬂu o 30MM‘ uHHu
@) oo O <INTLIN ¥ D C =0
Mm_aoAgAOOQuD.m\Udumg 2
deo D HWINOLLDT = o <) I3\
bassm_mﬂﬁbmgoﬂén_u 8 <A
O yosE W PO S oz P B
9<0 ¢ <S8 So<o
g5 vy Qo
A ~a A
9L ®¥y s, Ga A <
853 OQ& 8o T mmaA s
o <
) o =
w.n&y@mow MDdeDuO o 3 §_%
8 O
-
o L O y=
mdwm%O@. © MS§A
Or. o
ogoS g %o
e I .mmwA@\ = Man
™ oo
O o
dmmMOwA Odm
£: BaPoso &
O_ SWM < w
gw0woN2wh,l ©
< v0£08 @&»H
¢-IN F1avl



202 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

sometimes a plastic matrix made opaque by means of a dye to reduce lateral
diffusion of light photons.

Efficiency of X-Ray Screens. Inasmuch as an x-ray screen is a device
that converts a radiologic image of x-ray photons into an optical image of
visible or near-visible photons, the efficiency of an x-ray screen can be
defined as the efficiency with which x-rav photons_are converted-into light-
photons. This conversion takes place in three stages: (1) absorption alLthe
x-ray photons in the screen, (#) conversion of the excitation and ionization
energy thus dissipated in the screen into light, photons, and (ff) escapaxilLtfae
Tight photons from the screen. The over-all efficiency of the screen is the
~jvrn7ret, of the efficiencies nf these three processes. The efficiencies of these
three processes can be illustrated by determining quantitatively the image
conversion of 80 kVp x-rays in a pair of medium-speed x-ray intensifying
screens, as follows:

1. The mean photon energy for x-rays produced with a tube voltage of
80 kVp, with conventional filtration, is about 50 keV (X = 0.25 A).

2. The absorption of 50 keV x-ray photons in two medium-speed calcium
tungstate screens is about 30% (Fig. VI-s).

3. If the energy absorbed in the screen were converted with a 100%
efficiency into light, each x-ray photon gpsorbed would produce 17,000 light
photons with a wavelength of 4300 A (calcium tungstate fluorescence)
(Fig. VI-7):

4300 A
A 17,000.

0.25 A

wever, the energy conversion efficiency of calcium tungstate is of the
order of only 5%, and each absorbed x-ray photon results in the re-emission
of about 1000 light photons only.

47 Intensifying screens are relatively transparent to their own fluor-
escence, and a typical value for the fraction of light escaping the screen is
50%.

5. Thus, the combined effect of these processes on one x-ray photon
impinging on the screens is (Fig. Vl-6):

Probability Number of light Ability of Number of
of absorption photons generated light photons to light photons
per X-ray photon escape screen escaping screen,
absorbed
°-30 X 1000 X 0.5

The above analysis, although carried out for a particular set of circum-
stances, is generally valid for x-ray screens in the sense that any x-ray screen
acts as a photon multiplier. It should be noted that the screen extracts
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FIG. VI-6. Stages in the conversion of one x-ray photon into light by a pair of
X-ray intensifying screens.

information from the radiologic image only at the first stage by stopping
x-ray photons. Whatever transformations occur afterward may result in
loss of information but never in gain. Under ideal conditions the screen can
transfer to the emulsion as much information as was absorbed from the
X-ray beam, but never more.

It is important that. a largp iwmlwr nf light,photons-be generated for each
x-ray photon absorbed. This factor allows for a considerable loss of light
photons within the screen without affecting the amount of statistical
information that can be transferred from the radiologic image. The loss in
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FIG. VI-7. Light emission of phosphors commonly incorporated in x-ray screens.
OCourtesy of E. |. du Pont de Nemours & Company, Inc.)

image quality during the conversion of the radiologic image into an optical
image by an x-ray screen is due mostly to screen unsharpness rather than
loss of photons within the screen. (See Chapter VI, section on “Unsharpness
Contributed by image Conversion.”)

As the nature of the phosphor used and the structural features of x-ray
screens vary with the purpose for which they are designed, the efficiencies
of various types of screens must be studied separately. X-ray screens can be
classified into three broad categories: (1) intensifying screens. (2) fluoro-
scopic and photofluorographic screens, and (s ) x-ray intensifier input screens.

Intensifying bcreensi  X-ray intensifying screens are used with the x-ray
photographic film that records the optical image of the screen, usually by
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sandwiching a double emulsion film between two intensifying screens.
Intensifying screens are usually fabricated in three grades of increasing
resolution, or detail: low, medium, and high detail..The resolution of these
screens varies from approximately six lines per millimeter for low detail
screens, about eight to ten lines per millimeter for medium detail screens”®
and up to 15 lines per millimeter for high detail screens (Table V1-2). The
relative “speeds” of these screens are approximately 1, 3, and 4.6, in reverse
order ot detail.

The phosphor most commonly used in an intensifying screen is crystalline
.calcium tungstate, which fluoresceswith the emission of blue light (Fig.
vw ). The absorption of x-ray photons in calcium tungstate screens is

FIG. VI-8. Absorption of x-rays
1 in a pair of medium-speed calcium tungstate x-ray intensifying screens (Radelin
T)
2 in a single fluoroscopic screen (Radelin FGP), as a function of photon energy.
Absorption of x-rays in the fluoroscopic FGP screens is identical to that in photo-
fluorographic (Radelin PFG) screens. Table VI-2 lists some physical characteristics
of these screens.
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FIG. VI-9. Absorption of x-rays in a pair of high-speed barium lead sulfate x-ray
intensifying screens (du Pont Hi-Speed). Table VI-2 lists some physical character-
istics of these screens.

shown in Figs. VI.s and VI-10. The oonversion efficiency of calcium lung-
state is of the order of 5%. This figure, however, is unreliable because of the
difficulties involved in measuring conversion efficiencies. Another phosphor
used in high-sp%gd~int.ensifyinp; so.rp.ens is barium lead sulfate, which floor-
esces at 3700 A. This phosphor is particularly useful for higher energy
radiography because of its greater x-ray absorption coefficient at higher
energies, as shown in Fig. VI-9. Thallium-activated potassium iodide has
also been incorporated in x-ray intensifying screens. The use of this phosphor
produces particularly high speed screens because of its favorable absorption
of x-rays coupled with high fluorescence efficiency.

Fluoroscopic and Photofluorographic Screens. These two categories
are discussed together here because both the phosphor used and the struc-
tures of these screens are practically identical. The image produced by a
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fluoroscopic screen is examined visually, while the photofluorographic image
is recorded by a photographic camera. Two phosphors are widely used for
these screens: (1) zinc sulfide activated with silver, which fluoresces with the
emission of blue light; and (ff) zinc cadmium sulfide, which has a green
fluorescence. The proportion of zinc sulfide to cadmium sulfide used in these
screens is not constant. A typical figure is 60% zinc sulfide and 40% cad-
mium sulfide.

The x-ray absorption of these screens as a function of energy is shown in
Fig. VI-81 The typical resolution of these screens is approximately two to
three lines per millimeter. Both zinc sulfide and zinc~cadmium sulfide are
good phosphors, with a fluorescence efficiency probably of the order of
10 to 15% (Table VI-1).

FIG. VI-10. Spectral distributions
1 of 100 kVp x-rays used in typical roentgenologic examination
2 of radiation transmitted by a 20-cm thick abdomen
3 of radiation absorbed in two medium-speed calcium tungstate x-ray intensifying
screens.

PHOTON ENERGY (keV)
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X-Ray Image Intensifier Input Screens. The X-ray input screens used in
most x-ray image intensifies (Chapter VIII) are very similar in most
respects to fluoroscopic screens. The phosphor most commonly used in these
screens is zinc cadmium sulfide, and the energy absorption and the resolution
of these screens are similar to those of conventional fluoroscopic screens.
Some x-ray intensifier tubes are fitted with screens thinner than fluoroscopic
screens for the purpose of achieving better resolution. However, the resolu-

tion nrTrrmpe int.ensifiers of conventional design is not strongly affected bv~
screen thickness, and image intensifies fitted with screens equal in thickness
~Bo fluoroscopic screens do not appear to suffer in resolution.

RECORDING THE RADIOLOGIC IMAGE

In the overwhelming majority of radiologic examinations the radiologic
image is recorded on photographic film. The exceptions are processes such
as xerography and magnetic tape recording. Xerography, although useful in
special examinations such as mammography, is not widely used in radiology.
On the other hand, magnetic tape recording appears to be very promising,
particularly in cinefluorography, and will be discussed in Chapter X.

The uses of photographic film in diagnostic radiology are twofold: (1) The
photographic film is used to record an optical image supplied by a screen, as
in radiography with screens, photofluorography with or without x-ray image
amplifiers, and cinefluorography. (2) The photographic emulsion is exposed
by direct absorption of x-ray photons without the help of a luminescent
screen. In this case the film is used to extract information from the radiologic
image as well as to re_cord it. 3This “nn snr™n” nr “nqgrHhimrH r.a.sKkPtle”

ieenniaue s uses NNV IN the radiography of thin parts.

The selection of the most suitable photographic film for a given radio-
graphic application is a function of the relationship in a film between
exposure and film processing on the one hand and film response on the other.
The quantitative study of these relationships is called sensitometry,l

X-Ray Film

Photographic film consists of an inert support, the film base, which is usu-
ally made of some plastic coated either on one side or on both sides with the
photographic emulsion. The photographic emulsion is a gelatin base con-
taining silver halide crystals, usually silver bromide (Fig. VI-11). The emul-
sion is sensitive to radiant energy either in the visible or near-visible range,
or to higher energy radiation such as x-ray photons or other ionizing radia-
e« I M°St discussion in this chapter on the sensitometric properties of x-ray films
is based on George M. Corney’s “Photographic Aspects of Cinefluorography” (Ref. 9),
and particularly on the excellent booklet entitled “Sensitometric Properties of X-ray

rums (Ref. 10). The author isvery grateful to Mr. George M. Corney and to the X-Ray

a es division, Eastman Kodak Company, for their kind authorization to use and repro-
duce this material.
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tions. The physical characteristics of film emulsion and base vary with their
purpose. Table VI-3 shows some physical properties of x-ray films.

The theory of the photographic process is thoroughly described elsewhere
(Ref. 11); it will not be discussed in this text.

Exposure. The exposure of a photographic film expresses the quantity
of radiant energy incident upon the film per unit area that is responsible for
producing a given density on the processed film. Exposure may be expressed
in units of energy per unit area, such as ergs/cm2 or in number of particles
per unit area. It is often convenient to express exposure in relative terms
with respect to a given reference exposure.

Photographic Density. Exposure of the photographic film results in
“blackening” after processing. The unexposed film remains transparent to
light. Photographic density is the measure of film blackening. The photo-
graphic density of a given area of film is numerically equal to the logarithm
to the base 10 of the ratio of the intensity of light, incident on that area to
the intensity of the light transmitted:

D = log (s)

11
where 70 is the intensity of the light incident on a given area of film, I tis the
intensity of the light transmitted through the area, and D is the photo-
graphic density of the area. The expression It/1o (the reciprocal of In/lt),
which is equal to the fraction of light, transmitter! ~sr fil™! Is referred to
astransmittance.

Since photographic density is the logarithm of the ratio of two quantities
expressed in the same units, it is dimensionless. A density of 1 refers to a
film blackening that allows the transmission of one-tenth of incident light
(log 10 = 1). A density of 2.0 refers to a blackening resulting in the attenua-
tion of 9%o00 incident light intensity or, in other words, in the attenuation
of light by a factor of 100 (log 100 = 2). The usefulness of this definition of
density becomes apparent if one considers that the addition of a film with a
density of 1 to another with a density of 2 results in a total density of 3,
which attenuates light by a factor of 1000.

Characteristic Curve of Film. The response of a film to exposure is
usually expressed graphically as a plot of the film density (ordinate) versus
the logarithm of the relative exposure (abscissa). This curve is called the
characteristic curve of the tilm (also, sensitometric curve; or H and JJ curver
after Hunter and Driffield, who first used such a curve).

Figure V.12 shows a typical characteristic curve. It should be noted that
only a portion of this curve is nearly linear. At low exposure values it
exhibits a “toe,” and at high exposure values it has a “shoulder.” The reason
for plotting exposures on a logarithmic scale in characteristic curves is that
the important parameter in the comparison of relative exposures is not their
difference but their ratio, and on a logarithmic scale equal ratios are sepa-
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FIG. VI-11. Photomicrographs of some Kodak films used in radiology, showing the base
coated with emulsion (X500). A Kodak Blue Brand Medical X-Ray Film; B Kodak
Royal Blue Medical X-Ray Film; ¢ Kodak No-Screen Medical X-Ray Film; D Kodak
Industrial X-Ray Film, Type M; E Kodak Industrial X-Ray Film, Type KK; F Kodak
Photoflure Film, Green Sensitive; G Kodak Photoflure Film, Blue Sensitive. Longitudinal
base distortions which can be noted in the photomicrographs are due to striations from the
microtome knife in cutting and to the refractive index of the mounting media. These
striations are not related in any way to the uniformity of the base. (Photomicrographs sup-
plied through courtesy of X-Ray Sales Division, Eastman Kodak Co.)
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212 the physical aspects of diagnostic radiology

FIG. VI-12. Characteristic curve of typical medical x-ray film, exposed with cal-
cium tungstate intensifying screens. (Courtesy of X-Ray Sales Division, Eastman
Kodak Co.)

rated by the same value regardless of the absolute values of the exposures.
For example, in Fig. VI-12 the interval between 0 and 1 on the log exposure
scale corresponds to an exposure of from 1 to 10. This interval is identical in
length to the interval between : and 2, which corresponds to an exposure
range of 10 to 100; and it is also identical in length to the interval between
2 and 3, which corresponds to an exposure ranging from 100 to 1000.

Radiographic Contrast, Subject Contrast, and Film Contrast

The contrast, betwepn two areas nn g processed film that was exposed to a
radiologic image is called radingra-phic contrast and is eoual to the difference
between the densities of the two areas. Radiographic contrast depends on
two factors: subject contrast and film contrast.

Subject contrast is defined as the contrast between two areas of the radio-
logic image, regardless of how it is recorded. The subject contrast between
two areas is usually expressed by the ratio of the number of photons for
these two areas. Subject contrast can also be conveniently expressed as a per-
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centage, [{Ba - Bb)/Ba] X 100, where Baand By, are the number of photons
in the two areas, respectively (see p. 192). If the radiologic image is recorded
by photographic film, the subject contrast between two areas is numerically
equal to the ratio of the exposures for these two areas. Under certain circum-
stances subject contrast is defined as the logarithm of the ratio of the
exposure for two areas.

Film contrast represents the ability of the film for translating subject
contrast into radiographic contrast. Film contrast depends on (1) the film
used, (2) the processing of the film, and (S) the density of the film. Film
contrast is expressed quantitatively bv the slope of tfip ptargptnriftin

The slope (or gradient) of the characteristic curve is a function of film
density (Figs. VI-13 and VI-14). A portion of the characteristic curve is usu-
ally nearly linear and consequently has a constant slope. The tangent of this
slope is called the “gamma” of the film under consideration (Fig. VI-15) and
is used to express film contrast. The usefulness of gamma is limited because
many photographic films, particularly those used in radiology, have short

FIG. VI-13. Characteristic curve of screen-type film, exposed with calcium tung-
state intensifying screens. Gradients have been evaluated at two points on curve.
{Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

Log relative exposure
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Log relative exposure

FIG. VI-14. Characteristic curve of screen-type medical x-ray film, exposed with
calcium tungstate intensifying screens. The density differences for a 20% differ-
ence in exposure have been evaluated for the two values of gradient illustrated in
Fig. VI-13. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

linear portions. For this reason, film contrast is better defined by the
average~gradient; which is the slope of a straight line between two points of
specified density (Tig. VI1-15).

If the gradient of the characteristic curve over a given density range is
equal to 1, the radiographic contrast between two areas in this density range
is equal to the subject contrast. If the gradient of the curve is greater than 1,
the radiographic contrast is greater than the subject contrast and the film
acts as a contrast amplifier. On the other hand, if the gradient is smaller
than 1, the radiographic contrast is smaller than the subject contrast and
the film then dampens the contrast.

The importance of film contrast in radiography can be illustrated by the
example in Fig. VI1-16: B, C, and D are all radiographs of the test object A.
The subject contrast in Radiographs B, C, and D was kept constant; how-
ever, the exposure varied over a wide range from B to D. It is apparent that
Radiograph C exhibits the best radiographic contrast and allows the best
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identification of the object examined. This variation in radiographic con-
trast is explained by the fact that Radiograph B was obtained by low
exposure, below the “toe” of the curve, in a region of low film contrast;
Radiograph D was obtained by exposure above the “shoulder” of the
characteristic curve, also in a region of low film contrast; whereas Radio-
graph C resulted from an exposure corresponding to the maximum contrast
for the film under consideration. This example shows (1) that in a roentgen-
ographic examination structures having low subject contrast may be difficult
to observe if their exposure places them in a region of low film contrast
(exposure either too high or too low), and (2) that m pradingrgphic PYdmina-
ITon covering a broad range of densities the areas of very low and very high
densities exhibit a conmrgssed scale of densities (narrow range) as compared
to the areas included in a more favorable range.

A series of characteristic curves for commonly used x-ray films are shown
in Fig. VI-17, and Fig. VI-18 shows the influence of film contrast on an
X-ray examination.

FIG. VI-15. Characteristic curve of screen-type x-ray film, exposed with calcium
tungstate intensifying screens. Average gradient has been calculated over density
range 0.25-2.00 above base and fog; gamma (slope of approximately straight portion
of curve) is also indicated. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)
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FIG. VI-16 (Legend on opposite page).
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Film Densities in Diagnostic Radiology

The densities most commonly encountered in films of diagnostic value are
inthe range of 0.25 to 2, which corresponds to a range of transmitted radia-
-idnn hpt.wppn alit.tip mrergthan 50 and 1% (see p. 209). The lower limit of the
useful density range is established by the toe of the characteristic curve of
the more commonly used radiographic films (Fig. V1-17). On the other hand.
the upper limit of the film density is not limited by the shoulder of the
characteristic curve; indeed, most screen-type films used in radiography
exhibit a steep slope up to a density of about 3, and no-screen films are usable
to densities much higher than that (see section on “Sensitivity of Radio-
graphic Film to X-Rays”)- The limit of - imposed by the radiologist on film
density when exposing a radiograph stems from the following practical
considerations: (1) Most medical x-ray illuminators are not sufficiently
intense to give an adequate image of a film having a density greater than .
(2) If much brighter illuminators were used in the examination of radio-
graphs exhibiting a wide variation in density, the radiologist would be
dazzled by the areas of low density and could probably not evaluate the
denser areas. The solution to this problem that has been adopted by many
radiologists is to use very bright illuminators of limited aperture for the
study of the darker film areas.

Film Latitude. In a given range of densities the latitude of a film is a
measure of the exposure range which results in these densities (Fig. VI-19).
The latitude of a film varies with the reciprocal of film contrast. Thus, films
with low contrast exhibit a greater latitude for a given density range than
films with higher contrast. The usefulness of the concept of latitude in
radiology is as follows: If a predetermined range of desirable densities is set
for an examination (for example, from 0.25 to , as discussed above), a film
with greater latitude allows a greater range of exposures than a film with
lower latitude. From the standpoint of the radiologic examination this
means that a film with greater latitude may, under certain circumstances,
provide diagnostic images of structures that would have been outside the
useful density range if a shorter latitude film had been used.

However, high film latitude means low film contrast and, consequently,
a poorer presentation of the examined structures from the standpoint of
detail perception. Rather than using a film with greater latitude it is usually
preferable to extend, whenever possible, the useful density range (for

FIG. VI-16. A Photograph of plastic test object. B, C, D Radiographs of test
object, made on a screen-type film with increasingly greater exposure times, all other
radiographic factors remaining constant. Note that the structure of the test object
iIs most easily visible in the middle range of densities, C, where the characteristic
curve (see Fig. VI-12) is steepest. (Courtesy of X-Ray Sales Division, Eastman Kodak
Co)
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PIG* VI-17. Characteristic curves of some films used in diagnostic radiology.
(Courtesy of X-Ray Sales Division, Eastman Kodak Co.; Photo Products Department,
E. 1. du Pont de Nemours & Company, Inc.; Ansco X-Ray Products, General Aniline
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A

FIG. VI-18. Radiographs of the phantom of a head on films having different
characteristic curves.

A Cronex | B Cronex Il Cc Cronex Il
{Courtesy Photo Products Department, E. I. du Pont de Nemours & Company, Inc.)

example, through the use of high intensity illuminators) and thus to include
all the structures to be examined in the useful density range without sacri-
fice of contrast (Fig. VI-20). It should be noted that in most radiographic
Bxaminations a considerable range of potentially useful densmes is omitted
at the high end of thp. Hpnsit-y gogTp~ -

Film Sensitivtiy (Speed). The sensitivity, or the speed of a film, is
defined as the reciprocal of the radiant energy exposure required to produce
a given density on that film. While film contrast determines the shape of the
characteristic curve of a film, film sensitivity determines the position of this
curve with respect to the log exposure scale (Fig. VI1-21). The sensitivity of



FIG. VI-18B and C (Legend on opposite page).
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FIG. VI-19. Characteristic curves of two hypothetical radiographic films. Range
of exposures that can be covered within the range of useful densities (i.e., the latitude
of the film) depends upon average gradient.

A high contrast film

B low contrast film

(Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

radiographic films used in conjunction with screens is measured in ergs/cm:
required to produce a net density of 1.0 above base density and fog (see
below); the sensitivity of films directly exposed to x-radiation is measured
in roentgens/cm:zrequired to produce a net density of 1.0. In many instances,
film sensitivity is measured in relative units by assigning an arbitrary speed
(for example, 100) to a given film. For industrial x-ray films the standard
density used in the determination of film sensitivity is 1.5 (also above base
density and fog), which reflects the higher densities employed in industrial
radiography.

Under certain circumstances the characteristic curves for two films may
cross, as shown in Fig. VI-22. In such a case the relative sensitivities of the
two films may be reversed, depending on whether a density below or above
the point of intersection is used as a standard. At the point of intersection
the two films have equal sensitivities. It is apparent that the unqualified
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expression of relative film sensitivities is sufficient only in the comparison of
jflms withlsinnlar contrast,. For films of different contrast, the comparison of
sensitivities must be supplemented by their characteristic curves and by an
indication of the density at which the speed was defgmmrerl-—

Comparison ot Characteristic Curves for Light and X-Rays. The shape
of the characteristic curve of an x-ray film exposed directly to x-ravs is
different from that of the same film exposed to the light, of intensifying
screens, figure VI-23 illustrates this difference. Curves A and B have been
brought together for easier comparison. The characteristic curve for~t,he film
exposed directly to x-ravs (Curve B) has a longer, more sweeping toe, a less
steep central portion, and a longer, more sweeping shoulder than the curve
for the same film exposed with screens (Curve Ah This effect is observecfby
radiologists who use conventional screen-type x-ray film without screens
(in cardboard cassettes) and find that the contrast obtained is inferior to
That obtained when the same examination is carried out witfI THe”ame film
but with-sereens.

The characteristic curve for a direct exposure film (Fig. VI-23, Curve C)

FIG. VI-20. Characteristic curve of hypothetical radiographic film. The latitude
of a particular film depends upon the range of useful densities. (Courtesy of X-Ray
Sales Division, Eastman Kodak Co.)

Log relative exposure
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FIG. VI-21. Characteristic curves of two typical medical x-ray films, Film C being
faster than Film D. Exposures made with calcium tungstate intensifying screens,
(ICourtesy of X-Ray Sales Division, Eastman Kodak Co.)

exhibits the same sweeping toe and sweeping shoulder as Curve B ; however,
the shoulder of Curve C, which occurs at densities above 6.0, is not included
in the picture.

The difference between screen and direct x-ray film exposure can be also
shown by a plot of net density versus relative exposure. Such a graph (Fig.
V1-24) shows a straight-line relationship for the direct x-ray exposure curve.
This characteristic curve is quite useful in the film dosimetry of x-rays or
gamma rays.

The Reciprocity Law and Its Failure. In the previous discussion it has
been assumed that the relationship between exposure and density is inde-
pendent of the period of time during which the exposure is applied. In other
words, it was assumed that a given density produced on a film is the same
whether the radiant energy is applied with high intensity over a short period
of time or with low intensity over a long period of time, provided that the
total amount of applied radiant energy is the same. This assumption is based
on the reciprocity law, which can be stated as follows: The density of a
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photographic film depends only on the exposure and is independent of the
rate at which the exposure is applied.

The reciprocity law holds for mdinfr.rfl,phio film exposed directly to x-ravs
amTalso for film exposed to screens (or to any form of light) over most of the
exposure rates encountered in conventional diagnostic radiology. However,
if extremely short or extremely long exposures are used, the reciprocity law
fails and the film appears to be in both cases less sensitive than when the
same amount of light energy is delivered at an “optimum”i-nate. Medina!
x-ray films exhibit their optimum sensitivity at the exposures used routinely
in radiography, and small divergences from such delivery rates do not result
in appreciable errors until the exposure rate is changed by a factor of about s .

Base Density— Fog. Unexposed photographic film exhibits a certain
density after processing. This density results from base density and fog.
Base density is contributed by the absorption of light in the plastic material
used in the fabrication of the film base. In addition, the base of most x-ray
films is tinted to produce a pleasing, colored radiograph. Such coloring adds
to the base density. (Colorless x-ray films, with low base density, are also

FIG. VI-22. Characteristic curves of hypothetical high contrast Film A and low
contrast Film B. Relative speeds of the two films depend upon density at which they
are measured. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

Log relative exposure
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FIG. VI-23. Characteristic curves of typical screen-type x-ray film
A exposed to calcium tungstate intensifying screens
B exposed directly to x-rays
C atypical direct-exposure film exposed directly to x-rays
{Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

manufactured.) The base density varies depending on the base used in the
manufacture of the film. A typical value for base density is 0.07.

Fog is the density of a film due to the development of unexposed silver
halide grains. Another form of undesirable film density, also referred to
as fog, results from the unplanned exposure of film to radiant energy. A
common contributor to such fog is background ionizing radiation and acci-
dental exposure to penetrating radiation from other radioactive sources. A
net density of 0.2 is produced by an exposure as small as 5 mR with lightly
filtered 100 kVp x-rays on Kodak No-Screen Medical X-Ray Film, and the
same density requires 10 mR with Kodak Blue Brand Medical Film (Ref.
12).

Base density does not vary.with time, while fog increases with time, par-
ticularly if the film is not kept in cold storage. A typical value for density
contributed by fog in a “fresh” x-ray film is about 0.05. “Fresh” unexposed
processed x-ray film may exhibit a low *“base-plus-fog” density of about
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0.12, but this value increases with time. A base-plus-fog density in excess
of 0.20 1S considered objectionable.

Sensitivity of Radiographic Film to X-Rays

The conversion of the radiologic image into a radiograph by a film exposed
directly to x-rays without the help of screens takes place as follows: The
x-ray photons are stopped in the film, and the energy thus dissipated in the
form of excitations and ionizations is recorded by the film emulsion. The
sensitivity of a film to x-rays is therefore determined by (1) the absorption
of x-ray photons by the film and (2) the efficiency with which excitations
and ionizations are utilized in exposing the photographic emulsion.

The sensitive photographic emulsion is composed of an organic gelatin
matrix containing a suspension of silver bromide particles. The gelatin is
nearly transparent to x-ray photons in the conventional diagnostic energy

FIG. VI-24. Net density-versus-exposure curves for a medical x-ray film
A exposed directly to x-rays
B exposed to calcium tungstate intensifying screens.
Note that at low densities the direct exposure curve is a straight line. (Courtesy of
X-Ray Sales Division, Eastman Kodak Co.)
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range, and most of the absorption of the x-ray photons takes place by photo-
electric interactions in the silver bromide. The absorption of x-rays in x-ray
films shows two relative maxima for photon energies equal to the K absorp-
tion peaks of bromine and silver (Ref. 13). The amount of silver bromide per
unit area in radiographic film is small, as shown in Table VI-3, and x-ray
film is relatively transparent to x-rays.

TABLE VI-3. Physical Characteristics of Some “ Kodak” Films Used in Radiology

Film Silver halidea Base Emulsionbc
(mg/cm2 (10—3 in.) (1 0-3 in.)

Kodak Blue Brand Medical X-Ray Film 1.84 9 0.35
Kodak Royal Blue Medical X-Ray Film 2.10 9 0.5
Kodak No-Screen Medical X-Ray Film 7.00 7 1.2
Kodak Industrial X-Ray Film, Type M 3.30 7 0.6
Kodak Industrial X-Ray Film, Type KK 7.00 7 1.2
Kodak Photoflure Film—Green Sensitive 1.58 5.6 5
Kodak Photoflure Film—Blue Sensitive 1.80 5.6 0.8

Data supplied through the courtesy of the X-Ray Sales Division, Eastman Kodak Company,
Rochester, New York. This information applies to the products as currently manufactured.
The make-up of these films is subject to change without notice.

aln the top five films, the silver halide is equally distributed between the two emulsion

layers.
b For the top five films, the emulsion thicknesses are the thicknesses of each individual

emulsion.
cEmulsion thicknesses include the thickness of any undercoat between emulsion and base.

The conversion of x-ray photon energy dissipated in the film into develop-
able silver bromide grains is inefficient. Although a large number of silver
atoms are liberated by single x-ray photons, this number is considerably
lower than predictable on the basis of the amount of energy available, and it
is estimated that only 5to s % of the energy dissipated by an x-ray beam in
a photographic emulsion is utilized in liberating silver atoms (Ref. 13). The
absorption of one x-ray photon renders only a few silver bromide grains
developable. The efficiency with which the energy of x-ray photons dis-
sipated in a photographic emulsion is utilized for producing a photographic
effect decreases with increasing photon energy.

It should be noted that the sensitivity of a photographic film to x-rays is
not determined by absorption of x-rays alone, and two photographic films of
similar chemical composition and similar amounts of silver bromide per unit
area but with different grain characteristics exhibit similar sensitivities to
x-ray photons only at high energies. For low energy photons they may
exhibit very different sensitivities (Ref. 13).

The absorption of x-rays by film and the resulting exposure can be con-
veniently represented by plotting the number of incident roentgens neces-
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Kilovolts peak

FIG. VI-25. Direct x-ray spectral sensitivity curve for typical film used for radia-
tion monitoring, showing number of roentgens required to produce a net density of
1.0 for two radiation qualities. Characteristic curves for radiations designated A, B,
and c are shown in Fig. VI-34. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

sary to produce a density of 1 above fog versus photon energy. This relation-
ship is shown in Fig. VI-25, where the milliroentgens required for a net
density of : are plotted against peak photon energies for polychromatic
x-radiation. It is apparent that in the diagnostic energy range, x-ray film is
most sensitive to x-ray photons carrying an energy of about 45 keV, primarily
because of photoelectric interactions m silver sit this energy range.

Sensitivity of Radiographic Film to Screen-Generated Light

In all radiographic examinations with screens, the exposure of the film is
due to light, and the direct effect of radiation on the film is negligible. This
situation is obviously true in cinefluorography and in photofluorography,
where the film is protected against the direct effect of x-rays. Although in
cassette-type radiography the film is not protected against the direct action
of x-rays, the contribution of the x-radiation to the total density ofiHemm
"is in most cases of the order of 2% (see section on “Intensification Factor”)
and can be neglected.

A given film-screen combination can be effectively used only if the film is
sensitive to the light emitted by the screen. Most screens used in radiography
emit either blue or yellow-green light. Blue-emitting screens are used in
cassette-type radiography, and yellow-green-emitting screens are used in
photofluorography and cinefluorography; blue-emitting screens are also used



232 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

1.Orr-
08-

06-
*g 04-
£

0.2.

& oi:
o 0.08;

10 0.06F

cD <D
> > 0.04f

B o

0} CD fjnp -
Cr od

mO 88O V Vv

0.0il
3000 4000 5000 6000 7000 8000
Wavelength (angstroms)

FIG. VI-26. Relative spectral sensitivity of typical screen-type x-ray film; relative
spectral emission of typical calcium tungstate intensifying screen; and relative spec-
tral transmission of amber safelight filter recommended for radiographic films.
(Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

in photofluorography. The spectral sensitivities of typical radiographic
films are shown in Figs. VI-26 and VI-27; the spectral distribution of light
emitted by x-ray screens widely used in radiography can be seen in Fig.
Vi-6.

It may appear that the most efficient film-screen combination is achieved
when the film sensitivity curve is identical in shape to the screen emission

FIG. VI-27. Spectral sensitivity of typical green-sensitive photofluorographic
film; spectral emission of typical green-emitting photofluorographic screen; and
spectral transmission of dark red safelight filter recommended for use with fast green-
sensitive films. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)
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FIG. VI-28. Hypothetical curves illustrating effect of screen emission and film
sensitivity on total photographic effect. Screen emission and film sensitivity exactly
matched. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

FIG. VI-29. Effect of screen emission and film sensitivity on total photographic
effect. Screen emission and film sensitivity greatly different. Note that the total
photographic effect is greater than in Fig. VI-28. (Courtesy of X-Ray Sales Division,
Eastman Kodak Co.)
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curve. The fact is that such a match would result in poor utilization of the
light emitted by the screen, as shown in Figs. VI-28 and VI-29. In the situa-
tion shown in Fig. VI-28, only the light emitted having an energy correspond-
ing to the maximum film sensitivity is utilized with high efficiency. On the
other hand, if the film sensitivity is maximum for the whole energy range of
the light emitted by the screen (Fig. VI-29), the photographic exposure is
greater than if a close match between the curves is achieved-.This situation
~Aajlgijp r hrnad- film Bonaitivitv ancLa”el_atively narrow spectrum of screen
emission located somewhere inthe middle of the broad seiisitivity distfibtrtiOrir
Such an optimum™"match exists with most films used in radiography.

“'The relatiwTspeed and the characteristic curve of an x-ray film depend
on the spectral distribution of the light emitted by the screen. Thus, the
same film used with different screens may exhibit appreciably different
characteristics.

The conversion of light by a photographic film into density is accomplished
in two steps: (1) the light photons are stopped in the film which absorbs
most of the incident light, and (2) this energy renders silver bromide grains
developable. The light energy required to produce a density of 1.0 above fog,
on Kodak Blue Brand Medical X-Ray Film, is about 8.5X10-s ergs/cm2 of
incident light with a wavelength of 4360 A. (This corresponds to 1.86 X10s
photons/cm2) (Refs. 14 and 15.)

The sensitivity dependence of a film-screen combination on x-ray photon
energy is dependent only on the absorption of x-ray photons in the screen
used (see screen absorption curves).

Intensification Factor

JThe intensification factor of a screen for a given film is the ratio of the
X-ray exposures required to produce the same density (usually a density of
1.0) on the film with and without the screen. The intensification factor varies
witnphbton energy in a complex manner because the sensitivities of botlT
the screen and the film vary with photon energy also in a complex manner.
The intensification factor of a given screen may vary depending on the film
used with it. Typically, in the diagnostic x-rav range thp int.pnsiifipfit.irm
factor is approximately 40 to 50 (Ref. 16). It is interesting to note that a
combination of x-ray radiographic film and calcium tungstate screens
exhibits a relatively constant sensitivity to x-rays practically throughout
the whole diagnostic range if exposure is expressed in roentgens (Fig. VI1-30).
Thus, in the voltage range from 60 to 120 kVp, an exposure of approximately
1 mR produces a net density of 1 on medium-speed radiographic film exposed
with a pair of medium-speed intensifying screens.

Film Processing

Three desirable characteristics of photographic film that affect the quality
of the radiographic image are:fine grain, high contrast, and high speed. In the
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FIG. VI-30. Relationship between photographic density and radiation exposure
for a film-screen combination at different peak-energy x-rays.

manufacture of a photographic emulsion any two of these three character-
istics can be improved at the expense of the third one. Thus, a fine grain-high
contrast film exhibits a lower speed than a fine grain-low contrast film. Also,
a high speed-high contrast film is grainy. The desirability of high speed in a
radiographic film is obvious. The usefulness of high contrast has been
pointed out earlier in this chapter, and the graininess of the film may some-
time affect resolution if fine detail is desired. Different films commercially
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Log relative exposure

FIG. VI-31. Characteristic curves of typical screen-type x-ray film for a series of
developing times at 68° F. (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

available for radiography embody different combinations of these three
factors, and the selection of the proper combination depends on the type of
examination for which the film is intended. Proper selection is of particular
importance in cinefluorography (Chapter X).

In a given film any two of these factors may to a certain extent be enlarged
at the expense of the third factor by modifying the conditions of the film
processing.

Film processing consists of developing and fixing. Developing is the reduc-
tion in the photographic emulsion of exposed silver halide particles to image-
forming particles of metallic silver. This chemical reaction is affected by
time and temperature. Fixation consists in dissolving the silver halide par-
ticles that have not been affected by light and consequently remained
unaffected by the developer. The purpose of fixation, and of subsequent
washing, is to render the image stable. Fixation also hardens the gelatin and
renders it more resistant to abrasion.

Both the speed and the contrast of a photographic film increase to a cer-
tain degree with developing time (Fig. VI-31). However, as developing time
increases, the speed reaches a plateau and may even decrease. It should be
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noted that increased developing time increases also the undesirable film fog.
Figure VI-32 shows the relationship between speed, average gradient, and
fog in a photographic film as a function of developing time. It can be seen
that the recommended developing time (5 minutes for this particular film)
achieves a reasonable compromise between high film contrast and relatively
low fog with adequate speed.

The effect of the temperature of the developer on speed, density, and fog is
shown in Figs. VI-33 and VI-34. It is apparent that developer temperature
and time affect the film in a similar manner.

Fixation of the film does not appreciably affect either speed, density, or
contrast. If fixation is carried out for too long a period of time, however, a
decrease in film density is observed.

FIG. VI-32. Time-speed and time-average gradient curves derived from the
characteristic curves of Fig. VI-19. Time-fog curve for the same developing condi-
tions is also shown. (The relative speed at the recommended developing time of
5 min has been arbitrarily assigned a value of 100. Fog values include density of the
blue film base—about 0.10.) (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)
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Granularity, Graininess, Resolving Power, and Sharpness (Ref. 17)

Photographic density is produced by the presence of molecular particles
of silver in the processed emulsion. The granularity of a photographic image
results from the spatial distribution of the reflecting or transmitting com-
ponents of the processed film. Granularity can be measured on a film by
means of a microdensitometer.

The graininess of a photographic image is the subjective impression of
nonuniformity experienced by an individual observing the granularity.

The resolving power of a film is an expression of the ability of the film to
record detail. Resolving power is usually measured by a line test pattern
recorded photographically on the tested film. The resolving power of photo-
graphic films varies from a few lines per millimeter for low resolving power
to a high value of about 200 lines/mm. Some special purpose films are made
with a resolving power of 1500 lines/mm.

Sharpness is the ability of a film to reproduce a sharp boundary between
contrasts. The relationship between sharpness and resolving power is com-
plex, and a series of photographic images are not always ranked in the same

FIG. VI-33. Characteristic curves of film in Fig. VI-19, but developed for 5 min at a
series of developer temperatures. (Courtesy of X-Ray Sales Division, Eastman
Kodak Co.)
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FIG. VI-34. Temperature-average gradient and temperature-speed curves
derived from the characteristic curves of Fig. VI-33. Temperature-fog curve under
same conditions is also shown. (The relative speed at the recommended developing
time has been arbitrarily assigned a value of 100. Fog values include density of the
blue film base—about 0.10.) (Courtesy of X-Ray Sales Division, Eastman Kodak Co.)

order of increasing sharpness and resolving power. The relationship between
sharpness and resolving power in an emulsion can be altered by certain
developers that strongly affect sharpness without altering appreciably
resolving power. In general, however, resolution in x-ray films correlates
well with sharpness.
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(VII) THE RADIOGRAPHIC
IMAGE

IMAGE CONVERSION QUALITY OF SCREEN-FILM SYSTEMS

The screen-film system converts the x-ray image into a radiographic
image suitable for visual interpretation or for some other form of analysis.
Under ideal conditions, the radiographic image is identical to the radiologic
image in terms of the information they contain. Unfortunately, the conver-
sion of the radiologic image into a radiograph by the screen-film combination
is always accompanied by a loss of information which is expressed as loss of
detail in the recorded image.

One of the simpler methods for the evaluation of the detail-recording
capability of a screen-film combination consists in comparing a test object
with its radiograph obtained by means of the screen-film combination. The
comparison is carried out under conditions that yield a radiologic image of
high quality (reduction of geometric unsharpness, scatter, etc.). Various
test objects, such as holes in metallic plates, screws, wire mesh, reticles,
etc., have been used in the evaluation of screen-film systems.

A better test object, developed by Van Allen and Morgan (Ref. 1), con-
sists of a slit of adjustable width between two blocks of lead which is moved
between the film and the source of x-rays by measured increments, usually
equal to the width of the slit. In this fashion a series of dark and light lines
are obtained of the radiograph, and the number of lines per unit area that
can be distinguished visually determines the resolution of the tested system.

These methods are suitable for testing the image-forming quality of a
screen-film combination for the radiography of metallic plates, screws, wire
mesh, or slits, but are not applicable to the unsharp, low-contrast structures
usually examined in radiology.

Modulation Transfer Function

A method more suitable for measuring the quality of the image-forming

system in diagnostic radiology is the determination of the modulation trans-
241
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fer function. This method is also used in general photography for measuring
the quality of optical image-forming systems. The parameter has been called
sine wave response, contrast transmission Junction, frequency response function,
etc. But in July 1961, the Subcommittee for Image Assessment Problems of
the International Commission for Optics (Ref. 2) recommended the adoption
of the term modulation transfer function.

The photon density gradient, forming the contrast bounty in a raHin-
logic image (or any density pattern or any image) can always be expressed
by Fourier analysis as the summation of a series of components consisting of
sine functions of various frequencies, amplitudes, and phase relationships.
Thus, the ability of a screen-film combination to convert a radiographic
image into a recorded optical image can be expressed as the ability of~the
system to faithfully reproduce sine functions. An ideal screen-film system
should reproduce without distortion the amplitudes of sinusoidal spatial
variations of photon densities in the radiologic image, for any frequency of
these functions. This system should not alter the frequencies of the sine
functions, and, in addition, should preserve the phase relationships of the
sine functions. In general, a nonideal system distorts one or more of the
above parameters (Ref. 3).

Amplitude distortion consists of the variation of the amplitude response of
the screen-film system.as a function of the frequency of the sine function.
It increases with the frequency of the sine function, until the frequency
reaches a value where the system is no longer able to reproduce the function.
This form of distortion results mainly from screen thickness and screen gram
size. Amplitude distortion can be observed when the system is evaluated by
means of a multiline test object: The frequency of the sine function is deter-
mined by the number of lines per unit length, and when this number reaches
a certain value, the system is no longer capable of resolving the lines. The
amplitude response of a screen-film system is shown in Fig. VII-1. It is
apparent that this response drops rapidly after 1+ cycle/mm, and is only
10 % at 10 cycles/mm, which in
of approximately

Harmonic distortion consists of the introduction by the screen-film system
of frequencies which do not exist in the x-ray image (Ref. 3). Harmonic dis-
tortion is mainly due to nonlinear response of the film to light excitation as
discussed in the previous chapter. The distortion is mostly fl.ppa.rent, at, high
densities; it decreases with diminishing exposure because film response
becomes more linear; and becomes again of importance at very low light
intensities.

Phase distortion, which results from the inability of the screen-film system
—o maintain proper phase relationship between the different sinusoidal com-
ponents of the x-ray image, is not of appreciable importance in radiography.
It is usuailymtroduced by optical systems such as lenses, image amplifiers,
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CYCLES PER MM

FIG. VII-1. Modulation transfer function. Sine-wave amplitude response of typical
x-ray film-screen combination. (From Morgan et al., Ref. S.)

and others, interposed between the screen and the film. Phase distortion
produces blurring of the edges; of examined nhjects (Ref. 3).

In conclusion, it avvears thatin diagnostic radiologic systems, the most impor-
tant limitation to reproducing detail is amvlitude distortion (P.ef. 3).

On the basis of the above, modulation transfer function can be defined as
follows (Ref. 4): “The modulation transfer function of an imaging system is
a measure of the ability of the system to image, frequency for frequency, a
radiation pattern in which intensity varies sinusoidally in one dimension
with distance in the object plane.” It may therefore appear that a good
method for the determination of the quality of an image-forming x-ray sys-
tem would consist in the use of a series of test objects with sinusoidal
attenuation properties with different frequencies and amplitudes for the
radiation used (Ref. 3).

This approach encounters the following practical difficulty: The design of
a suitable test object for the sine modulation of x-rays is difficult because the
attenuation of x-rays in matter is dependent on the spectral energy distribu-
tion of the radiation used and on the nature of the absorber. Thus the same
test object may modulate x-rays having different energy to different extents.
Secondary radiation emission and absorption unsharpness in the test object
further complicate the problem (Refs. 5 and &), and controlled modulation
of x-rays by various test objects is not practical (Refs. 3 and 7).
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Line Spread Function

At present one of the most attractive methods for the evaluation of the
image-forming quality of filnFScreeir combinations is determination of the
line spread function (Refs. 3, 7, and s).

The quality’oFa radiographic image-converting system, for example, of a
screen-film combination, can be defined as the ability of the system to give a
point-by-point reproduction of the x-ray image in such a fashion that for
each point of the x-ray image there is a corresponding single point in the
radiographic image. The distortion (blurring) introduced by the image-
converting system results from the fact that the energy corresponding to a
point of the x-ray image is spread over a greater area on the radiographic
image.

It appears, therefore, that the most direct method for the evaluation of
the quality of an image-converting system is study of the intensity distribu-
tion of the image of a point converted by this system. This intensity distri-
bution is referred to as point spread function (Ref. s). It can be determined
by exposing the system to x-rays through a point aperture in a plate opaque
to x-rays. The image thus obtained is then scanned by means of a micro-
densitometer, and the spatial distribution of the blackening of the film is a
measure of the point spread function. This method involves the technical
difficulties of providing an extremely small aperture and of scanning the
resulting image exactly through the center of the distribution.

These difficulties can be overcome by observing the spread of a line image
instead of a point image. In this case, the intensities distribution can be
obtained by scanning the resulting image perpendicularly to the line ob-
tained, and the observed spread is referred to as line spread function. The
line spread function is a one-dimensional representation of the two-dimen-
sional intensity distribution of the point image and is a measure ofthe ability
of a system to form images of extended objects.

The apparatus for the determination of the line spread function of a
radiographic system consists of a narrow slit between two jaws made of
material highly opaque to x-rays—uranium (Ref. 7), tungsten (heavy-met)
(Ref. 3), and platinum (Ref. 4) have been used for this purpose. The slit is
used to collimate a beam of x-rays before it impinges upon the screen-film
system to be evaluated (Fig. VI1I1-2). The width of the slit must be suffi-
ciently narrow so that the line spread function it produces can be considered
identical to that of a dimensionless line. Typical slit width is of the order of
10 n (Refs. 3 and 4).

The line spread function is determined by scanning the image of the slit
by means of a microdensitometer whose slit system is at least as narrow as
that of the x-ray slit. A typical line spread function is shown in Fig. VII-3.
The modulation transfer function of the screen film system can be calculated
from the measured line spread function (Ref. ). As mentioned in the section
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Optical bench arrangement for making radiographic slit exposures.

on “Modulation Transfer Function,” the limiting factor in detail recording
capabilities of x-ray screen-film systems usually is amplitude distortion;
phase distortion occurs only when an optical system is included in the system
and is usually not important; and the exposures of most films is carried out

in a density region where harmonic distortion is of little significance.

The line spread function for two intensifying screen-film systems is shown
in Fig. VII-4. In both cases the amplitude distortion increases as image
frequency rises. High speed screens demonstrate this property at lower fre-
quencies than medium speed screens. The modulation transfer function
determined from the line spread function for some typical intensifying
screens is shown in Fig. VII-5.
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FIG. VII-3. Normalized line spread function of two medium-speed calcium tung-
state intensifying screens and Kodak Blue Brand Medical X-Ray Film exposed at
70 kVp with a 3-mm aluminum filter. (From Rossmann, Ref. 2.)

As mentioned, the most important component affecting the modulation
transfer function is amplitude distortion. Figure V1l.s shows the amplitude
response of various screens used in diagnostic radiology. The presentation of
these curves differs from that in Fig. VII-5 mainly in the use of logarithmic
coordinates. A comparison of Curves A, B, C, D, and E in Fig. VIl.s shows
that the amplitude response of fluoroscopic and photofluorographic screens
is poorer than that obtained with intensifying screens.

The determination of the line spread function for x-ray films exposed
directly to radiation without screens is particularly difficult to determine
because it requires the use of extremely narrow slits warranted by the high
resolutions of such system. Figure VII-7 shows the amplitude response for a
typical radiographic film.

Use of the line spread function in diagnostic radiology is not limited to
the assessment of the quality of a screen-film system. This method can be
used to measure the influence of each one of the components of the image-
forming system, such as focal spot size (geometrical unsharpness), motion

_(motion unsharpness), scatter, and other factors in the image-forming
quality of this system.
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FIG. VIM. Normalized line spread functions of two radiographic systems contain-
ing calcium tungstate screens (because of symmetry, only one-half of each function
IS shown). A two medium speed screens

B two high-speed screens.
Both exposed with Kodak Blue Brand Medical X-Ray Film at 70 kVpwith a 3-mm
aluminum filter. (From Rossmann, Ref. 2.)

FIG. VII-5. Modulation transfer function.
1 two fast calcium tungstate screens with Kodak Blue Brand Medical X-Ray Film
2 two medium-speed calcium tungstate screens with Kodak Blue Brand Medical
X-Ray Film 3 one medium-speed calcium tungstate screen with Kodak single-
coated Medical X-Ray Film Blue Sensitive 3 mm aluminum Technique 70 kVp,
3 mm aluminum filter; HVL, 3 mm aluminum (From Rossmann, Ref. 2.)
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E typical photofluorographic screen
(From Morgan, Ref. S.)
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FIG. VII-7. Sine-wave ampli-
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Radiographic Mottle

A radiograph obtained by exposing a screen-film combination to a uniform
dose of radiation resulting in a film density similar to that encountered com-
monly in radiographic examinations (density between 0.5 and :.0) exhibits
an irregular, motley texture (Ref. 9) (Fig. VII-s). This texture is referred to
as radiographic mottle (Ref. 10). Sturm and Morgan (Ref, 11) suggested
that such an effect .could be due to the statistical fluctuations in the number
of x-ray photons per unit area responsible for the photographic image.

Cleare, Splettstosser, and Seemann (Kef. y), and more recently Rossmann
(Ref. 10) demonstrated that radiographic mottle is a combination of several
components, as shown in Fig. VII-9. Quantum mottle (for quantum see
Chapter I, p. 22) results from statistical fluctuations m the spatial distribu-
tion of the number of photons in the x-ray image. Structure mottle results
from irregularities in the structure of the screen. Combination of quantum
mottle and structure mottle is called screen mottle. Film graininess results

FIG. VII-8. Mottle of radiograph
made with intensifying screens.
{From Rossmann, Ref. 10.)



250 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

RADIOGRAPHIC MOTTLE

SCREEN MOTTLE

QUANTUM  STRUCTURE FILM
MOTTLE MOTTLE GRAININESS

FIG. VII-9. Components of the coarse density fluctuations observed on x-ray
films exposed with fluorescent screens (radiographic mottle). (Adapted from
Rossmann, Ref. 10.)

FIG. VII-10. Radiographic
mottle. Air space of increasing
width was introduced between
screen and film.

a Intimate contact

b o.02 MM

¢ 0.05 mm

d o.12 mm

e 0.23 mm

f 13.0 mm

(From Rossmann, Ref. 10.)

from the clumping of developed film particles and is independent of the
screen. The major contributing factor to radiographic mottle is quantum
mottle. In conventional radiographic examinations structure~~mottle and
film graininess are considerably finer in structure than quantum mottle.
and are completely overshadowed by the latter; their contribution to radio-
graphic mottle can be put in evidence only by using very special techniques™
vhich are not normally encountered in diagnostic radiology.
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Screen mottle is radiographically reproduced only if the screen-to-film
image conversion is of good quality. If film-screen contact is poor, radio-
graphic mottle, which is mostly due to screen mottle, is considerably reduced
because of the blurring introduced by light diffusion (Fig. V11-10). A similar
blurring of radiographic mottle takes place when a thicker, low resolution
screen is used with high diffusion of light through the screen phosphor layer.
Under extreme conditions, when the image-forming quality of the screen-film
system is particularly poor, the only component of the radiographic mottle
apparent on the film is film graininess. The radiographic reproduction of
quantum mottle is such a good expression of the image-forming quality of a
screen-film combination that the density fluctuations on the film can be used
as a test pattern for the measurement of the modulation transfer function of
The system (Kefs. 10 and 12).

Because radiographic mottle is mostly due to quantum fluctuations, it
will be particularly apparent whenever a “fast” image-forming system is
used. It is particularly pronounced with fast films and fast screens (Fig.
"vrurrr Radiographic mottle increases also with increasing radiation ennrgv-
because the amount of energy transferred to the screen upon absorption of a
photon depends on the energy of the photon; consequently, a given radio-
graphic density will have a higher quantum mottle if it resulted from the
absorption of a lower number of high energy photons than if a higher number

FIG.VII-11. Radiographicmottle.
Left slow screen (calcium tung-
state)

Right fast screen (barium lead
sulfate)

{From, Rossmann, Ref. 10.)

FIG. VII-12. Effect of radio-
graphic mottle on visibility of low
contrast detail.

Left radiograph made with a
medium-speed screen-film system
Right radiograph made with a
200 -times slower screen-film sys-
tem (same screens as on left)
{From Rossmann, Ref. 10.)
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of lower energy photons were used. The presence of radiographic mottle is
detrimental to the visibility of low contrast detail, as shown in Fig. V11-12,
and this undesirable “noise” factor can be reduced only by using a greater
number of photons in the examination, i.e., by using a “slower” image-
forming system.

Radiographic mottle represents the recording by a given image-converting
system of the statistical fluctuations, or “noise,” in the x-ray image, and any
image-converting system in diagnostic radiology, such as a fluoroscopic
screen or an image amplifier, exhibits its counterpart.

NOISE X-RAY PHOTONS

The term *“noise” in information theory applies to signals which do not
carry useful information and the presence of which interferes with informa-
tion transfer in the system used. In diagnostic radiology the major contribu-
tion to noise in the radiologic image consists of x-ray photons scattered out
of the primary beam by attenuation in the object under examination and
which reach the radiologic image. The attenuation of the x-ray beam takes
place mostly by scattering and thus without a great loss in the total number
of photons present; and when the scattered photons reach the plane of the
radiologic image, they supply the maior component, of nmse

The characteristic photons emitted upon photoelectric interactions in
body tissues do not contribute appreciably to noise. In the soft tissues
photoelectric interactions are relatively infrequent (Chapter 111) and the
energy of the characteristic photons is so low that they seldom reach the
plane of the radiologic image. In bone photoelectric interactions are more
probable; however, the most energetic characteristic photons of calcium,
which carry an energy of approximately 4 keV, are rapidly absorbed in the
immediate vicinity of bone and do not contribute appreciably to image
noise. The only characteristic radiation generated in clinical examinations
which is sufficiently energetic to reach with any probability the plane of the
x-ray image is excited in high atomic-number contrast materials such as
iodine and barium. The K-characteristic photons from these elements have
an energy of approximately 30 keV and have a fair probability of interfering
with the x-ray image. It should be noted, however, that such photons arq
present only in examinations carried out with a contrast material, and that
furthermore~The~"bi'Ct;iitage-of the primary photons interacting witfT~the
Aontrast material as compared to all the photons involved in the examination
is"small. Consequently, the contribution of thpsft-"harfl~terist,in photons to

. hoise can als® be neglected when compared with the maior component of the
X-ray image noise—scattered radiation.

Scattered X-Ray Photons

The major portion of photon noise in the x-ray image is contributed bv
Compton scattering. In soft tissues coherent scattering represents Ipss than
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25% of Compton interactions for 20 keV photons and decreases rapidly with
increasing photon energy. At 50 keV coherent scattering is only s % of
Compton interactions, and this component of scatter is therefore omitted
in the present discussion.

The spectral distribution of x-rays scattered in soft tissues can be deter-
mined by calculation. Bruce and Johns (Ref. 13) have studied the spectra of
x-rays scattered in low atomic-number materials by a combination of an
analytic and the “Monte Carlo” method. The details of the calculations are
outside the scope of this book, and only a qualitative discussion of scattered
radiation with some experimental results is included in this section.

The spectral distribution and number of scattered photons reaching the.
plane of the x-ray image depend primarily on three factors: (1) the energy of
the incident x-radiation, (2) the area and shape of the field used in the
examination, and (3) the thickness of the material under examination.

The mean energy of the scattered radiation that reaches the plane of the
x-ray image, particularly for small fields of irradiation, is not much lower
than that of the incident radiation because of a combination of the following
factors:

y 1. In the diagnostic x-ray energy range only little energy can be trans-
ferred to the Compton electron. For example, in a single Compton inter-
action a 50 keV photon may lose a maximum of 17% of its energy. The

FIG. VII-13. Solid angle subtended by radiologic image at examined part.
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FIG. VII-15. Influence of scatter on contrast.

1 contrast (78,b without scatter

contrast C&B DS with scatter present
Opposite two radiographs of the same pelvis showing the effect of scatter on
contrast
A radiograph exposed without grid (scatter present); technique 80 kVp,25 mAs
B radiograph exposed with grid interposed between pelvis and film(large fraction
of scatter removed); technique 80 kVp, 100 mAs

maximum energy transfer occurs for backward scattering; for lower angles of
scattering even less energy is transferred (Chapter Ill, section on the
“Compton Effect”). The energy of a photon can be appreciably reduced by
multiple scattering. However, the probability for a photon of reaching the
plane of the image decreases with the number of scattering events because
the solid angle subtended by the radiologic image at the patient is smaller
than the solid angle of escape (Fig. VI1I-13).

2. The scattered photons that have a high probability of reaching the
radiologic image are scattered at a small angle with respect to the interacting
photons, and small angle scattering results in transfer of little energy to the
interacting electron.

3. Higher energy photons are scattered with a greater probability in the



FIG. VII-15 A and B {Legend on opposite page).
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forward direction than lower energy photons and therefore exhibit a greater
probability of reaching the radiologic image.

4.  The scattered radiation is depleted of lower energy photons by filtra-
tion in the tissues, between the point of interaction and the radiologic image.

The above factors are interrelated in a complex fashion, and their relative
importance is a function of incident radiation energy, field size, volume of
tissue irradiated, and distance between the plane of the radiologic image and
the source of scatter. For the reasons discussed the amount of scattered
radiation reaching the plane of the radiologic image increases rapidly with
the energy of the interacting x-rays.

The influence of field size, thickness of material interposed in the x-ray
beam, and x-radiation energy is shown in Fig. VI1I-14. An increase in field
size increases the probability of scattered x-ray photons to reach the x-ray
image; and the thickness of the absorber produces a similar effect. 1t should
be noted that the shape of the field also plays a role in scattered radiation; a
narrow elongated field contains less scattered radiation than a circular field
of the same area because a greater number of scattered photons escape the
narrow field.

Effect of Scattered Radiation on the Radiologic Image

The scattered x-ray photons that reach the radiologic image deteriorate it
by reducing contrast. This effect is illustrated in Fig. YII-15. In Fig.
VI11-15(1) it is assumed that no scattered radiation reaches the x-ray image.
The contrast between the two areas a and b is 25%. In Fig. Y11-15(2) it is
assumed that scattered radiation equal to the amount of radiation trans-
mitted by Area a is present in the x-ray image. The contrast between Areas
a and b is now of only 12.5%. This example shows that although the relative
amount of radiation transmitted by two areas has not changed, the contrast

FIG. VII-16. Principle of grid oper-
ation.
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between them is reduced by the presence of scattered radiation. This reduc-
tion in contrast is reproduced in the optical image and reduces its diagnostic
value. Scattered radiation affects seriously the quality of most radiologic
examinations (see Fig. VI1I-15(3)) (Ref. 14). Reduction of contrast by scat-
tered radiation may result in rendering imperceptible details that may
be of diagnostic importance.

X-RAY GRIDS1

Scattered radiation in the radiologic image can be reduced by the use of a
grid (Fig. VI11-15(3)). Grids, roentgen grids, x-ray grids, and scattered-ray
grids (Ref. 15) are different terms designating the same device invented by
Bucky (Ref. 16) with the purpose of reducing selectively scattered radiation
in the x-ray image.

An x-ray grid is composed of a series of strips of material relatively
opaque to x-rays, such as lead, separated by strips of material considerably
more transparent to x-rays. Figure VII-16 illustrates the working principle
of an x-ray grid. The grid is relatively transparent to the radiation that
originates in the focal spot of the x-ray tube and is transmitted by the
object examined; and it is relatively opaque to scattered photons that
impinge on the grid at angles different from that of the transmitted radiation.

Terminology

Both stationary and moving grids are used in radiology. Moving grids are
set in motion during the x-ray exposure by means of a driving mechanism,

1Most of the discussion on x-ray grids is based on the excellent analysis by Dr. W.
Hondius Boldingh (Ref. 16). The author is grateful to Dr. Boldingh and to the Philips
Company for their authorization to reproduce their material.

KEY TO SYMBOLS4

k = Contrast reduction factor of scattering medium
K = Contrast improvement factor of a grid
Cp = Contrast without scattered radiation (no scattering material used)
Co = Contrast with scattered radiation (scattering material used)
C = Contrast with grid in place
Ip = Intensity of primary radiation
Is — Intensity of scattered radiation
It = Intensity of total radiation
Ip2 = Radiation transmitted throughexamined object
Ipi = Radiation transmitted throughareaadjacent to examined object
I'pi = Ipiradiation transmitted through grid
IV = Ip2radiation transmitted through grid
I's = Is radiation transmitted through grid
Tp = I'p/lp = Transmission of primary radiation through grid
Ts — I's/ls = Transmission of scattered radiation through grid
Tt= 1"t/h = Transmission” the total radiation through grid

aFrom NBS Handbook 89 (Ref. 15) and Hondius Boldingh (Ref. 16).
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an accessory called a Bucky or Potter-Bucky. A linear grid is composed of
plane strips that are parallel in the direction of their longest dimension. A
linear grid is said to be 'parallel when the planes of the strips are parallel. A
linear grid isfocused when the planes of the strips converge to a line virtually
parallel to the grid surface; this line is called convergence line. A cross grid is
composed of two linear grids assembled in such a way that the direction of
their strips form an angle; if this angle is 90 degrees, the grid is orthogonal.
The convergence lines of the linear grids in a cross grid intersect at the
convergence point. The distance between the convergence line, or the con-
vergence point, and the grid surface is called the focusing distance for the
grid. The perpendicular distance between the x-ray tube focus and the grid
surface is the focus-grid distance (Ref. 15).

A typical x-ray grid is made of lead strips approximately 0.05 mm thick
and about 3 mm high, separated by the interspace material which is relatively
transparent to x-rays (usually an organic compound or aluminum). The
separation between the centers of the lead strips is approximately 0.3 mm.
These figures vary depending on the grid construction. For example, the
number of lead strips per millimeter of grid may vary from approximately
10 to 50 strips per centimeter. The number of strips affects the distance
between the strips (Ref. 15).

The reduction of contrast in the rcaiciosic image anp o scareer radiation
cn5”expresseH~by the contrast reduction factor k (Ref. 16). which is equal
tcPOie~fatio of the contrast obtained with and without the presence of
scattered radiation (Table VII-1, Eq. (1)). The purpose of the grid is to
reduce the contrast reduction factor by reducing scattered radiation in the
x-ray image. The effectiveness of a grid in accomplishing this purpose can be
measured by the contrast improvement factor K, which is defined as the
ratio of the x-ray contrast withimd without the grid (Fig. V1I-17). The con-
trast improvement factor can also be defined in terms of the transmissions of
primary and scattered radiations through the grid (Table VII-1, Eq. (2)),
independently of contrast.

Contrast Improvement Factor

The contrast improvement produced by a grid depends on the spectral
energy distribution of radiation used and on the volume of scattering mate-
rial exposed to radiation. Table V11-2 includes values of the contrast im-
provement factor K for a series of grids measured under conditions suggested
by the ICRU (Ref. 15) (Figs. VII-18 and VII-19). Figure VI11-20 shows a
series of plots of the improvement achieved with a series of grids, as a function
of tube voltage and thickness of scattering material in the beam. The follow-
ing conclusions can be drawn from Fig. VII-17: The relative quality of the
different grids tested expressed as.the relative value of the contrast improve-
ment factor appears to be independent (1) of the voltage range used and
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FIG. VII-18. Apparatus for measuring scattered and total radiation.
(From Hondius Boldingh, Ref. 16.)

(2) of the phantom thickness. Therefore from the standpoint of the contrast
improvement factor, a given screen can be superior to others independently
of the radiation used and the volume of scattering material present.

Selectivity

Various other parameters have been used in characterizing the perform-
ance of grids, such as (1) the loss factor V (= 1 — Tp), which is a measure
of the loss of primary radiation passing through the screen; (2) the clean-up
factor, or efficiency j (= 1 —Tys), and (3) the Bucky factor B, which is equal
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to the total incident radiation divided by the total transmitted radiation
(im

One of the more useful of these factors, suggested by Waard (cited in
Ref. 16) and Reiss (cited in Ref. 16) is the selectivity 2 of a grid; it is equal to
Tp/Ts. The relation between the contrast improvement factor K and the
selectivity 2 is shown in Fig. VII-21 for various values of 1 J I v. It is appar-
ent that 2 is a complex function of K, and that a considerable difference
between the S’s of two grids may not necessarily result in an appreciable
increase in the contrast improvement factor K. Therefore, although the

selectivity 2 is useful from the standpoint of screen design, it is not as useful
in its final evaluation as the contrast improvement factor K (Ref. 16).

FIG. VII-19. Apparatus for measuring primary radiation.

{From Hondius Boldingh, Ref. 16.)

Lead diaphragm, 5mm Pb

— Narrow water container, e.g.
33cm X 5cm&

m Lead diaphragm, 5mm Pb
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a b

FIG. VII-20. Contrast reduction (a) and contrast reduction factor k (b) as a func-
tion of 1,/1P. Heavy lines indicate values for 10, 20, and 30 cm of water for x-ray tube
voltages ranging from 60 to 200 kV. (From Hondius Boldingh, Ref. 16.)

FIG. VII-21. Contrast improvement factor Kas a function of selectivity for various

values of a = I,/1p. (From Hondius Boldingh, Ref. 16.)
268



(Vll) THE RADIOGRAPHIC IMAGE

FIG. VII-22. Grid ratio.

Typical values:

d = 0.05 mm

D = 0.3 mm

h = 3.6 mm

r=12
Grid ratio:

T~-D

o 2

FIG. VII-23.
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T |
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4 6 8 10 12
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269

(height of the
strips)

Transmission of scattered radiation by an ideal grid versus grid
ratio. (Courtesy of Sven Ledin and The Elema Shonander Co.)

The grid ratio r is defined as the ratio between the height of the strips h

and the distance D which separates them, as follows:

h
r=D

The grid ratio is a parameter widely used in qualifying commercial x-ray

grids (Fig. VI11-22).
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lead content

FIG. VII-24. Contrast improvement factor Kn (100 kV dc, 2 cm water, 30 X 30 cm2
field) as a function of lead content. (From Hondius Boldingh, Ref. 16.)

X-ray grids are usually constructed with ratios of about 5 to 16. The
quality of a grid, expressed as the percentage of scattered radiation removed
versus grid ratio, is shown in Fig. VI1I-23. It is apparent that only little
improvement is achieved beyond a ratio of S*fand, as will be shown later in
this chapter, high ratio grids present serious practical disadvantages. For
this reason the majority of the grids used in diagnostic radiology are built
with ratios lower than 12.

The advantage of the grid ratio over the previously disennned methods
oTexpressing grid quality is that the rat,in is a physical characteristic of the
grid and is independent of radiation energy and scattered radiation. Un-
fortunately, grid ratio is a suitable method for the comparison of contrast-
improving qualities of grids only if the number of strips per unit length

~(strip density) of the compared grids is kept constant, as was the case in the
early days of grid development. In modern grids strip density varies over
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wide limits, and under such circumstances reliance on the grid ratio may be
misleading (Ref. 16).

Lead Content

The lead content P of a grid is defined as the mass of the lead in the grid
per unit surface area. Lead content can be used as a rough but easily deter-
minable index of the contrast improvement produced by a grid (Refs. 15
and 16) (Fig. VII1-24), -provided the grid is efficiently constructed. An
example of an inefficiently constructed grid is a lead sheet that even with a
high lead content is a poor selective absorber of scattered radiation.

Focus-Grid Decentering

Sometimes the focal spot of the x-ray tube is displaced from the conver-
sion line of a focused linear grid or from the convergence point of a focus

FIG. VII-25. Transmission of primary radiation through grid, as a function of
angulation error or lateral decentering. (Courtesy of Sven Ledin and The Elema
Schdnander Co.)

ANGULATION ERROR ( Degrees)
| | | | —

0.017 0.035 0.052 0.07 0.087
CENTERING ERROR,b\
<\>
FOCUSING DISTANCE
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FIG. VII-26. Effect of lateral de-
centering of grid on shadows cast
by grid strips.

cross grid. Decentering results (I) from the displacement of the x-ray tube
focal spot in a plane parallel to the grid (lateral decentering), (2) from the
variation of the focus-grid distance, or (3) from a combination of (J) and (2).
Decentering of the focal spot with respect to the grid may occur accidentally
because it is often difficult to position accurately an x-ray tube; it may also
occur because decentering is inherent in the use of a focused moving grid;
and sometimes practical considerations dictate the use of a grid at a distance
other than its focusing distance.

Focus-grid decentering results in an increase in the shadow area cast by
the grid strips, with consequent reduction in the transmission of primary
radiation.

Lateral Decentering— Angulation Error. In a well-centered x-ray tube-
grid combination the shadow cast by the strips is nearly equal in width to
their thickness, and the percentage of the primary radiation intercepted by
the strips is equal to

where d is strip thickness and D is the distance separating the strips (Fig.
V1I-25).

Lateral decentering of the x-ray tube by a distance b results in an increase
in width of the shadow cast by each one of the strips by a quantity 8, which
is uniform throughout the area of the grid (Figs. VII-26 and VII-27). The
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increase 8is equal to

where h is the thickness of the grid, bis the lateral decentering distance, and
/ ois the focal distance of the grid. The relative loss of primary radiation
resulting from a lateral decentering b is equal to 8/D, or rb/f0.

FIG. VII-27. Effect of lateral decentering and focus-grid distance decentering on
shadows cast by grid strips.

fa
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Lateral decenteringoccurs also when a well-centered grid istilted in such
a fashion that theplanesof the strips are angulated withrespect to the
radiation. Such angulation error can be measured by the angle formed by
the planes of the strips and the direction of the x-radiation. The tangent of
this angle is equal to b/fQ and the relative loss of primary radiation con-
sequent to angulation error can also be expressed as follows:

8 )
— = rtan a = —e (1)
D Jo

This equation shows that the relative loss of primary radiation resulting
from lateral decentering or angulation error is proportional to the grid ratio
r and to the displacement and inversely proportional to the focal distance
of the grid. For example, if an error of 1 cm in the lateral centering of a grid
with a ratio of 12 and a focusing distance of 100 cm occurs, the relative loss
of primary radiation is 12 X Moo = 12%.

The motion of a moving grid always results in lateral decentering. The
amplitude of the excursion of commercial moving grids varies between 1 and
3 cm, which results in a maximum decentering of 5 to 15 mm. Under the
particularly unfavorable circumstances of a high ratio grid with wide
amplitude of displacement and a short focusing distance, the motion of a
grid may result in lateral decentering losses of about 20% of the primary
radiation.

Focus-Grid Distance Decentering. A grid-x-ray tube system is also
decentered when there is a difference between the focusing distance of the
grid and the focus-grid distance, although this system may be correctly
centered laterally. Focus-grid distance decentering results in a spread of the
strips’ shadows, increasing gradually in magnitude with increasing distance
from the central line (Fig. V11-28). Such decentering does not produce any
effect at the central line. In contrast to lateral decentering, which results in
uniform loss in transmitted primary radiation across the grid, focus-grid
distance decentering is revealed by a loss in radiation that is symmetrical
with respect to the central line. The fractional loss in primary radiation
8/D at a distance c from the central line is given by

_ _ for/i < /o 2
i =rc(jry)
and

for/2> /o0 3)
where r = grid ratio, ¢ = distance from the central line, / 0 = grid focusing

distance, and f xand f2 = focus-grid distances (Ref. 16) (Fig. VI1-27). If the
differences f0 —/ xand /2 —/o are small with respect to /o (small centering
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FIG. VII-28. Effect of focus-grid
distance decentering on shadows
cast by grid strips.

error), Equations (2) and (3) can be simplified, respectively, to

_ 1{P* —~ N
-g: Fe E__?_ — ) (2a)
or
I =rc(k™1Is\ (3a)
D \/o! [/
1 = «A&, ' (4)
D I<*

where/0—/i and f2—f 0= AfQ

The following conclusions can be drawn from Equations (2), (3), and (4):

1. The fractional loss of primary radiation is directly proportional to the
grid ratio and to the distance from the central line.

2. Focus-grid distance decentering away from the grid results in a smaller
loss of primary radiation than when an equal displacement occurstoward the
grid. Indeed, for a given displacement, the numerators of Equations (2) and
(3) are equal, but the denominators in the case of displacement away from
the source are greater than for a displacement of the focus toward the grid.

3. If decentering is small, the loss of primary radiation is proportional to
the centering error and inversely proportional to the square of the grid
focusing distance (Eq. 4).

Comparison of Focus-Grid Distance Decentering and Lateral Decenter-
ing. The loss of primary radiation due to lateral and focus-grid distance
decentering exhibits the following common points: Both effects are (1)
proportional to the grid ratio, {2) proportional to the decentering distance,
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-IRAT'Y 1=t

FIG. VII-29. Effect of combined
lateral decentering and focus-grid
distance decentering on shadows
cast by grid strips.

and (3) inversely proportional to the focusing distance (Fig. VI11-29). There-
fore, low ratio grids with long focusing distances require less critical center-
ing than high ratio grids with short focusing distances. The focusing distance
of a grid is determined by the focus film distance used in the examination,
and usually this parameter cannot be easily altered. On the other hand, the
selection of a grid with a high ratio is made only in an attempt to increase
the reduction of scattered radiation. As was shown in Fig. VI11-23, the plot
of the transmission by a grid of scattered radiation versus grid ratio first
exhibits a sharp drop, followed by a considerably flatter area; beyond a grid
ratio of 8 to 10, the reduction in the transmission of scattered radiation is
reduced. On this basis it appears that the use of grids with ratios higher than
approximately 8 is not efficient, because a relatively small gain in absorption
of scattered radiation is obtained at the cost of extreme criticalness in grid
centering.

Lateral grid centering is more critical than focus-grid distance centering.
This can be shown by comparing the ratios of primary radiation losses
resulting from the same lateral and focus-grid distance decentering:

The loss of primary radiation resulting from lateral decentering is given
by Equation (1) (p. 274):

/ 5\ rb
\D/lat /0

The loss of primary radiation resulting from focus-grid distance decenter-
ing, assuming that the amount of decentering is small with respect to /o, is
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given by Equation (4):

= rcA/°
\DUe ~ J/02'

If the lateral decentering distance is assumed to be equal to the focus-grid
decentering distance, then b = A/o and the ratio of the losses of primary
radiation by lateral and focus-grid decentering is equal to

(S/D)iat _ fo .
(5D )fg” e w

Equation (5) shows that the ratio of the primary radiation losses for a
given lateral decentering to the primary radiation losses for the same focus-
grid distance decentering is equal to the focusing distance of the grid divided
by thedistance fromthecentral line to the  pointwhere thelosses are
evaluated.The distance c isequal at most to one-half ofthe width of the
grid, which is usually considerably smaller than the focusing distance. For
example, for a 14 X 17 in. grid with a focusing distance of 40 in., /Qc =

= 5.7; this means that under the described circumstances, at 7 in. from
the central line the reduction of the intensity of the primary radiation due
to lateral decentering is approximately 6 times greater than that for focus-
grid distance decentering. This difference between the two types of decenter-
ing is illustrated in Fig. VII1-27, where the losses in primary radiation
subsequent to focus-grid distance decentering from fo to, 1 at c is equal to
the losses resulting from the lateral decentering from/o to Fi. Conversely,
the primary losses resulting from a decentering from fOto ft are identical to
the lateral decentering losses resulting from the decentering fOto F..

Focus-grid distance centering in radiologic practice is not critical, par-
ticularly for grids with long focusing distances and low ratios, so that these
grids can be used over a certain range of focus-grid distances without
appreciably causing unequal absorption of primary radiation.

The selection of the focus-grid distance limits between which a grid can
be used in practice depends on (1) the accepted reduction of primary
radiation at a specified distance from the central line, (2) the grid ratio and
the focusing distance, and (3) the uncertainty of the lateral decentering
which contributes to the primary radiation losses.

The ICRU (Ref. 15) defines focus-grid distance limits as follows: "The
limits are so defined, using the nominal or stated values of fo and V and an
average lateral decentering of 1 cm of the tube focus, that a loss of 50
percent (for cross grids 25 percent) is obtained at 15 cm from the central
line of the grid.”

Moving Grids

In many radiologic examinations the grid is attached to a driving mech-
anism which sets it in motion during the x-ray exposure with the purpose of



278 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

blurring out the shadows cast by the absorption of radiation in the strips.
Parallel, focused, and cross grids are so set in motion. Different mechanisms
are used to operate moving grids; some move the grid once during the
exposure; some communicate a rapid back-and-forth motion to the grid
(reciprocating grids); and others produce a sinusoidal motion.

In addition to the blurring effect achieved, the operation of a moving grid
differs in two other respects from that of a stationary grid with the same
characteristics: (1) The excursion of a focused moving grid results in un-
avoidable lateral decentering with subsequent reduction in transmitted
primary radiation. Usually, because of the short excursion of the grid this
loss is not greater than about 20% (Ref. 16). (2) The x-ray image of a
uniform distribution of radiation transmitted through a moving grid
consists of a wuniform distribution of photons. A stationary grid of
identical characteristics tested under the same conditions supplies an
x-ray image composed of the shadows cast by the grid strips and, in the
interspace areas, a photon density greater by about 15% than in the image
obtained with a moving grid. Thus, both in the moving and in the stationary
grid the number of primary photons that are transmitted per unit area is
the same, except that in the case of the stationary grid these photons are

N“compressed” between the strips.

The above considerations tend to favor slightly the use of stationary grids,
although from the practical standpoint these factors appear to be of little
consequence in clinical radiology. A more serious drawback in the use of
moving grids are the disadvantages associated with a Bucky, which is
costly and subject to failures, does not perform well for very short exposures,
and may introduce an undesirable motion of the film. For these reasons, and
because of the availability of grids with large numbers of strips per unit
area (over 100 strips per inch), which render grid strip shadows almost
unnotiheable, there is a tendency to abandon moving grids in favor of
stationary grids.

Cross Grids

A cross grid is a structure composed of two linear grids having the same
focusing distance, which are superimposed in such a fashion that their strips
form an angle. If this angle is 90 degrees, the cross grid is said to be orthog-
onal. Most cross grids are orthogonal.

According to ICRU recommendations, the grid ratio rc of a cross grid is

rc=2 Xreg

where reis the grid ratio of each one of the linear grids composing the cross
grid. Although it appears theoretically possible to blur out the strip shadows

of a cross grid by moving it (Ref. 17), moving cross grids are not often used
in radiology.
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In general terms, the performance of a cross grid is almost identical to
that of a linear grid of the same grid ratio and the same lead content, with
the following exceptions. The square pattern exhibited by cross grids when
they are operated with focus-grid distance decentering is somewhat more
pleasing to the eye than the linear pattern obtained with a linear grid of
similar performance, and the cross grid provides a slightly better absorption
of scattered radiation than a linear grid of similar characteristics. These
advantages of cross grids must be weighed against the following disad-
vantages: They transmit less primary radiation, and they exclude oblique
beam techniques, which are possible with linear grids. At this time not
eenqugh data are available to establish a clear-cut difference between the
performajaces~bfirr©ss-grido_and linear grids.

Grid Strips

Ideally, grid strips should be infinitely thin to absorb no primary radia-
tion edgewise, and be completely opaque to scattered radiation striking
their surface. These desirable features dictate that the strips be made of a
material exhibiting the highest linear x-ray absorption coefficient for the
scattered radiation. This suggests the use of a high atomic-number and high
density element.

Two additional theoretical factors must be taken into account in the
choice of strip material. The absorption of the relatively low energy x-rays
used in diagnostic radiology in high atomic-number materials takes place
mostly by photoelectric effect. Consequently, of two absorbers having
different atomic numbers, the one with the lower atomic number may be
more opaque to x-rays than the other absorber in a given photon energy
range because of the relative positions of the K absorption peaks of the two
elements, and the absorption of scattered x-rays in the strips by photo-
electric effect results in the emission by the absorber of its characteristic
radiation. In a grid constructed with high atomic-number material, the
L-characteristic radiation is of no consequence because its energy is so low
that it is almost completely absorbed in the interspace material of the grid.
However, if the energy of the scattered radiation absorbed by the strips is
sufficiently high to stimulate the emission of the K-characteristic radiation
of the strip material, this radiation may escape the grid and reduce the
contrast of the x-ray image. Grid fluorescence produced by the absorption
of high-energy scattered radiation reduces the usefulness of a grid and also
suggests the use of the highest possible atomic-number element as strip
material to raise the energy limit of the photons that can excite the fluores-
cence of the grid.

The above considerations show that the selection of strip material is
complex and should take into account not only the density and atomic
number of the material but also the spectral distribution of the x-radiation

with which the grid is to be used.
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Practically all grids used in diagnostic radiology contain lead strips. Lead
(atomic number 82, density 11.0 g/cm3 is cheap and relatively easy to
handle, and offers a good compromise for the construction of grids. However
from the theoretical standpoint lead is inferior in several respects to some
other elements. Table VI11-3 shows a series of elements that compare

TABLE VII-3. Atomic Number
and Density of Some High
Atomic-Number Metals

Atomic
Element  number Density
(g/cm3
Tungsten 74 19.0
Platinum 78 21.4
Gold 79 19.3
Lead 82 11.0
Uranium 92 16.7

Adapted from Handbook of Chem-
istry and Physics, Ref. 18.

favorably with lead for the construction of grids. Platinum and gold, in
spite of their slightly lower atomic numbers, are superior to lead because
of their considerably greater densities, and gold grids have been constructed
for use in radiology. The high cost of these two elements prohibits their use
on a wide scale. The lower atomic number of tungsten is also counterbal-
anced by its high density, and the usefulness of tungsten grids has been
demonstrated (Ref. 19). Uranium, with higher atomic number and higher
density than lead, appears to be an excellent choice for the construction of
grids (Ref. 20). A comparison of the linear x-ray attenuation coefficients for
tungsten, lead, and uranium (Fig. VII1-30) shows that there is “jockeying”
between the superiority of uranium and tungsten over lead. Table VII-4
includes a comparison of the tenth-value layer (thickness of absorber which
reduces the number of x-ray photons impinging on it by a factor of 10) of
lead with the tenth-value layer of uranium for x-rays generated approx-
imately between 30 and 200 kVp. It is quite apparent that practically over
this entire energy range uranium is considerably superior as grid strip
material. In spite of these advantages, uranium grids are not used because
of the difficulties involved in their construction.

Grid Interspace Material

The main purpose of the material between the strips of a grid is to provide
structural support for the fragile, thin lead strips. In most commercially
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PHOTON ENERGY(keV)

FIG. VII-30. Linear x-ray absorption coefficients for lead, tungsten, and uranium,
as a function of photon energy. (Data from Siegbahn, K.: Beta and Gamma Ray
Spectroscopy. New York. Interscience, 1955.)

manufactured grids the interspace material is either aluminum or some
organic compound. The advantage of using organic compounds is that they
absorb appreciably less primary radiation than aluminum (Figs. V-5 and
V-9, Chapter V). On the other hand, aluminum is a better absorber for-
scattered radiation which does not strike the strips, and therefore

presence of aluminum may improve the contrast improvement factor of a
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TABLE VIM. One-Tenth-Value Layer of Uranium
and Lead as a Function of X-Ray Energy

Ratio
Mo- Mo- Ko-V.L.
value vable lead
layer layer to
Peak Added Half-value Effective for for Koth-V.L.
energy filtration layer energy lead uranium uranium
(keV) (cm) (cm) (keV) (cm) (cm)
27.5 0 0.1 AL 22 0.004 0.0016 2.5
60 0.32 AL 0.425 AL 35 0.019 0.0075 2.5
80 0.32 AL 0.65 AL 48 0.032 0.013 2.4
115 0.32 AL 0.9 AL 60 0.044 0.025 1.8
140 0.3 AL 0.075 Cu 74 0.051 0.033 15
200 0.3 AL 0.1 Cu 81 0.064 0.038 1.7
120 0.3 Cu 0.15 Cu 100 0.055 0.053 1.0
+0.1 AL
200 0.3 Cu 0.25 Cu 130 0.102 0.058 1.8
+0.1 Al

grid (Ref. 21). This advantage is difficult to assess, and at this time is still
somewhat controversial (Ref. 16). Technically, aluminum is a good grid
interspacing material because it is hard, uniform, and nonhydroscopic,
which prevents deformity of the lead strips during the manufacturing
process. Furthermore, because of the hardness of aluminum, grids inter-
spaced with aluminum appear to be more resistant in every-day use than
grids using organic material and in many instances show better uniformity
of construction than grids interspaced with organic material.

REDUCTION OF SCATTERED RADIATION BY DISTANCE

It is also possible to reduce the intensity of scattered radiation in the
radiologic image by increasing the distance between the image olane~and
the examined object. Inasmuch as the scattered radiation is produced in
the object, its intensity in the image plane is strongly dependent on the
distance that separates the image from the object. This method is not as
effective at high energies as at lower energies because of the small-angle,
near-forward scattering of higher energy radiation. It is sometimes incor-
rectly referred to as air filtration. The reduction of scattered radiation bv
distance is accomplished at the~~cost of sharpnpgg because of the iri‘iroQco in
geometric unsharpness when the distance between the radiologic image and
the examined object is increased.
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UNSHARPNESS IN RADIOLOGIC EXAMINATIONS

The resolution in the optical image of a radiologic examination, whether
this image is viewed directly on a fluorescent screen as in fluoroscopy or
whether it is recorded on a photographic emulsion, is considerably lower than
that resolution limited only by the statistical fluctuations of the photons
that form the image. This occurs because at all levels, both at the generating
and the retrieving of information, the various components of the Xx-ray
apparatus contribute to the degradation of the image by producing un-
sharpness. The different forms of unsharpness are compounded in the final
optical image and, together with statistical fluctuations, limit the resolution
of the image.

The unsharpness contributed by the information generating system (x-ray
tube, examined object) appears in the radiologic image as geometric un-
sharpness. The radiologic image is further deteriorated by the unsharpness
introduced when it is converted into an optical image.

Geometric Unsharpness (Penumbra)

The focal spot of an x-ray tube is a surface of finite dimensions rather
than a point source of radiation, and the shadow cast by any object inter-
cepting the x-ray beam is surrounded by a zone of unsharpness. This zone of
unsharpness is called geometric unsharpness, or penumbra, because its
formation is identical in principle to that of the optical penumbra surround-
ing a shadow (umbra) cast by a finite-sized source of light.

X-ray penumbra can be explained as follows: A finite-sized source of
X-rays can be regarded as a number of point sources of radiation distributed
over the area of the focal spot. When an object is interposed in the beam of
radiation, three zones are formed: (1) a zone where the radiation emitted by
all the point sources of radiation is intercepted by the object (shadow),
(2) a “light” zone where none of the sources is covered by the object; and
(3) between these two zones, a third transitional zone—the penumbra
where only a certain number of point sources are covered. If radiation is
emitted uniformly by the target, the number of photons across the penumbra
varies linearly from the shadow to the “light” zone.

The width of the zone of geometric unsharpness is given by

Ur = F x I (6)

where Uf is the width of the penumbra or geometric unsharpness, F is the
width of the focal spot, d is the distance between the object and the point
where the unsharpness is measured, and D is the distance between the focal
spot and the object examined (Ref. 22) (Fig. VII-31). It is apparent that
geometric unsharpness can be reduced by (1) reducing d, (2) increasing D,

or (3) by reducing F.
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PENUMBRA

FIG. VII-31. Geometric unsharpness
(penumbra).

Geometric unsharpness also results from the motion of either the ex-
amined object or the x-ray tube focus during the examination. Such un-
sharpness is referred to as motion unsharpness (Ref. 22) (Fig. VII-32). If
the object moves by a distance AMf during the exposure, the width of the
motion unsharpness zone Uno is given by

D d
Uno —Amp X D (7)
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If the focal spot of the x-ray tube moves by a distance AmF during the
exposure, the resulting geometric unsharpness is given by

UmF —Amp X (8)

It should be noted thatthe motion of the focalspotduring the exposure
results in an unsharpness identical to that producedbya focal spot having
the width Am f-

The relative influence of object and x-ray tube motion on motion un-
sharpness is expressed by the ratio of the unsharpnesses produced by an

FIG. VII-32. Motion unsharpness.

OBJECT MOTION FOCAL SPOT MOTION
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equal displacement during exposure of the object and of the tube, as follows:

it AMD= AlMhthen

udF =@ + h (9)

The ratio of the unsharpnesses approaches 1 only if d becomes much
greater than D. Under conditions normally encountered in radiologic
examinations, D is greater than d, and for the same displacement, object
motion results in a wider zone of geometric unsharpness than tube motion.
In a typical examination, D is approximately five times greater than d, and
the ratio Umo/Un¥F is of the order of 6. This means that for the same dis-
placement., nhjc f mn+inn produces a zone of unsharpness six times wider
than tube motion. This example emphasizes the importance of keeping the
patient immobile during the examination, and also points out the relative

—lack of importance of focal spot motion, particularly if the distance d is small
with respect to D. These relationships are experimentally demonstrated in
dental radiography where, although the usually poorly supported x-ray tube
swings widely during the exposure, little geometrical motion unsharpness
shows on the film because of the close proximity of the examined object to
the film. Motion unsharpness due to focal spot displacement can be reduced
to zero by bringing the object in contact with the screen or film (d = 0).
On the other hand, unsharpness motion due to the motion of the object can
never be reduced to zero. If d = 0, motion unsharpness is equal to the dis-
placement of the object.

MINIMUM SEPARATION
FOR RESOLVING A& B

FIG. VII-33. Unsharpness and resolution.

UNSHARPNESS
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Unsharpness results in loss of resolution, and two points can be resolved
by a system exhibiting unsharpness only if the distance which separates
them equals or exceeds the half-width of the zone of unsharpness (Figs
VI11-33 and VI-3).

Unsharpness Contributed by Image Conversion

The conversion of the radiologic image to an optical image by means of
screens, film, or screen-film combinations is accomplished at the cost of
additional unsharpness. (Unsharpness in image amplifiers is discussed in
Chapter V1II.)

Screen unsharpness is due to diffusion, in the phosphor layer, of the light
photons produced by the absorption of x-ray photonsTTA less important
component of screen, nnsharpness is contributed hy the diffusion through
the screen of the characteristic x-radiation excited in the phosphor by the
absorption ofLx-ravs. The diffusion of light in the screen depends mainly on
crystal particle size, thickness of the screen, and transparency of the
phosphor matrix to the light emitted. The density distribution of the un-
sharpness produced by a screen is difficult to evaluate because of the
complexity of the factors involved. An approximate measure of the width
of the unsharpness zone can be deduced from the resolving power of the
screen by assuming that the separation between two resolved lines must be
at least equal to the half-width of the zone of unsharpness. The resolution
of x-ray screens varies from about 2.5 lines/mm for fluoroscopic screens to
14 lines/mm for high-resolution intensifying screens (Table VI-2). These
two figures correspond to a width of unsharpness from 400 to 70 ju

A better method of expressing screen unsharpness consists in determining
the modulation transfer function of the screen by means of its line spread
function (Ref. 3). As pointed out by Morgan et al. (Ref. 3), the most
important factor affecting the detail recording capabilities of screens and
film-screen combinations is amplitude distortion. Consequently, the expres-
sion for the modulation transfer function of these systems may be limited
to a representation of the amplitude response versus frequency. Figure
VI11-6 shows sine-wave amplitude response characteristics of five types of
screens commonly used in radiology.

Unsharpness contributed by the film is, in most clinical radiologic ex-
animations, a component negligible with respect to either geometric or
screen unsharpness. Figure VII-7 shows the sine-wave amplitude response
of a typical radiographic film. A comparison of Figs. VII-6 and VII-7 shows
that the detail recording capabilities are considerably superior in the film
than in the screen; for example, the amplitude response is reduced in the
film by 50% for 20 cycles/mm, while the same distortion occurs in the
screen at a frequency of only 2 cycles/mm. Film resolution is a limiting
factor in the detail-recording capability of a radiographic examination only
in examinations of extremities carried out without intensifying screens. In
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such examinations, focal spot-size geometric unsharpness is reduced because
of the small distance between the object and the film; and if no motion

occurs, film unsharpness is the major component of the total unsharpness
in the examination.

Total Unsharpness and Detail-Recording Capability
of Radiographic Systems

The total unsharpness recorded by the film in a radiographic examination
is equal to the sum of the unsharpness contributed by each one of the com-
ponents of the apparatus used in obtaining the recorded image. Table VII-5
shows total unsharpness and the relative contribution of each one of the
components in various typical radiographic examinations. Motion unsharp-
ness was omitted in these examples as it was assumed that the exposures
were sufficiently short to stop motion.

Table VI1I-5 shows: (1) With the exception of tho pxajaw~Tfm of a hand,

FIG. VII-34. Modulation transfer function. Individual frequency response functions
of the components (A, B, and C) of a radiographic system and the composite frequency
response function of all three components operating simultaneously (D).

A typical radiographic film exposed with intensifying screens

B 1 mm focal spot with 90 cm object-focal spot distance and 10 cm object-film
distance

C motion of the object traveling a distance of 0.3 mm during exposure

D total system frequency response (modulation transfer function) derived by
multiplying responses of each one of the components A, B, and C for each frequency
{From Morgan, Ref. 28.)

FREQUENCY - CYCLES PER MM
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FIG. VII-35. Effect of varying levels of anatomic motion on the recording capa-
bility of a radiographic system.

A film-screen combination

B 2 mm focal spot with 180 cm object-focal spot distance and 10 cm object-film
distance

C motion of the object traveling 0.25 mm during exposure

C' motion of the object traveling 1.5 mm during exposure

D total system modulation transfer function for Motion C

D' total system modulation transfer function for Motion C'

{From Morgan, Ref. 23.)

carried out under conditions which reduce geometric unsharpness because
of the short distance hptween the object examined and the lilm, him un-
sharpness contributes 10% or less of the total unsharpness. {2) The con-
tribution of screen unsharpness in these examinations contributes about
one-half of the total unsharoness. (3) At short focal film distances, con-
siderable reduction of unsharpness can be achieved by the”lse of a small
focal spot size. (4) If the object examined had moved by as little as 1 mm
during any one of the examinations, the resultant motion unsharpness
would have exceeded the sum of the other unsharpnesses.

The above study should be regarded as only qualitative. A considerably
superior method for the evaluation of the detail-recording capability of a
radiographic system consists in determining the modulation transfer func-
tion for the examination. This can be accomplished either by measuring this
function for the whole system, or by evaluating the modulation transfer
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functions for each of the components of the system and by compounding
their relative contributions (Ref. 23). The latter approach offers the ad-
vantage of showing the relative contribution of each one of the components
of the system to the quality of the resulting image.

Figure VI11-34 shows the modulation transfer functions of three compo-
nents of a radiographic system and the composite frequency response func-
tion of all three components. The influence of motion on the modulation
transfer function of a radiographic system is shown in Fig. VII-35. It is
apparent from Fig. VII-35 that System D is capable of recording detail of
the order of 1 mm without great distortion, whereas System D' is not. It is
interesting to note that Functions D' and C' are not very different, which
indicates that in Examination D', motion is primarily responsible for loss
of detail.
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(VII) THE FLUOROSCOPIC
EXAMINATION

The term fluoroscopy refers to diagnostic radiologic examinations in which
the optical image supplied by a luminescent x-ray screen is observed by the
radiologist. A lead glass plate protects the radiologist against the x-radia-
tion passing through the screen. Fluoroscopy is mostly used for the radio-
logic examination of dynamic processes; it is sometimes preferred to
radiography in static studies when time does not allow the processing of
film.

The fundamental difference between radiography and fluoroscopy lies
in the fact that in fluoroscopy the optical image supplied by the x-ray screen
is observed directly, while in radiography the image is first recorded on film
and then observed, usually by transmitted light.

It would seem that no difference should exist between the qualities of
the images obtained by the two methods, or perhaps that the fluoroscopic
image should be superior to the radiographic image because of the absence
of possible unsharpness, which is introduced by the use of film. The fact is
that the image quality in fluoroscopy is considerably lower than in radio-
graphy because of the following: During a fluoroscopic examination the
patient is usually exposed to radiation for a period of time which is seldom
shorter than 1 min, and which may be as long as 20 to 30 min. The radiation
exposure rate must be kept low to avoid excessive total exposure of the
patient. Thus, fluoroscopy must be carried out with low x-ray photon
fluences. This situation affects the fluoroscopic image in two related
ways: (1) the fluoroscopic image is considerably dimmer than the radio-
graph observed under normal conditions of viewing, and (2) the fluoro-
scopic image is formed by a considerably smaller number of x-ray pho-
tons per unit area than the radiographic image. Both factors affect
the quality of the fluoroscopic image by the magnitude of the statistical
fluctuations of the photons involved. The quantitative study of the influ-
ence of these factors on the fluoroscopic image requires an understanding

of the limitations of visual acuity at low light levels.
293
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VISION AT LOW LUMINANCE LEVELS—SCOTOPIC VISION

Vision is the acquisition' of information about an object by means of
light that is either emitted or reflected by that object. The image of the
object examined is formed by the optical system of the eye on the retina.
The human retina contains two types of receptors sensitive to light—the
cones and the rods. The highest density of cones is found in the fovea
centralis, and their number per unit area decreases from the center to the
periphery of the retina (Ref. 1). There are practically no rods in the central
portion of the fovea, and their number first increases radially from the
center of the fovea, reaches a maximum, and then decreases to the periphery.
The sensitivity of cones and rods to light probably does not differ much;
however, the excitation of rods is linked to larger fields of the retina than
that of the cones so that for a given amount of light per unit area falling
on the retina, the rod system is considerably more sensitive than the cone
system (Ref. 2). The difference in sensitivity between rods and cones
depends on the wavelength of the exciting light. At 5000 A the rod sys-
tem is about 100 times more sensitive than the cones while the two systems
exhibit similar sensitivities at 6500 A. Another difference between cone and
rod vision is that cones are sensitive to both the intensity and the wavelength
of light falling on them and are able to distinguish color, while rods are
only sensitive to light intensity and are unable to produce color vision.

The response of the retina to light depends on the number of light pho-
tons impinging upon it, and in the study of the visual observation of an
object it is necessary to define a parameter which is related to the number
of light photons originating in the object and traveling in the direction of
observation. This parameter is the luminance, or brightness, of the object.

The luminance B of a surface is expressed as the luminous flux F per
unit solid angle wper unit projected area A, as follows:

The luminance of a surface is (1) independent of the distance between the
observer and the surface, and (2) it is not altered when an optical system
is introduced between the eye of the observer and the object. The luminous
flux can be defined as “the quantity characteristic of radiant flux which
expresses its capacity to produce a luminous sensation evaluated according
to the values of relative luminous efficiency” (Ref. 3).

The unit of luminous flux is the lumen (Im). The commonly used unit
of luminance is the lambert (L), which is the luminance of a perfectly
diffusing surface emitting 1 Im/cm2 Another unit of luminance, recom-
mended by ICRU (Ref. 3), is the candela per square meter (cd/m32. This
unit is equal to 7rX10-4 lamberts (1 cd/m2 = ir 10~4L) and is convenient to
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use in certain photometric calculations. Figure VIII-1 gives a reference
scale of luminances commonly encountered.

In normal vision the luminance of observed objects increases from a low

value ofapproximately 10-2 millilambert (mL) (1 mL = 10~3L) up to extreme
values such as 108 and 10® mL, the luminance of the sun. In this range
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of luminance human vision is said to be photopic. In photopic vision the
retinal photoreceptors used are the cones, which provide high visual acuity,
color vision, and relatively low sensitivity to light. If a “photopic” eye
is placed in darkness its sensitivity to light increases, as shown in Fig. V1I1-2.
Photopic vision changes to a transitional state referred to as mesopic vision
to reach the scotopic or night vision stage.

This increase in the sensitivity of the eye, which is referred to as dark
adaptation, consists in the change from cone photoreceptor vision to the
high sensitivity-low resolution rod vision. The dark adaptation curve
(Fig. VI11-2) exhibits a discontinuity after approximately 5 to 8 min,
which results from the transition of cone vision to rod vision. This dis-
continuity separates photopic vision from scotopic vision. It is interesting
to note that if the test field is centered upon the fovea, where there are
practically no rods, only the first portion of dark adaptation is observed.
In a period of approximately 30 min the dark adaptation curve flattens out
and after that period shows only a slight improvement of sensitivity with
time. The fully adapted scotopic eye is approximately 10,000 times more
sensitive than the photopic eye. (A test for scotopic vision is the demon-
stration of absence of color vision.)

The sensitivity of scotopic vision is extremely high. After a period of
dark adaptation of several hours, the human eye is sensitive, under optimal
conditions, to as few as 5 to 14 photons absorbed simultaneously in the
retina (Ref. 1). In this respect the eye is about as sensitive as a photo-
multiplier tube. The range of sensitivity of the human eye is also remark-
able. Vision encompasses luminances from 10-6 to over 10-6 mL. This
sensitivity range is divided nearly evenly between photopic and scotopic
vision.

Because of the unequal distribution of cones and rods in the retina,
high-resolution photopic vision is carried out mostly in the center of the
visual field (in the fovea), while the sensitivity of scotopic vision increases
from the center of the visual field to about 20 degrees, where the rod pop-
ulation is denser. Thus, peripheral vision is more important in the dark-
adapted eye, which is relatively blind in the central area where rods are
scarce.

The ability of the eye to resolve detail can be expressed either as visual
acuity, which is defined as the reciprocal of the angle, measured in minutes,
that separates two contours barely recognized as distinct, or as resolving
power, which is the distance between barely recognizable contours at a
given viewing distance. (The concepts of visual acuity and resolving power
are considerably more complex than these definitions imply. In this con-
text the definitions are, however, adequate.) The maximum visual acuity of
the human eye lies between 1.5 and 2. This maximum visual acuity is
limited by the distance between the centers of adjacent cones in the middle
of the fovea centralis, which is of the order of 2 to 2.3 p (Refs. 4 and 5).
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FIG. VIlI-2. Dark adaptation as a function of time for two test fields of different
areas centered on the fovea. Discontinuities can be regarded as transitions from
photopic to scotopic vision. Note that for the small field (2 degrees) the break is
minimal because of the scarcity of rods in the fovea. (Adapted from Hecht et al.,
Ref. 15.)

The visual acuity of the human eye decreases with decreasing lumi-
nance of the observed object to a low value of 0.03 for luminance of about
10-5 mL. A decrease in visual acuity with decrease in light intensity occurs
also in eyes as different from those of man as insect eyes. This phenomenon
is not well explained on the basis of present knowledge of the physiology
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of the eye alone. Improvement in visual acuity with increased luminance
cannot be explained by the contraction of the pupil in bright light and sub-
sequent improvement in the optical system of the eye, because this phe-
nomenon is also observed with artificial pupils, which do not contract and
therefore do not provide for a change in optics for different light intensities.
Furthermore, the occurrence of this phenomenon in insect eyes, which have
a considerably different optical system from that of man, also invalidates
this hypothesis. A partial explanation is that at high intensities the ob-
server uses the central portion of the retina, which corresponds to high
visual acuity, and as the intensity of light decreases, peripheral portions,
which are known to provide lower acuity, are used. This is the explanation
for the decrease in visual acuity in the transition from photopic to scotopic
vision resulting from the lower resolution of the rod system as compared to
that of the cone system. However, this explanation fails to take into account
the continuous loss in visual acuity with decreasing light intensity in the
scotopic region while the same region of the retina continues to be used
(Ref. 4). A possible theory for variation in the visual acuity of the same
portion of the retina for different illumination involves the assumption that
more detecting elements are activated as the illumination level decreases
(Ref. 6). Thus, at different illumination levels the same area of the retina
would exhibit functional mosaics of photoreceptors having different reso-
lutions (Ref. 1). Whether this theory is correct or not, the decrease in visual
acuity in the lower luminance region, can certainly be explained on the basis
of statistical fluctuations in the small number of photons used by the retina in
acquiring information (Refs. 1 and 7).

Scotopic Visual Acuity and Statistical Fluctuations

In vision, information is transferred by means of light photons, and
this information is extracted by the photoreceptors in the retina by absorp-
tion of photons. The maximum amount of information thus gathered, and
therefore the maximum resolution obtainable, is limited by the statistical
fluctuations in the number of photons absorbed by the retina. (See also sec-
tion on "Statistical Nature of Radiologic Image,” Chapter VI.) Intuitively
it would seem that the luminous flux producing the retinal image is so in-
tense that statistical fluctuations could not play an appreciable role in visual
acuity. This concept istrue in photopic vision but is not justified at the lower
intensity levels of scotopic vision, as shown by the following calculations:

The number of photons entering the eye pupil per unit time during vi-
sion is equal to the luminous flux entering the pupil (a measure of the radi-
ant energy flux entering the eye) divided by the energy carried by each
light photon. The luminous flux F entering the eye pupil is given by a re-
arrangement of Equation (1):

F=B XoXA
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where B is the luminance of the object viewed, @ is the solid angle sub-
tended by the object at the eye, and A is the area of the pupil. If B is
expressed in candela per square meter, @ in steradians, and A in square
meters, F is expressed in lumens.

To find the number of light photons involved in the vision of a low
luminance object, let us assume a radiologist is viewing at a distance of
20 cm a fluoroscopic screen that is perpendicular to the line of vision.
Under typical conditions encountered in fluoroscopy the luminance B
of the screen may be 10-3 mL or

10~2
B = 7 cd/m2= 3.183X10-3cd/m2

The number of light photons emitted per 1 mm2of the screen and entering
the pupil of the eye can be calculated as follows:

1 The solid angle subtended by 1 mm?2of the screen surface at the pupil
of the eye, placed at a distance of 20 cm, is equal to

1 mm2
© = = 0.25 XI10-4 sr.
400 cm?2

2. The illumination impinging upon the pupil of the eye of the observer
under the above circumstances is

A = 5Xw = 3.183X10"3X 0.25X10“4= 0.8X10“7Ix.

(The lux (Ix) is a unit of illumination of a surface equal to 1Im/m2 (Ref. 8).

3. The diameter of the pupil at such a low light intensity level is about
8 mm, which gives a pupillary area of about 50 mm2; therefore the luminous
flux entering the eye is

F=BXuXA =0.8X10-7X 50X1076= 4X10~12Im.

4. The lumen, a unit of luminous energy, equals under scotopic condi-
tions approximately 5.73 X10-4 watts (W) for light with a wavelength
of 5070 A. Therefore the total energy flux impinging on the pupil is

4X10-12 X 5.73X10“4= 23 XI0O"BW
or
2.3X10-8 erg/sec.

5. The energy hn carried by each light photon (X = 5070 A) is 3.9X10
erg. Therefore the energy flux of 2.3X10-8 erg/sec is produced by a photon

flux n on the pupil of

9 3vV10-8

= - = 6X103photons/sec.
3.9XIOo"R

Not all the photons entering the eye reach the retina; a fraction is lost at
the interface between the air and the cornea, and others are lost in t e
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optical system of the eye before reaching the retina. Of the photons reach-
ing the retina, only about 10% are absorbed in the visual purple of the
rods. Thus, probably only. 1 to 5% of the photons impinging upon the
pupil are utilized by the retina (Refs. 1 and 9). Of the 6 X103photons/sec
entering the pupil in the above example, only 60 to 300 photons/sec may
produce useful stimuli in the rods. This figure represents the rate at which
the photons emitted by 1 mm?2of the viewed screen are absorbed by the rods.

The statistical quality of the picture thus captured by the retina de-
pends on the total number of photons absorbed, and this number is equal
to the product of the photon flux and the period of time over which the
eye is capable of accumulating information. In contrast to detectors such
as photographic emulsions, which are capable of accumulating infor-
mation practically indefinitely, the temporal summation of the human
eye exposed to a flux of photons is limited to about 0.2 sec. For a period
up to 0.2 sec the effect is proportional to the total number of photons
received. This period of time during which summation of light effects
occurs is referred to either as retinal action time (Ref. 1) or storage time
of the eye (Ref. 7). After that period of time, however, the photon stimuli
are no longer additive.

In the example previously discussed the maximum number of photons
that determine the statistical quality of the image seen by the eye is equal
to the photon flux r multiplied by the retinal action time, or 300 photons/
sec/mm2X 0.2 sec = 60 photons/mm2 This number represents the photons
absorbed by the retina under the described conditions out of the total
number emitted by 1 mm2 of a screen having a luminance of 10-3 mL.
It is apparent that so small a number is appreciably affected by statistical
fluctuations. Rose (Ref. 7) has demonstrated that the reduction in visual
acuity of the human eye at low luminance levels can be completely ex-
plained by these statistical fluctuations.

Scotopic Vision and the Fluoroscopic Examination

The quality of a radiograph is not limited by the statistical fluctuations
of the light photons affecting the retina. As shown in Fig. VIII-1, radio-
graphs are usually examined at light levels which can be made as high
as desirable to maximize visual acuity. Under such circumstances the sta-
tistical fluctuations of the light photons result in a loss of detail that is
negligible with respect to either the statistical fluctuations of the x-ray
photons responsible for the radiographic image or for the unsharpness
produced by the screens or other factors affecting the quality of the radio-
graphic image.1

1The physical aspects of fluoroscopy and the relationship between the physiology of
vision and the limitations of fluoroscopic examinations are thoroughly discussed in

%:Rh%m?z)rlain’s historical Carman Lecture entitled “Fluoroscopes and Fluoroscopy”
ef. .
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In fluoroscopy the low luminance of the screen places it in the low sco-
topic vision region (Fig. VIII1-1), and the statistical fluctuations of the
light photons utilized by the retina profoundly affect the quality of the
examination. That the number of light photons utilized by the eye in a
typical fluoroscopic examination is small was shown in the previous section.

STATISTICAL FLUCTUATIONS, CONTRAST, AND IMAGE PERCEPTIBILITY

The importance of statistical fluctuations in fluoroscopy has been de-
scribed by Sturm and Morgan (Ref. 10).

The relation between the statistical fluctuations of photons forming
a visual image and the dimension of the smallest perceptible structure of
this image can be determined as follows (Ref. 7):

If an image is formed by an average number of quanta N, this number is
subject to statistical fluctuations that are approximately equal to the square
root of N. The minimum visually perceivable variation in the number of
photons, AN, is proportional to V N :

AN = k VN, 2

where k is the threshold signal-to-noise ratio of a human eye. The numer-
ical value of k is, at this time, not firmly established, and measured k
values of about 2 to 5 (Refs. 7, 11, and 12) have been reported. If it is

assumed that k=2.5, then a signal must be at least2.5timesgreater
than the root mean square of the noise before it can berecognizedbythe
eye (Ref. 7).

The minimum perceptible contrast (threshold contrast), Cmn is given
by (AN/N) X 100. When k = 2.5, then

Cmin = ~ X 100 = — =X 100. (3)
N VN
The quanta number N can also be expressed in terms of photon flux
n (number of photons emitted per unit time per unit area), as follows.
N =nt XA, 4
where tis the time of summation of photons and A is the area of the small-

est perceptible image. In this case Equation (3) becomes

C = 2's 7= X 100 5
V¥1tXVA ()

The square root ofthe area of the smallest perceptible image, V i,
is approximately equal to the linear dimension of this image, and

VA =8=-~7= X 100, (6)
CVnt
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where 8 is the linear dimension of the smallest perceptible image with a
contrast C. In this equation, n is the smallest value reached by the x-ray
or light photon (or in certain cases, particles) flux (particle fluence) in
the formation of the visual image. Sturm and Morgan (Ref. 10) have
demonstrated good agreement between visual performance measured under
fluoroscopic conditions and the linear dimensions of minimum perceptible
images predicted by calculation for different contrasts.

If there is multiplication of photons at some stage of the examination,
such as occurs in the conversion of x-ray photons into light in an x-ray
screen, the lower value of the photon flux determines the limit of the sta-
tistical perceptibility of the examined object. It should be noted that if,
in a given image-forming system, the photon flux passes through a series
of stages”™of high and low values, the lowest value-~f-the-fliix. determines
the maximum image perceptibility allowed by statistical fluctuations.

The stage of the examination at which the statistical information reaches
its lowest level is called quantum sinkJ™Rei. 13). In practice each stage con-
tributes to the statistical degradation of the image, and usually the image
perceptibility is worse than predictableby the lowestvalue of the photon
flux. If at some stage of an image-forming system the photon flux is much
lower (for instance, by a factor of 10) than at any of the other stages,
then the statistical fluctuations of the other stages can be neglected and
the statistical image quality is completely determined by the low stage
(quantum sink).

Equation (6) applies to radiography as well as to fluoroscopy. In flu-
oroscopy the time t is the retinal action time, while in radiography it is
the exposure time of the film. In radiography the-lowest phntnn level necnrs,
as shown in Fig. VI1I-3, with the absorption of x-ray photons in the screen.
After that stage there is photon multlplicidioig when the energy of the
x-ray photons is converted into light in the screen. In radiography statis-
tical fluctuations of photons do not play an appreciable role because the
resolution observed on the radiograph is much inferior to the limitations
imposed on the system by statistical fluctuations. It is possible, however,
that with fast radiographic screens the subsequent lowering of the number
of photons used may result in deterioration of the quality of the roentgen-
ographic image because of statistical fluctuations (Chapter VII, section on
“Radiographic Mottle™).

Statistical Fluctuations in Fluoroscopy: Comparison with Radiography

In fluoroscopy, photon fluctuations play a dertermining role in limiting
the minimum perceivable detail; in radiography they do not. This difference
between fluoroscopy and radiography results from the considerably smaller
number of photons both at the x-ray and light stages utilized in the forma-

tion of the fluoroscopic image. The following example illustrates this
difference:
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Assume (l) a radiographic examination, of a 25-cm thick abdomen carried
out with the following technique:

X-ray tube voltage: 80 kVp

Tube current times exposure time: 100 mAs
Focus-film distance: 36 in.

Exposure: 1 mR on the screen,

and (2) a fluoroscopic examination of the same part carried out as follows:

X-ray tube voltage: 80 kVp

Tube current: 3.3 mA

Exposure time: 30 sec

Tube current times exposure time: 100 mAs
Exposure rate: 2 mR/min on the screen.

The dose of radiation delivered to the patient is the same in Examina-
tions (1) and (2).

The radiographic examination results from approximately 30X106
photons/cm2 impinging on the screen-film combination. This number of
photons per unit area corresponds to an exposure of 1 mR (Chapter XI)
which produces an optical density of 1 on standard-speed x-ray film ex-
posed with two medium-speed intensifying screens (Fig. VI-33). The x-ray
photons are absorbed in the screens and converted to light photons, as
shown in Fig. VIII-3. The light photons in turn are completely absorbed
in the film.

During the fluoroscopic examination the same total number of photons
impinges per square centimeter on the fluoroscopic screen, however, because
of the limited temporal summation of the eye, the fluoroscopic image at any
time during the examination consists only of the photons accumulated
during the storage time of the eye of 0.2 sec. Thus, in the fluoroscopic
examination the number of x-ray photons/cm2 impinging on the screen
which may contribute to the formation of the image is given by

30X166
photon flux = -------—-- photons/cm2 = 106photons/cm Zsec,

0 sec
and the total number of photons accumulated during the storage time of
the eye (0.2 sec) is 2X105photons/cm2 (Fig. VI11-3).

Of the 30X106 photons/cm2impinging on the screen-film combination,
approximately 30%, or 1X107photons/cm2 are absorbed in the screen and
converted into light photons. The light photons escaping the screens are
completely absorbed in the photographic emulsion, and this energy is
utilized in producing photographic grains in the emulsion. On the average,
200 light photons are required to render one photographic grain developable,
and there is a drop in the number of information-carring quanta between
the screens and the photographic emulsion. This drop, however, is not
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sufficient to use up the quantum gain achieved in the screens by the con-
version of x-ray photons into light photons, and the quantum sink occurs
in radiography at the stage of the absorption of x-rays in the screens. Thus
the statistical quality of the radiographic image, under the conditions of
this discussion is determined by 1X107photons/cm2

In fluoroscopy, only about 1 photon out of 50,000 provided by the fluoro-
scopic screen is utilized in the retina of the observer, mostly because of the
small solid angle subtended by the pupil of the~eve af the screen, and also
"because only a small percentage of the light photons entering the”pupil are’
utilized by the retina—{see Section 2). This loss of photons exceeds the
photon multiplication achieved in the screen, and in fluoroscopy the quan-
tum sink occurs in the retina of the observer. Of the 2X105photons/cm2
impinging on the fluoroscopic screen per 0.2 sec, only 4X103photons/cm2
are utilized in the formation of the image, and this number determines the
statistical quality of the examination. Thus, for the same dose of radiation
delivered to the patient, the quantum sinks are:

For radiography, 1X107quanta/cm?2
For fluoroscopy, 4X103quanta/cm2

Statistical Fluctuations and Image Perceptibility in Fluoroscopy

The x-ray apparatus used in fluoroscopy is capable of resolution similar
to that of a radiographic system. Although the fluoroscopic screen, because
of greater thickness and larger particle size (Table VI-2), contributes greater
unsharpness than the radiographic screen, the two apparatus are not too
different in resolution capabilities because in the majority of examinations,
the most important component of unsharpness is contributed by the large
size of the focal spot of the tube used (Table VII-5). However, in most
fluoroscopic examinations,-the—esolution achieved is considerably lower
than in radiographic examinations because of photon statistical fluctuations
which limit the resolution of the image obtained, rather than unsharpness
inherent in the apparatus.

The limits imposed by photon fluctuations on the maximum resolution
achieved in fluoroscopy can be deduced from the measured visual acuity
at fluoroscopic luminance levels. The fluoroscopic luminance range extends
from 10-4 to 10~2mL, with corresponding visual acuities from 0.05 to 0.20.
If the screen is viewed from a distance of 20 cm, the corresponding resolving
power varies from 1.16 to 0.3 mm corresponding approximately to 0.6 to 3
lines/mm resolved. It should be noted that the better resolving power
figure corresponds to a particularly high luminance level encountered only
in the fluoroscopy of thin parts. A comparison of these figures with the
resolution capabilities of the screens used in fluoroscopy shows that in
most of the fluoroscopic luminance range, statistical fluctuations limit, the
quality of the image, and that only at particularly high luminance levels do
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statistical fluctuations allow resolutions to equal the capabilities of the
screens.
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(1X) X-RAY IMAGE
INTENSIFICATION

FLUOROSCOPIC X-RAY IMAGE INTENSIFICATION

As shown in Chapter VIII, the improvement of the perceptibility of
images in fluoroscopy can only be achieved by raising the level of the quan-
tum sink in the image, as Sturm and Morgan have demonstrated (Ref. 1).
This can be accomplished by increasing the flux of x-ray photons used in
the examination. However, this solution is unacceptable because it means
increasing the always undesirable exposure of the patient to radiation.

Another solution to the problem is apparent from Fig. VIII-3. The quan-
tum sink in the examination occurs with the absorption of photons by the
retina. The low value reached by the photon level at the retina results from
the combination of two factors: (1) loss of photons in the eye and, mainly,
\2) loss of photons between the screen and the eye pupil resulting from the
small value of the solid angle subtended bv the snrpp.ri at the pupil.JThese
losses more than use up the photon multiplication achieved when x-ray pho-
ton energy is converted into light photons in the fluoroscopic screen. While
Factor ~J7) cannot be altered, the desired improvement of the statistical
quality of the image can be achieved by raising the number of light photons
per solid angle that reach the pupil. This can be accomplished by increasing
the luminance of the image supplied by the screen. The statistical quality
of the image is thus improved until the low level of the light photons ex-
ceeds the number of x-ray photons absorbed in the screen. At that point
the latter number becomes dominant because of its fluctuations, and further
multiplication of light photons reaching the retina does not affect appreci-
ably the statistical quality of the image.

The calculation of the light amplification required for a one-to-one cor-
respondence between the number of x-ray photons absorbed in the screen
and the number of light photons™absorbed in the retina includes a certain
number of parameters the exact value of which is not well determined.
With the parameters shown in Fig. VTTI-3 the value calculated for this

gain is about X20. Sturm and Morgan (Ref. 1) suggest that no improve-
307
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ment in usual performance is to be expected beyond a gain factor of 30 to
50 over the luminance of a Patterson B-2 fluoroscopic screen (E. I. du Pont
de Nemours & Co., Inc.).
Although no improvement can be expected in statistical image percepti-

/ bility from raising the photon flux in fluoroscopy by a factor greater than

/ approximately 20, it is still desirable to raise the luminance to a greater value
for two reasons: (1) If sufficient luminance can be achieved, fluoroscopy can
be carried out without dark adaptation. The luminance gain required for
bringing a dim fluoroscopic image to the photopic vision level is about
X'1000. (2) If this condition is fulfilled, the “cone” photopic central vision
would allow better acuity than peripheral “rod” scotopic vision.

>----— The above discussion shows that the statistical quality of a fluoroscopic
examination can be improved without an increase in the dose of radiation
delivered to the patient by (1) raising the light flux reaching the retina by a
factor of at least 20 and (2) further increasing the luminance of the image
to the photopic vision level. The improvement in detail perceptibility thus
achieved is limited by the statistical fluctuations of the x-ray photons
absorbed in the screen. It is interesting to note that the concept of raising
the luminance of the x-ray screen in fluoroscopy, developed on the basis of
retinal physiology (Ref. 2), was suggested well before Sturm and Morgan
(Ref. 1) demonstrated on the basis of Rose’s work (Ref. 3) that image
perception in fluoroscopy was in fact limited by statistical fluctuations of
light photons and established quantitatively what gain in image percepti-
bility could be achieved by raising the light photon flux emitted by a fluoro-
scopic screen.

FLUOROSCOPIC X-RAY IMAGE INTENSIFIERS

The luminance of a fluoroscopic screen cannot be increased 1000-fold, or
even much less, by intrinsic means for the following reason: The fluoro-
scopic screen converts the x-ray image into an optical image composed of a
greater number of photons per unit area. This multiplication of photons in
the conversion process is possible because the energy carried by each x-ray
photon is sufficient to create, under normal conditions of fluoroscopy,
approximately 20,000 light photons having a wavelength corresponding to
the fluorescence of the screen. Fluoroscopic screens, however, exhibit a con-
version efficiency of only 10 to 15%, and the absorption of an x-ray photon
in the screen results in the emission of only about 2000 to 3000 light photons.
Even if a 100% efficient screen could be devised, its luminance would be
increased by only a factor of about 7 to 10 over conventional screens. T hus,
A a greater gain in photon multiplication is required, the fluoroscopic screen

S must be replaced by a different image converter, into which energy is fed in
addition to the x-ray beam to permit the desired photon multiplication.
Such an image converter is referred to as an x-ray image intensifier, and it is
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defined as “a device which converts instantaneously an x-ray pattern into a
corresponding light image of higher energy density" (Ref. 4).

The replacement of a fluoroscopic screen by an x-ray image intensifier
is made to fulfill two purposes: (1) To provide the receptors of the retina, of
the observer with an image having a photon flux greater than the lowest
value reached at any stage of the system that converts the x-ray image into
light. Under these circumstances, for each x-ray photon absorbed in the
sensing detector of the image converter, more than one light photon reaches
the photoreceptors in the retina, and the statistical quality of the image
obtained depends only on the fluctuations of the absorbed x-ray photons.
(2) To supply an optical image having a luminance sufficiently high to
place it in the photopic vision range of the observer.

It should be noted that although all currently used x-ray image intensifiers
attempt to accomplish both purposes, it is not inconceivable that an inten-
sifier could be designed to fulfill only the first purpose; also, Purpose (2)
could be fulfilled without achieving Purpose (1).

X-ray image intensifiers can be classified into the following categories
according to the physical method applied in achieving intensification:
(1) x-ray image intensifier tubes or light amplifier tubes, (2) x-ray image
scanning systems (television systems), and (8) solid-state x-ray intensifiers.

In many instances x-ray image intensification is accomplished in more
than one step. For example, the optical image supplied by an x-ray image
intensifier tube may be further intensified by the use of either a light
amplifier tube or an image scanning system embodying a television chain,
as shown in Fig. 1X-1.

X-Ray Image Intensifier Tubes

The device most widely used in x-ray image intensification is the x-ray
image intensifier tube, which is an image converter sensitive to x-rays.
An image converter is a device that converts a photon image into another
photon image of higher energy density. Vacuum tube image converters were
described as early as 1934 (Ref. 5). Image converters have been used during
World War Il in the form of “snooper-scopes” for the observation of the
enemy at night by converting an infrared image into a visible image of
higher energy density. Light intensifier tubes have been widely used in
astronomy in the observation and photographic recording of celestial
bodies of low visibility. A neutron image converter was patented in 1942
(Ref. 6). One of the first applications of this principle for fluoroscopic
image intensification was made by Langmuir (Ref. 7). In 1948, Coltman
(Ref. 8) described an x-ray image intensifier tube the principle and design
of which are embodied with minor alterations in modern tubes.

An x-ray image intensifier tube can be defined as “a vacuum tube
containing an input screen which converts an x-ray pattern into an
electron pattern, and in which the electrons are accelerated and focused
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FIG. IX-2. Diagram of x-ray image intensifier tube,
(iCourtesy of Machlett Laboratories, Inc.)

onto an output screen which converts the electron pattern into a
light image of higher intensity.” (Ref. 4). Basically, the x-ray image in-
tensifier tube is a light intensifier tube optically coupled with a fluorescent
screen which converts the x-ray image into a light image.

Figure IX-2 shows the cross section of a typical x-ray intensifier tube.
The device is made of an evacuated glass envelope containing the following
elements: (1) a composite input screen-photocathode, (0) an electrostatic

electron lens system, (3) an anode, and (4) an output screen.
The input screen may be deposited on a concave, thin aluminum backing
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and is usually composed of zinc cadmium sulfide crystals embedded,,in
a resin matrix. The screen, the purpose of which is to convert x-ray energy
into light, is very similar in characteristics to a conventional x-ray flu-
oroscopic screen (Table VI-2), and serves as substrate for a photocathode.
Photocathodes are commonly made of alkali or alkali metals (for example,
Sb-CsO and Sb-K-Na-Cs) 1/Ref. 9). A barrier laverJs sometimes pro-
vided between the phosphor and the photoemitter to prevent the vapors
of the alkali metals (such as cesium), which are commonly used in acti-
vating photoemitters, from deactivating the fluorescent screen (Ref. 9J.

The optical image formed by the fluorescent screen is converted by the
photocathode into an electron image. The electrons forming this image
are accelerated between the photocathode and the anode by a potential
difference of approximately 30,000 V and are electrostatically focused by
the electron lens system to form on the viewing screen an image smaller than
the radiographic image. The electron image is converted into a visible image
in the viewing screen. The latter is a fluoroscopic screen containing the
same phosphor as the input screen (zinc cadmium sulfide), but of smaller
particle size because the smaller diameter of the viewing screen requires
a finer-grain phosphor for a given resolution. The screen is aluminized to
increase its conversion efficiency, to prevent the accumulation of electric
charges, and to protect the phosphor from poisoning by alkali metal vapors.
The above description applies to one particular type x-ray image inten-
sifier tube only, and other designs have been used; for example, some
intensifiers have different electron lens systems.

The diameter of the x-ray image that can be observed by the intensifier
is determined by the diameter of Theunput-screen. This diameter in most
commonly used tubes varies from 5 to approximately 8 in., although tubes
with a field of about 12 in. have been also constructed. The diameter of
the viewing screen is usually 1 in. (Fig. 1X-3), although smaller output
diameter tubes have been built, and at least one image intensifier embodies
an output screen 3 in. in diameter.

Intensification Factor— Brightness Gain. The intensification factor of an
x-ray image intensifier is usually expressed as brightness (luminance) gain.
which is the luminance of the viewing screen of the intensifier while its
input screen is exposed to a given flux of x-ravsTdivided by the luminance
of a Patterson B2 fluoroscopic screen (E. |I. du Pont de Nemours & Co.,
Inc.) exposed to an identical x-ray flux. The brightness gains pmducocLhv-
typical commercial. x-ray intensifier tubes vary from about, 1000 to 6000.

Brightness gain results from two unrelated factors: (1) flux gain Gfj_and
(2) minification gain Gm-

Flux gain Gf is produced in the tube by acceleration of the electrons
between the photocathode and the anode. The absorption of the accelerated
electrons in the output screen results in the emission by the screen of a
greater number of light photons than were necessary to generate the elec-
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trons in thegaffatqcathode™In a typical x-ray image intensifier this gain re-
sults in a(brightness) gain of about 50.

The electromTTormed at the photocathode are not only accelerated in
the tube but are also focused onto the output screen by means of an elec-
trostatic lens thereby forming an image of reduced size with respect to
the input screen. The number of electrons striking the viewing screen per
unit area.is -greatei“than-ihe—umber of electrons emitted bv t.he phntn-
cathode per unit area by a factor called the minification gain Gm- This factor
is equal to the ratio of the areas of the two screens:

(1)

where A; and Av are the areas of the input and viewing screens, respec-
tively, and Di and Dv are their respective diameters. For example, an inten-
sifier tube with an input screen 8 in. in diameter and an output screen 1
in. in diameter, has a minification gain of (8/1)2 = 64.

It should be noted that a gain in luminance by minification cannot be
achieved by reducing the size of an optical image by means of an optical
system, for example by a lens. This difference between optical and elec-
tronic minification can be explained as follows: In light optics, according

FIG. IX-3. Two different diameter (Machlett Dynascope 6-in. and 9-in.) x-ray
image intensifier tubes. Photograph shows output screens of tubes. (Courtesy of
Machlett Laboratories, Inc.)
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F=luminous flux
B, B'= luminance
F=Bwdf =BV df'
since ia>df =uu'df

LIGHT OPTICS

B= B' luminance unchanged

B<B Iluminance increased

FIG. IX-4. Comparison of a light optics system (luminance B' of image is equal to
luminance B of object) with an electron optics system (luminance B' of minified
image is greater than luminance B of object). (Adapted from Teves and Tol, Ref. 10.)

to Abbe’s law, the luminance of an observed object remains unchanged if
an optical system is introduced between the observer and the object,
however, only if the object and the image are located in a medium of uniform
refractive index. If the refractive index on the object side is lower than on
the image side, there may be gain in brightness. This, in fact, is the situa-
tion in the image intensifier. In electron optics the quantity representing
the index of refraction is determined by the velocity of the traveling elec-
trons. Because of the acceleration of the electrons between the photocathode
and the output screen, the index of refraction between the two electrodes
can be considered as continuously changing to reach a maximum value
before the electrons are stopped in the output screen (Ref. 10).

The trajectories of the continuously accelerating electrons are curved, and
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a large percentage of the electrons emitted by a surface element df are
collected into a solid angle a/ (Fig. 1X-4). Thus, in an image intensifier,
minification gain is achieved by the focusing of electrons by an electric
field, and both flux gain and minification gain are due to the effect of an
accelerating electrostatic field (Ref. 10).

An important characteristic -ofthe-minification gain achieved in an x-ray
image intensifier tube is, that although this factor increases the luminance
of the viewing screen, it does not affect the number of quanta (particles or
photons) per resolution_element_jtt any stage of the image-forming system.
Thus, gain by minification cannot improve the statistical quality of the
image supplied hv the,intensifier.

The total luminance gain G accomplished by~an x-ray intensifier tube
is equal to the product of Ihe flux-gain-and-the-mraification- gain:

G —Gf X Gm- @)

In a typical tube with an input screen diameter of 8 in., an output screen
diameter of 1 in., and a flux gain equal to 50, the total luminance gain,
with the aid of Equation (1), is given by G = 50 X (8/1)2 = 3200.

It is apparent from the above discussion that flux gain and minification
gain contribute in different ways to the performance of an x-ray intensifier
tube, and that the parameter “brightness gain” can be misleading. Indeed,
there can be a difference in the imaging qualities of two x-ray intensifier
tubes producing the same brightness gain if one tube achieves its total gain
by a greater contribution of flux gain than minification gain.

This difficulty can be overcome by describing an intensifier by its con-
version efficiency, which is equal to the ratio of light photons emitted by the
viewing screen to the number of x-ray photons incident on the input screen
(Ref. 9). This ratio is a measure of the improvement of the quantum flux
in the image-forming system. The usefulness of brightness gain by minifi-
cation lies in bringing the luminance of the fluoroscopic image from the
scotopic to the photopic region of vision.

X-Ray Image Intensifier Tube Performance. The intrinsic resolution
(exclusive of quantum fluctuations) of x-ray image intensifier tubes is mainly
determined by the thickness and structure of the input screen and by the
quality of the electron optics. In some tubes, the input fluorescent screen
is made thinner than conventional fluoroscopic screens in an attempt to
improve resolution at the expense of opacity of the screen to x-ray photons.
Good electron optics are easier to achieve in smaller-diameter tubes. In
large-diameter tubes resolution decreases at the edges owing to inadequate
electron focusing. In these larger tubes, a compromise is usually achieved
by keeping the resolution throughout the surface of the tube constant,
though lower than for a smaller-diameter tube. In other tubes periphera
distortion is tolerated to gain increased central resolution. Oosterkamp
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FIG. IX-5. Quantum levels reached in different stages of image conversion in
three different systems.
1 x-ray image intensifier tube fitted with conventional magnifying optics
2 fluoroscopic screen
3 output screen of x-ray image intensifier tube observed with the naked eye
(Adapted from Nilclas, Ref. 9.)
316
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(Ref. 11), for a particular tube, quotes a resolving power of about 0.4 mm,
which corresponds to a resolution of about 2.5 lines. Generally the resn-
lution_of modern x-ray intensifier tubes is of the order of 2 lines/mmr which
is a little inferior to that of fluoroscopic screens.

Dark adaptation is unnecessary for fluoroscopy aided by an x-ray image
intensifier tube because the gain of most currently used tubes exceeds 1000,
which is sufficient to bring most fluoroscopic images into the photopic
region of vision.

The statistical fluctuations of an image supplied by an x-ray intensifier
tube are determined by the quantum levels at the different stages of the con-
version of the x-ray image into the intensified optical image (Refs. 1, 9,
11-43). Figure 1X-5 shows a comparison between the fate of a single x-ray
photon impinging on an x-ray image intensifier tube and on a conventional
fluoroscopic screen. In this study (Ref. 9) the assumption is made that
the fluorescent screen of the image intensifier and the fluoroscopic screen
have identical x-ray absorption properties. This assumption is justified
by the fact that both the thickness and the composition of the input flu-
orescent screen in a typical x-ray intensifier tube (Table VI-2) are nearly
identical to those of a conventional fluoroscopic screen. Figure 1X-5
shows that the number of light photons emerging from the viewing screen
of the x-ray intensifier tube is approximately 60 times greater than that
escaping the fluoroscopic screen. This figure represents the flux gain of
the tube. It should be noted that at no time in this study is the minification
gain taken into account because this factor does not influence photon statis-
tics. Between the viewing screen of the x-ray intensifier tube fitted with
conventional optics (Graph 1) and the pupil of the eye, there is a drop
of light photons considerably greater than that observed in the fluoroscopic
screen (Graph 2), with the result that at the pupil of the eye (Stage VI),
the photon flux supplied to the pupil by the intensifier is only twice that
supplied by the conventional fluoroscopic screen. This difference between
the x-ray intensifier fitted with an optical system and the fluoroscopic screen
observed with the naked eye is due to the following:

When a fluoroscopic screen is observed by the naked eye at a distance of
approximately 20 cm, approximately one out of every 3000 photons emitted
by the screen reaches the eye. The image intensifier supplies a considerably
minified picture of the screen, and the latter must be observed by means
of an optical system with a long optical path (approximately 100 cm) (Ref.
9). The use of the optical system results in a considerable loss of light
photons, and only one photon per 80,000 emitted by the viewing screen
reaches the pupil of the eye. This loss of light photons in the optical system
all hut erases the flux gain achieved by the image intensifier. Of course, if the
output of the image intensifier were observed with the naked eye, the flux
gain would be retained, as shown in Fig. 1X-3. Unfortunately, the sma

size of the image precludes direct viewing.
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It should be noted that-the results of this study (Fig. 1X-5) (Ref. 9)
were determined by a particular screen and a particular intensifier system.
Comparison of another fluoroscopic screen with another x-ray intensifier
tube system which differs from the one selected in the above study by the
absorption of x-rays in the input screen may yield a somewhat different
figure for the improvement achieved by the system over a conventional
fluoroscopic screen. The results shown in Fig. I1X-5 should be considered
qualitative rather than quantitative..-Nevertheless, the final conclusion
that x-ray intensifier tubes which are coupled to the eye of the observer
by “conventional” optics fall short of their purpose of raising the light
photon flux per unit solid angle reaching the eye pupil above the lowest
level of statistical fluctuations is valid (Refs. 9 and 14).

It isapparent, therefore, that one should not expecta greatimprovementin
the statistical quality of the image supplied by a conventional x-ray intensi-
fier tube over that of a fluoroscopic screen. However, radiologists using
x-ray intensifier tubes agree that they are able to see better detail than
with a fluoroscopic system._ This difference can be partially explained by
the slight improvement in quantum flux achieved by the apparatus,
but is probably mostly due to the fact that the intensifier allows higher-
resolution cone vision.

Two-Stage X-Ray Intensifier Tubes

The previous discussion points to the desirability of raising the photon
flux gain of a conventional x-ray intensifier tube. Technical difficulties,
however, prevent a significant improvement in photon flux of such tubes.
A more practical solution for raising the photon flux of the output image
of the intensifier tube consists in coupling the output image to a light-
amplifying device. This second-stage light amplifier may be a television
system (see subsequent sections in this chapter) or a light amplifier tube.
The amplification produced by such an image converter must result in
raising the light flux; gain by minification is neither useful nor desirable at
this stage.

Figure IX-6 shows a two-stage x-ray image intensifier tube (Refs. 9
and 15) designed for high flux gain. This tube is composed of a conven-
tional first-stage x-ray image intensifier optically coupled in tandem by
fiber optics to a second-stage light amplifier tube. Both stages are enclosed
in the same vacuum envelope. The use of fiber optics in the optical coupling
between the output screen of the x-ray image intensifier and the input
screen of the light amplifier results in excellent light coupling efficiency.
A comparison of some characteristics of a two-stage x-ray image intensifier
tube with a conventional single-stage tube is shown in Table 1X-1.

It is apparent from Table IX-1 that an appreciable improvement of
flux gain can be achieved by using a two-stage tube. Two-stage tubes are
at this time still in the experimental stage.
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TABLE IX-1.

Conventional single-stage
X-ray image intensifier
(Rauland R-6175, Type B)

Two-stage experimental
X-ray image intensifier
(Rauland R-6205)

Anode potential: 33 kV Total anode potential: 62 kV
Input screen: 22 cm Input screen: 22 cm
Minification (1/M): 7.5 Minification (1/M): 17
Flux gain: about 50y}ver-all flux gain:__ 930

-Brightness gain: 270/KKT

Over-all conversion efficiency:
400X103 light photons per
incident x-ray photon

ABrightness gain: 3000 _

Over-all conversion efficiency:
23X103 light photons per
incident x-ray photon

From Nikias (Ref. 9).

Light Amplifier Tube X-Ray Image Intensifiers

X-ray image intensification can be achieved by means of a device con-
sisting of a fluoroscopic screen optically coupled with a light amplifier
tube. This method of x-ray intensification is identical in principle with
x-ray image tube intensification. In both systems the x-ray image is con-
verted into a light image, and the light image is intensified by the same
type of light amplifier. The two systems differ in the location of the flu-
orescent screen. In the x-ray image intensifier the screen in contained in
the vacuum envelope that houses the light amplifier; it is in intimate
contact with the photocathode and is an integral part of the image con-
verter. In the system discussed here, the screen is separate from the light
amplifier.

Figure IX-7 shows a cross section of such an x-ray intensifier, referred
to by the trade name of Cinelix Image Intensifier (Old Delft Company,
Delft, Holland). This system has a circular fluorescent screen with a dia-
meter of 12.5 in. coupled by means of mirror optics to a light amplifier
tube. The screen, which is similar in composition and structure to a con-
ventional fluoroscopic screen, is optically coupled to the light amplifier
tube by means of a Bouwers concentric-mirror optical system with a focal
ratio of//0.68. The advantage of using a mirror system rather than a conven-
tional transmission lens system is that, for comparable physical dimen-
sions, the mirror system exhibits a considerably higher light gathering
efficiency. The diameter of the light intensifier photocathode is 80 mm, with
a viewing screen 16 mm in diameter. The image supplied by the output
screen can be viewed by means of an optical system, or the screen can be
optically coupled to a television system (see section on “Television Chain-
X-Ray Intensifier Tube Combinations”).
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In the system described.above, the optical coupling between the jlu-
oroscopic screen and the photocathode, although achieved by means of
an excellent optical jsystem, is inferior to the direct contact between the
fluorescent screen and the photocathode m x-ray intensifier tubes. The
Cinelix system, however, offers the following advantages over the conven-
tional x-ray intensifier tubes: (1) The diameter of the input screen is some-
what larger than the largest tubes made. (2) The screen can be changed at
will; thus, if high speed is desired at the cost of some resolution, the con-
ventional screen can be easily replaced by a thicker, coarser screen. (3)
The cost of replacement of the small-sized light amplifier tube is less than
that of the costlier x-ray intensifier tube. (4) The small-diameter image
intensifier tube may achieve better peripheral resolution than larger tubes.

X-RAY IMAGE SCANNING SYSTEMS— TELEVISION SYSTEMS

X-ray image intensification can be achieved by converting the radio-
logic image into an electrical signal by means of a scanning system and,
after suitable amplification, converting the signal into an optical image
on a television display screen. At present, the most widely used scanning
systems for x-ray intensification are relatively conventional closed-circuit
television chains, which are used in one of two ways: (1) The television
camera is optically coupled to a fluoroscopic screen and the optical image
supplied by the screen is intensified by the electronic circuitry of the tele-
vision chain. (2) The television camera is optically coupled to an x-ray
image intensifier, which may be either an x-ray image intensifier tube or
a Cinelix-type apparatus, and the optical image supplied by the x-ray
intensifier is then displayed, usually magnified, on the television monitor
screen.

In a television camera the device which converts an optical image into
a modulated electrical signal is the pickup tube. Two types of pickup tubes
with different characteristics are used in television cameras: the Vidicon
tube and the Image Orthicon tube. Choice between a Vidicon and an Image
Orthicon pickup tube for a given application in x-ray intensification is usu-
ally dictated by the characteristics of the tube. In certain instances, how-
ever, either type can be used, and the choice is not clear-cut.

Vidicon and Image Orthicon Television Pickup Tubes

A Vidicon pickup tube (Figs. IX-8 and 1X-9) is made of an evacuated
glass envelope that contains (I) a two-layer photoconductive input screen,
(2) an electron gun producing a narrow beam of accelerated electrons, and
(3) a series of electrostatic grids which control the electron beam. The elec-
tron beam is focused onto the input screen and is made to scan the screen
by means of external focusing and horizontal and vertical deflecting coils.
In addition, an external coil or a permanent magnet regulates the alignment
of the electron beam within the evacuated tube. The input screen is de-
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FIG. 1X-8. Television pickup tubes.
Top Vidicon
Bottom Image Orthicon

posited on the glass envelope inside the tube, and is composed of a trans-
parent conductive layer in intimate contact with a photoconductive surface
which is an insulator in the dark but becomes conductive when struck by
light. The transparent conductive layer is maintained at a positive poten-
tial. When an optical image is formed on the photoconductive surface, the
dark areas remain nonconductive while the conductivity of the lighted areas
becomes proportional to the amount of light absorbed. When the electron
beam scanning the photoconductive surface strikes a lighted area, a current
flows through the tube. This current constitutes the picture signal supplied
by the tube.

Vidicon tubes are structurally simple, are resistant to shocks and to
changes in temperature, and are relatively inexpensive. On the other hand,
their sensitivity to light is relatively low and they exhibit a “stickiness” or
persistence of the particularly bright areas of the image. Some modern
Vidicon tubes, such as the RCA 7735A, are relatively free from this un-
desirable feature. Because of their low gain, Vidicon tubes are used in tan-
dem with some image intensifying system.

An Image Orthicon pickup tube (Figs. 1X-8 and 1X-9) consists of an
evacuated glass envelope containing the following structures: (1) a photo-
cathode input screen, (£) a target structure composed of a fine metal mesh
in close proximity to a very thin glass target (magnesium oxide targets are
also used), (3) an electron gun producing a narrow beam of electrons, (4)
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VIDICON

MAGE ORTHICON

Metal Mesh
\ screen

FIG. IX-9. Schematic diagram of components of television pickup tubes.
Top Vidicon
Bottom Image Orthicon

an electron multiplier structure, and (5) a series of grids maintained at
suitable potentials to keep the electrons within the tube in the proper tra-
jectories. The electrons in the vacuum glass envelope are subjected to mag-
netic fields generated by a series of coils external to the tube. A focusing coil
produces a magnetic field parallel to the axis of the tube, which prevents
the electrons from diverging from the axis of the beam. Two sets of deflect-
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ing coils, one set acting in a horizontal direction and the other in a vertical
direction, provide two variable magnetic fields, 90 degrees one from the
other, which provide the scanning action of the beam of electrons. Finally,
an alignment coil permits the alignment of the axis of the electron beam
with respect to the magnetic field.

When an optical image is incident upon the photocathode input screen
of an Image Orthicon tube, electrons are emitted by the screen, and their
number at any point is proportional to the luminance of the optical image.
The optical image is thus converted into an electron image. The electrons
supplied by the photocathode are accelerated by approximately 500 V and
focused by the combined action of the external magnetic field and the
internal electric field onto the anode target. The anode target is a thin film
of glass (or magnesium oxide in some high-sensitivity Orthicons) which has
a high resistance in the target plane and a low resistance in a direction
perpendicular to the target plane. When the target is struck by the acceler-
ated electrons originating in the photocathode, secondary electrons are re-
leased by the target. The number of these secondary electrons depends on
the nature of the target material and is typically about 3 secondary elec-
trons per primary incident electron. These secondary electrons are collected
by a metallic mesh (about 750 openings per inch) placed near the target
and on the side of the photocathode. The emission of electrons by the target
leaves a pattern of positive charges on the target corresponding to the elec-
tron image supplied by the photocathode. The other side of the target is
scanned by the beam of electrons generated by the electron gun and focused
by the external focusing coil. The energy of the electrons forming the beam
is controlled by the tube potential in such a fashion that the electrons reach
the target with substantially no energy, and are absorbed by the positively
charged areas until the latter are neutralized. When the electron beam is
directed against areas of the target that are not positively charged, the elec-
trons are not absorbed but return toward the back end of the tube and are
focused onto the first dynode of the electron multiplier system (see Chapter
X1, section on “Photomultiplier Tubes”)- Thus, the positive charge pattern
on the target modulates the intensity of the scanning electron beam by de-
pleting the beam. The returning electron beam is amplified about 1000 times
in the electron multiplier system, and the output of the Image Orthicon con-
sists of the collected current of the electron multiplier. The electric signal
supplied by the Orthicon tube is then further amplified and otherwise
handled by electronic circuitry. The efficiency of the modulation of the
electron beam in an Orthicon tube does not exceed 25% (Ref. 16). The
scanning time of an Orthicon tube is approximately sec-

The statistical fluctuations of the output signal of an Image Orthicon
tube are contributed by (1) the statistical fluctuations in the image supp ie
by the target, and (2) the statistical fluctuations of the electrons m the
scanning beam. At high light levels, the number of electrons used int e
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scanning beam can be large, and the quality of the image is limited only by
the statistical fluctuations of the target image. On the other hand, when
the Image Orthicon tube is operated at low light levels, the modulation
of the scanning beam represents only a small fraction of the scanning beam
current. Under such circumstances it becomes necessary to decrease the
electron flux in the scanning beam to raise the percentage of modulation,
and a limit to the statistical quality of the signal supplied by the tube is
set by the statistical fluctuations of the electrons in the scanning beam
(Ref. 17). Thus, at low signal levels, the signal-to-noise ratio of an Image
Orthicon tube is undesirably low because of the unavoidable presence of
a relatively high noise level contributed by the fluctuations of the scanning
electron beam. If modulation is low, jthejsignal may be completely over-
shadowed by tube noise. For that reason, in spite of high gain, Image
Orthicon tubes are not particularly suited for the intensification of very
low intensity signals.

Standard Orthicon tubes have a diameter of approximately 3 in., with
a photocathode diameter of about 1.5 in. A larger-diameter Image Or-
thicon (diameter 4.5 in., cathode diameter 3.6 in.), which is particularly
useful for x-ray image intensification, was described by Banks (Ref. 16).

Image Orthicon pickup tubes are widely used in commercial television
applications. These tubes are relatively temperature dependent and fragile.
Exposure of an energized Image Orthicon tube to excessive light may cause
permanent damage to the target.

Television Circuits and Resolution

The electronic circuitry used in connection with a pickup tube in a tele-
vision chain imposes limits on the maximum resolution which can be
achieved by the chain. The vertical and horizontal resolutions in a television
chain-converted image are determined by different parameters of the elec-
tronic circuit, and may be different in a given chain.

Scanning— Vertical Resolution. Whether a television chain includes a
Vidicon or an Image Orthicon pickup tube, the image is collected in the
tube by a beam of electrons scanning the image area by means of a hor-
izontal sweep. Under the circumstances the vertical resolution of the image
converted in the television system cannot exceed the number of horizontal
scanning lines per unit length.

In United States television broadcasting systems, the television image
is scanned by 525 horizontal lines in sec. The scanning consists of a back-
and-forth motion (active and retrace sweeps) of the beam, but information
is carried by the electron beam only during its active travel in one direction.
The lines are not scanned consecutively: one field consists of the scan of
even lines and the next of odd lines. The interlaced lines of two fields form
one television frame in sec.

The total number of 525 lines is not utilized in forming the image, be-
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cause approximately 40 lines are wasted during the time taken by the beam
to return from the bottom of the image to start a new field at the top, and
only about 485 lines are available for the vertical resolution of the image.
Certain television systems use a greater number of lines. In X-ray image
intensification 837- and over 1000-line television chains are used.

Horizontal Resolution. In a television chain the image is coded by
modulation (variation in intensity) as a function of time of the scanning
electron beam during the active horizontal sweep. The frequency of the
electrical signal thus obtained (rate of modulation per unit time) is pro-
portional to the speed with which the electron beam scans a horizontal
line. This frequency is related to the number of lines used in the chain,
as shown in the following example:

Assume that the image of a grid composed of 500 vertical lines opaque
to light, separated by areas transparent to light, is formed on the input
screen of a pickup tube included in a 525-line television chain. The mod-
ulation of the scanning beam in the tube consists of 500 rises in intensity
during one horizontal sweep time. The number of lines scanned in sec
is 525; therefore a horizontal sweep (one line) is made in about 63 usee
(Mo sec 525 lines = 63XI10-6 sec/line). This time is divided between
the active horizontal sweep and the retrace, which takes about 11 /xsec.
Therefore the time left for a horizontal sweep in a 525-line system is about
52 /*sec. The frequency of the electrical signal modulated 500 times during
one horizontal sweep (rate of modulation per second) is

----------------- = 9.6X106¢cycles, or 9.6 megacycles.
52 X10-6 sec

This electrical signal is transferred undistorted by the television chain
only if the electronic circuitry has a frequency bandpass of 9.6 megacycles
per second or greater. If the bandpass of the circuitry is lower, for example
4.8 megacycles, then the resolution of the system cannot exceed 250 lines.
Thus, the hnriy®vntarkmsnlvitiorL of a television chain_is_determiued bythe
number of horizontal lines and by the bandpass ofjthe electronic circuitry
usedTAnNy increase in the number of lines requires a proportional increase
in the bandpass of the circuitry if horizontal resolution is to be kept constant.
A television chain with 875 horizontal lines requires a circuit with a band-
pass of about 16.5 megacycles to be capable of achieving a horizontal reso-
lution of 500 lines. (A resolution of 500 lines is expressed in television ter-
minology as 1000 television lines—both lines and interspaces are counted.)

Conventional television broadcasting is done with a bandpass of about
4 megacycles, which limits the horizontal resolution to about 230 lines
(460 television lines).

Target Underscanning. The resolution capabilities of a television chain
that includes an Image Orthicon pickup tube can be increased by target
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underscanning, which consists in reducing electronically the area of the
Orthicon target scanned by the electron beam. This results in more
television lines per unit length at the expense of observed area size.
The resolution of the Orthicon chain increases proportionally with the
ratio of the underscanned area to total target area (Ref. 18). Thus, an
875-line system underscanned by a ratio of 2 to 1should exhibit a resolution
of about 1600 lines. Target underscanning is comparable to optical magnifi-
cation by means of Image Orthicon systems.

Image Orthicon Television Chain X-Ray Intensifier

An Image Orthicon television chain optically coupled to a fluoroscopic
screen can be effectively used in raising the luminance of the image x-ray
screen. The desirable features of such a system are as follows: (1) The
brightness gain which can be achieved by means of an Orthicon television
chain is sufficiently high to raise the photon flux of the image at the retina
of the observer well above the x-ray photon flux absorbed by the fluoro-
scopic screen. (2) With a high-resolution television chain (large number
of lines, suitable circuit frequency bandpass, and large-diameter Orthicon
tube) the resolution in the final image is limited only by the quality of the
image supplied by the fluoroscopic screen. (3) The image supplied by the
system is sufficiently large for direct observation. (4) Several remote mon-
itors can be used simultaneously. (5) Different fluoroscopic screens can
be used as required by the type of examination conducted. (6) Image bright-
ness and contrast can be controlled electronically.

The use of Orthicon television chains for x-ray image intensification
was described by Morgan and Sturm (Ref. 19). The apparatus developed
by these authors consisted of a 3-in. diameter Image Orthicon tube with
associated electronic circuitry, optically coupled to a standard fluoroscopic
screen by means of an optical mirror system. The luminance gain achieved
with this apparatus was 300 to 1000 times in chest fluoroscopy and 1000
to 3000 times in fluoroscopy of the abdomen. The reported screen lumi-
nance was of the order of 3 ft-L. However, the measured performance of
this apparatus in image perceptibility was only slightly superior to conven-
tional fluoroscopy.

Image Orthicon x-ray image intensifiers are commercially available from
Marconi Instruments, Ltd. (St. Albans, Herts, England). The Image
Orthicon used in the Marconi intensifier is a 43”-in. tube with a photo-
cathode of 3.625 in., which is appreciably larger than the 1.5-in. diameter
photocathode used in conventional 3-in. tubes. The optical system coupling
the Image Orthicon tube to the fluoroscopic screen is a mirror system
developed by Bouwers of Delft, Holland.

The influence of a large photocathode Orthicon tube and of a particu-
larly efficient light-gathering system on the statistical quality of the image
supplied by such a system was studied by Banks (Ref. 16). Figure 1X-10
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STAGES

FIG. IX-10. Quantum levels reached in different stages of image conversion in

two different systems.
1 fluoroscopic screen coupled by means of lens optics (//1) to a 3-in. Orthicon tube

2 same fluoroscopic screen coupled by means of Bouwers mirror optics (//0.7) to
a 4”-in. Orthicon tube.
{Adapted from Banks, Ref. 16.)

shows the quantum levels reached during the different stages of image
conversion in two television x-ray intensifiers which differ in their Image
Orthicon photocathode diameters and in the couplings of their optical
systems. Graph 1 corresponds to a system with a 3-in. Orthicon tube (photo-
cathode diameter 1.5 in.) coupled to the fluoroscopic screen by an optical
system with an/-number of //1; in Graph 2 the Orthicon used is a 4j*-in.
tube (photocathode diameter 3.625 in.) optically coupled by a Bouwers

mirror system with a numerical aperture of //0.7.
The first three stages of image conversion are determined by the fluoro
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scopic screen used. The only difference in this portion of image conversion
with a conventional fluoroscopic examination is that the integration time
used in television viewing is equal to about 0.16 sec. It is shorter than the
storage time of the eye because of the loss of integration of information by
blanking between television frames (Ref. 13). However, since the photon
numbers plotted in Fig. 1X-10 are expressed in arbitrary units, the integra-
tion time does not intervene numerically. In Stage 1, a single x-ray photon,
after passing through the patient, impinges upon the fluoroscopic screen.
The probability of this photon for being absorbed in the screen is approxi-
mately 20%; in Stage 2, 0.2 photon is absorbed in the screen giving rise
to approximately 600 light photons in Stage 3 (approximately 3000 light
photons are produced in a conventional screen per x-ray photon absorbed).
Stage 4 corresponds to the number of photons collected by the optical system
coupling the Image Orthicon tube to the fluoroscopic screen.

The fraction of light photons collected by an optical system having an
/[-number /, an optical transmission T, and a linear magnification M is
given by

N M 2 T

Ne (M + |)2X4_/' )
where Neis the number of photons emitted by the screen and Nc is the
number of photons collected by the optical system (Ref. 16). The trans-
mission factor of the optical system was assumed to be 0.6. In System 1,
only 1 light photon out of 500 emitted by the fluoroscopic screen reaches
the photocathode of the Orthicon tube, while in System 2, because of better
optics and lower minification, 1 photon out of 50 reaches the tube. Thus,
a gain of approximately 10 is achieved in System 2 as compared to System
1. From there on, it is assumed that both systems handle the image in an
identical manner. This situation, in fact, does not illustrate accurately the
relative performances of the 3- and 4”-in. tubes. The 43”-in. Orthicon
tube exhibits a lesser loss in quanta at the photon-electron conversion
stage than the 3-in. tube because of a more efficient photosurface (Sh-Cs(O)
type) of the photocathode (Ref. 16). This factor was omitted from the
values shown in Fig. 1X-10 to emphasize the improvement achieved by
increasing the size of the photocathode and by using a more efficient optical
system. Approximately 10 x-ray photons are required to release 1 electron
from the photocathode of the tubes, resulting in a drop of 10 units from
Stage 4 to Stage 5. When the photoelectrons strike the target screen at
Stage 6, there is a multiplication of electrons by a factor of 3, and the charge
deposited is doubled. The transition from Stage 6 to Stage 7 consists in
the modulation of the scanning beam by the charge on the target screen,
and there is no appreciable loss in electrons in this stage. Finally, the
transition from Stage 7 to Stage 8 corresponds to the electron multiplication
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of the return scanning beam by the electron multiplier. The electron gain
thus achieved is about 1000. From there on further electron multiplication
may be achieved by electron circuitry.

It is apparent that in System 1 (Fig. 1X-10) an approximately equally
low number of quanta is reached at Stage 2, where x-ray photons are ab-
sorbed in the fluoroscopic screen, and at Stage 5, where photoelectrons are
emitted by the photocathode of the Image Orthicon. Thus, these low values
contribute equally to the statistical deterioriation of the image. In System
2, on the other hand, the number of photoelectrons emitted by the photo-
cathode is approximately ten times greater than the low value reached by
the x-ray photons in the screen, and therefore the image intensifier does
not contribute appreciably to the statistical deterioration of the image
supplied by the fluoroscopic screen. This corresponds to the performance
of the ideal image intensifier in fluoroscopy (Ref. 1). The theoretical im-
provement in minimum perceptible contrast which can be achieved with
this system over conventional fluoroscopy is discussed in the section on
“Contrast Perceptibility Improvement by Image Intensification” of this
chapter.

Television Chain-X-Ray Intensifier Tube Combinations

The weakness of x-ray intensification by means of an Image Orthicon
tube alone lies in the fact that at low light levels the performance of the
tube is poor because of its low signal-to-noise ratio (see section on “Vidicon
and Image Orthicon Television Pickup Tubes” above). This weakness
can be overcome by optical coupling of the Image Orthicon tube to the
output screen of an x-ray image intensifier tube (or of a Cinelix-type
system). In such a tandem, image intensification is accomplished in two
stages: (1) The low intensity image is first intensified by the image tube,
which is a “low noise” system well suited for the detection of weak signals,
and (2) the output image of the intensifier tube is further intensified by
the Orthicon tube. In this two-stage system the Image Orthicon tube is
supplied with a relatively intense signal and operates with a more favorable
signal-to-noise ratio than if the Orthicon alone had to provide the full
intensification.

Fluoroscopic x-ray intensification so achieved also offers advantages
over the use of an intensifier tube alone; in particular, this combination
improves the statistical quality of the observed image by providing a more
efficient coupling between the eye of the observer and the observed image
than that achieved by the “long” optical coupling conventionally used in
magnifying the input screen of an intensifier tube.

Efficient optical coupling between the photocathode of the television
pickup tube (either Vidicon or Image Orthicon) and the output screen of
an x-ray intensifier tube is easy to accomplish, because both the image
intensifier output screen and the television pickup photocat o e are o
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about the same diameter .(about 1 in.). The efficiency of light photon
transfer from the intensifier tube to the photocathode of the television
pickup tube is given by Equation (3):

Nc M2 T
We~ (M + 1)2X 42

Since no magnification M is required, the equation is reduced to

Nc_ T
Ne~ 16f2

If, for example, the /-number of the system used is 1 and the transmission
T of the optical system is 0.6, a conservative figure, then NdN e = 0.037,
which means that approximately 4% of the photons emitted by the in-
tensifier screen reach the photocathode of the pickup tube.

The optical image thus supplied to the pickup tube is further intensified,
as discussed in the previous section, until it reaches the monitor screen
and is then viewed by the observer. It should be noted that although there
is a considerable loss in light photons in the transmission of the monitor
image to the retina of the observer, this loss is about the same as in the
observation of the fluoroscopic screen (as shown in Fig. Y1II-3, Chapter
VIII). This loss does not affect the statistical quality of the image because
it is more than compensated by the flux gain produced by the television
chain. Figure IX-11 shows that in a television chain-x-ray intensifier tube
combination, the lowest number of image-forming photons occurs with
the absorption of x-ray photons in the input screen of the x-ray intensifier
tube, and that this number is at least an order of magnitude lower than
any of the other levels; thus this system fulfills the statistical requirements
of an ideal image intensifier.

A television chain with a Vidicon pickup tube can also be used to ad-
vantage in tandem with either an x-ray intensifier tube or a Cinelix system.
Although the gain of the Vidicon tube does not allow as much brightness
control as that of the Image Orthicon tube the addition of a Vidicon tube
to an image intensifier tube still offers the other advantages of a television
chain. The persistence of the Vidicon image (“stickiness”) does interfere
with the perceptibility of moving objects (Fig. 1X-12). However, con-
siderable progress has been made in the design of modern Vidicon tubes,
both from the standpoint of gain and persistence. Vidicons such as the RCA
7735A or the Philips Plumbicon are considerable less “sticky” than the
Vidicon tube used in Fig. 1X-12, and a more modern Vidicon would probably
differ even less from the Orthicon (Ref. 28). Because of their simplicity
and improvement in performance, modern Vidicons, have become increas-
ingly more attractive for use in connection with x-ray image intensifiers.
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FIG. IX-11. Quantum levels reached in different stages of image conversion in
x-ray image intensifier system consisting of x-ray intensifier tube optically coupled
(//1.0) to an Image Orthicon television chain. The quantum levels in the x-ray image
intensifier tube (Stages 1-4) are the same as those shown in Fig. IX-5 (Stages I1-V).
The quantum levels in the Orthicon chain (Stages 5-9) are the same as those shown
in Fig. 1X-10 (Stages 4-8).

Other X-Ray Scanning Television Intensifiers

Television pickup tubes directly sensitive to x-ray have been developed
(Ref. 20) for the purpose of achieving x-ray image intensification. The
x-ray-sensitive photocathode of these tubes is generally of the photocon-
ductive type (selenium or lead oxide), and the principle of operation is
similar to that of a conventional Vidicon pickup tube. X-ray intensifiers
using such tubes have been tested but have never been very successful.

X-ray image intensification has also been achieved by scanning the part
to be examined by a narrow beam of x-rays (Refs. 21-23). The apparatus
used for this purpose consists of an x-ray tube of special design which pro-
vides a narrow pencil of x-radiation that can be made to scan the field to
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MINIMUM PERCEPTIBLE DIAMETER (mm)

FIG. IX-12. Comparison, by means of moving test objects, of image perceptibility
with an x-ray image intensifier tube optically coupled to a television chain with
Vidicon pickup tube; Image Orthicon pickup tube. (From Webster and Wipfelder,
Ref. 27.)

be examined. After passing through the examined part the pencil of x-rays
impinges upon a scintillation counter which converts the x-ray energy
into an electrical signal. The electrical signal is converted into an optical
image on a television screen which is scanned in synchrony with the x-ray
beam. To this date, these systems have not been applied to clinical work.

SOLID-STATE X-RAY INTENSIFIERS

All the previously described modes of x-ray image intensification utilize
electrons traveling in a vacuum. X-ray intensification can also be achieved
by the perturbation of electrons in semiconducting solids. This method of
intensification has been called solid state intensification, photoconductive-
electroluminescent intensification, or panel-type intensification. Various pos-
sible mechanisms have been proposed in the application of semiconductors
in x-ray intensification (Ref. 24). A solid-state x-ray intensifier which shows
promise was developed by Kazan (Ref. 25). This device is based on the
combined application of two properties possessed by some semiconductors:
photoconductivity and electroluminescence.

A form of photoconductivity consists in the enhanced conductivity of
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a semiconductor when it is exposed to x-rays. This phenomenon is due to
the fact that the absorption of x-rays in this material results in the creation
of high energy electrons which through a series of collisions generate a large
number of secondary electrons. The presence of these secondary electrons
increases the electrical conductivity of the material. It is also possible that
the creation of positive space charge also increases the conductivity in
the dielectric (Ref. 24). Electroluminescence is the property possessed by
certain materials to convert electrical energy into light photons.

The solid-state x-ray intensifier described by Kazan is composed of
a stack of the following elements (Fig. 1X-13): (1) a photoconductor layer,
(2) an opaque insulating layer, and (3) an electroluminescent layer covered
by a transparent conducting layer. An alternating voltage is applied to
this panel. This intensifier operates as follows:

When an x-ray image is formed on the photoconductor, the panel becomes
more conductive in the areas struck by x-radiation, and the x-ray image is
converted into an image composed of variations in the conductivity of
the first layer. The variation in conductivity of the first layer results in
a variation of the electrical potential applied to the electroluminescent

Electroluminescent
—  Phosphor

X-ray * Optical
FIG. 1X-13. Solid-state x-ray image # 'mage
image intensifier. (After Kazan,-—--—-—--—---
Ref. 25.)

Glass plate

‘—Transparent
Conductive
A.C. Voltage L°yer
o
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layer. The latter in turn emits a light image that corresponds to the x-ray
image imprinted on the photoconductor. The electroluminescent phosphor
(copper-activated zinc sulfoselenide—Zn(SSe)) is a powder bonded in
plastic. When exposed to direct current the phosphor exhibits negligible
electroluminescence, on the other hand, if alternating current is applied,
it luminesces intensely with the emission of yellow-green light. The photo-
conductor is powdered cadmium sulfide, also bonded with plastic. The
luminance of such a panel is over 100 times greater than that of a Patterson
CB2 fluoroscopic screen when they are exposed to equal x-ray fluxes. Un-
fortunately, the long decay time of the image formed on such a panel pre-
cludes its practical use in fluoroscopy, and such intensifies are at this time
of no practical use in diagnostic radiology.

CONTRAST PERCEPTIBILITY IMPROVEMENT
BY IMAGE INTENSIFICATION

All x-ray image intensifies used currently in fluoroscopy fulfill adequately
one of their purposes, which is to raise the luminance of the image supplied
to the pupil of the radiologist to a level which does not require dark adapta-
tion and which permits high resolution cone vision. However, as shown in
the previous sections, there are wide differences between x-ray intensifier
systems in their ability to reduce the influence of statistical fluctuations
on the quality of the image which they supply and thereby improve detail
perception.

The performance of an x-ray intensifying system can be expressed and
compared with that of other systems by the minimum perceptible contrast
per unit resolution element in the image supplied by the intensifier. The
limit imposed by statistical fluctuations on the minimum perceptible con-
trast for a given resolution element is given by Equation (3) of Chapter
VIII:

in = —l§: X1
Cmin \/Nr 00,

where N is the minimum level reached by the number of photons per res-
olution element in the image-forming system and k is the threshold signal-
to-noise ratio of the human eye the value of which lies between 2 and 5.
When k = 2.5, then

Cmin = 22 X 100
n= VKI_ .

It should be kept in mind that an ideal image intensifier supplies an image
with a minimum perceptible contrast at best equal to that of the radiologic
image impinging upon the intensifier, because under no circumstances can
the statistical accuracy of the image supplied by the intensifier exceed that
of the radiologic image.
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The following example is a quantitative comparison, under typical
conditions of fluoroscopy, between the contrast perceptibility improve-
ments achieved by three intensifier systems and a fluoroscopic screen:
Assume the fluoroscopic examination of a 25-cm thick abdomen car-
ried out with 90 keVp x-rays and with a skin exposure rate of 1 R/min. This
exposure rate for 90 keVp x-rays results from a photon flux of about 300 X108
photons/cm2min (Chapter X1, Table XI-4). The attenuation of 90 keVp
x-rays in 25 cm of water-equivalent material reduces the photon flux by
approximately 300 (Fig. V-9, Chapter V); and, neglecting beam diver-
gence, the exposure rate in the transmitted beam is about 3 mR/min,
with a photon flux of 108 photons/cm2min, or 1.66 X106 photons/cm 2sec!
The number of photons integrated during the storage time of the eye (0.2
sec) is

1.66X106 photons/cm2sec X 0.2 sec = 3.3X106 photons/cm2

The minimum perceptible contrast for a resolution element of 1 cm2in
the radiologic image is

Qmin = X 100 = 0.43%.

V3.3X105

Table 1X-2 shows the minimum perceptible contrast achieved when the
above x-ray image is converted to an optical image by (1) a fluoroscopic
screen; (2) an x-ray image intensifier tube fitted with conventional magnify-
ing optics; (3) the same x-ray image intensifier tube optically coupled with
an Image Orthicon television chain; or (/) a television image intensifier. It
should be noted that in the television systems the integration time is only
0.16 sec, which is shorter than the storage time of the eye of 0.2 sec because
of blanking between television frames.

It is apparent that on theoretical grounds Systems 3 and 4 are superior
to System 2. The theoretical improvement in minimum perceptible con-
trast achieved over conventional fluoroscopy by means of System 2 and
System 3 is in good agreement with experimental results (Ref. 26).

Figure 1X-14 (Ref. 27) shows experimentally determined relationships
between minimum perceptible diameter and contrast for (1) a fluoroscope,
(3) an x-ray image intensifier tube with conventional optics; (3) a Vidicon
television chain optically coupled to the x-ray intensifier tube; and (/)
two Image Orthicon television chains coupled to the x-ray image inten-
sifier tube.

Results (Fig. 1X-14) show (1) definite superiority of the intensifies
over the fluoroscope, {2) superiority of one of the Image Orthicon television
chains (5820) over optical viewing at low contrast levels (difference between
the 7626 and 5820 Orthicons is explained by the greater noise level of the
7626 tube (Ref. 27)), and (3) general agreement between theory and ex-
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FIG

X-RAY IMAGE INTENSIFICATION

. IX-14. M inimum perceptible diameter versus contrast, experimentally deter-

mined with several x-ray image intensifies. (From Webster and Wipfelder, Ref. 27.)

perimental determination of the relationship between minimum percep-
tible diameter and minimum perceptible percent contrast (Table 1X-2).
(The minimum perceptible area is approximately equal to the square of

the minimum perceptible diameter.)
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0, CINEFLUOROGRAPHY—
PHOTOFLUOROGRAPHY

X-RAY CINEMATOGRAPHY (ROENTGEN CINEMATOGRAPHY)

X-ray cinematography, or roentgen cinematography, consists of the
cimematographic recording of a radiologic image.1The potential usefulness
of the dynamic recording of a radiologic image by cinematography was
recognized as early as 1896 when Maclintyre demonstrated to the members
of the Glasgow Philosophical Society a moving picture film obtained by
serially projecting pictures exposed by means of x-rays of a frog’s leg
in motion. Maclntyre’s experiments were described in the Archives of
Skiagraphy (Ref. 1).

Maclntyre attempted two approaches to achieve x-ray cinematography.
First he recorded by means of an ordinary camera the optical image formed
by the radiologic image on a potassium platino-cyanide fluorescent screen.
This method was found to be too slow. Then he recorded the radiologic
image directly on photographic film which was allowed to pass in front
of an aperture in a thick lead covering protecting the camera from x-radi-
ation. Although Maclintyre in his early attempts was unable to record
rapid motion, he nevertheless succeeded in recording by x-ray cinematog-
raphy the motion of a frog’s leg slowed down by anesthesia.

Maclntyre’s early work exhibits two particularly interesting aspects:
(1) He successfully combined for his purpose two techniques both of which
had been discovered within about one year of his work, radiography and
cinematography. (2) He applied to his purpose two different techniques
of x-ray cinematography, the direct exposure of a photographic emulsion
to x-rays and the cinematographic recording of a fluoroscopic image. Both
techniques have since been used in x-ray cinematography. The two ap-
proaches used by Maclintyre are commonly called the direct and the in-

direct method, respectively, of cinematography.

1The reader interested in the history of the development of x-ray cinematography is
referred to Refs. 2 and 3.



342 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

DIRECT AND INDIRECT METHODS OF X-RAY CINEMATOGRAPHY

X-ray cinematography may be defined as the cinematographic recording
of a radiologic image such that the recording of this image, in terms of the
number of exposures per unit time, is compatible with the usual standards
for cinematography (Ref. 4). This definition establishes a distinction be-
tween the cinematographic recording of the radiologic image and serial
radiography or serial fluorography, which consist in the serial recording of
the radiologic image at a lower image frequency rate either by means of
radiography or fluorography.

The direct method of x-ray cinematography (Fig. X -1,(1)) consists in
exposing photographic film either directly or in contact with one or two
intensifying screens to the radiologic image. The film is either in the form
of a roll, and is serially exposed by means of a camera, or cut film may be
used and exposed by means of a serial film changer (Refs. 2 and 3). The

FIG. X-1. Cinefluorography.
1 direct
2 indirect
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dimensions of the radiologic image recorded by direct x-ray cinematography
cannot exceed the size of the film because the radiologic image cannot be
reduced in size. In general, the dimensions of the recorded field exceed the
size of conventional cinematographic film, and the recorded image must be
reduced in size and printed on cinematographic film for projection by a con-
ventional motion picture projector. If the radiologic image to be recorded is
sufficiently small in size, it can be recorded directly on film suitable for
projection without minification. In this manner successful direct x-ray cine-
matography has been carried out on 70mm film (Ref. 5).

The quality of the image recorded by direct x-ray cinematography is
excellent. On the other hand, the mechanical problems presented by the
rapid transport of film are formidable, and although good apparatus have
been developed to expose as many as 12 films as large as 14 X 14 in. per
second, such a frequency is inadequate for cinematography (Ref. 4) and
the devices are used only for serial radiography.

Smaller films (70mm) (Ref. 5) have been successfully used for direct
X-ray cinematography with a suitably high number of exposures per unit
time to achieve true cinematographic effect. However, -the small size of the
radiographic image thus recorded considerably reduces the usefulness of
such a system. At this time the direct method of x-ray cinematography is
practically abandoned in diagnostic radiology.

Indirect x-ray cinematography (Fig. X-I,(#)) consists in the cinemato-
graphic recording of the fluoroscopic image formed on a conventional
fluoroscopic screen or on the output screen of an image intensifier by means
of a cinematographic camera optically coupled to the screen. This method
of x-ray cinematography is commonly referred to as cinefluorography, and
this term will be used throughout this text.

Cinefluorography of the optical image by a conventional fluoroscopic
screen yields images of good quality. Unfortunately, the light emitted
DY @ t1uorosco pic screen under standard conditions of fluoroscopy does not
exceed a few microlumens per square centimeter (Ref. 6), and while such
light output is adequate for a visual fluQroscopic examination after-auitable
dark adaptation, it is insufficient for the exposure of photographic film in
tKe short period of time (about -kin sec) required for cinematography. Under
Hie'clrmstances, suitable film density, even with very fast photographic
emulsions, can be obtained only by increasing the x-ray flux to a level in-
tolerable for safety reasons in diagnostic radiology. Under the circumstances,
while cinefluorography with a conventional fluoroscopic screen remains an
acceptable method for the examination of experimental animals, this method
has for all practical purposes been rejected in clinical diagnostic ra 10 ogy.
Currently, and with the exception of specialized research projects, cine
fluorography is carried out with the help of some type of x ray mtensi e
The different components of a modern cinefluorographic unit are s own

Fig. X-2.



344 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

FIG. X-2. Schematic diagram of a typical cinefluorographic system.
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Brightness control Type A is based on measurement of intensifier tube current.
Brightness control Type B is based on measurement, by means of photomultiplier
tube, of light emitted by screen of intensifier. Synchronization is controlled by
camera motor, which supplies electrical signal either to: (a) thyratron tubes in circuit
of x-ray generator; (b) grid-control tube; or (c) Dynapulse switching tube, or others.
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THE X-RAY UNIT IN CINEFLUOROGRAPHY

The source of x-radiation commonly used in a cinefluorographic unit
is, with minor modifications, a conventional diagnostic x-ray unit which
has either a full-wave rectified generator or a constant potential generator.
The current rating of the generator need not exceed 50 mA. The generator
should be capable of delivering 150 kV to the x-ray tube. The primary
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circuit of the generator used in cinefluorography usually requires thyratron
control both for brightness control and synchronization (see the next two
sections) (Ref. 7).

The x-ray tube should be able to withstand a current of up to 50 mA
for several minutes and a voltage of up to 150 kV. Grid control tubes have
been found to be useful in cinefluorography because they can supply well-

defined pulses of radiation. For the latter reason the Dynapulse circuit may
also be used in cinefluorography.

Synchronization in Cinefluorography

In cinefluorography it is desirable (1) to energize the x-ray tube only
while the shutter of the camera is open, and (2) if the x-ray generator
produces x-rays in pulses, to synchronize the opening of the shutter with
the x-ray unit to admit a constant number of pulses per exposure. The term
synchronization in cinefluorography refers to these two concepts.

Nonsynchronized Systems. Cinefluorography can be successfully carried
out without synchronization between the production of x-rays and the
opening of the shutter in the cinematographic camera. This method, how-
ever, exhibits the following disadvantages:

1. While the film is advanced in the camera (pull-down time) and while
the camera shutter is closed (shutter-closed time), the examined patient
is needlessly exposed to x-rays. In most cinematographic cameras the
shutter-open phase is about 170 degrees (Fig. X-3), which means that the
shutter remains closed for about one-half of the time and half ofthe radiation
exposure of the patient is diagnostically useless. Special cameras with pull-
down times and shutter-open phases of 270 degrees (Cinelix system) are
used in cinefluorography partially to overcome these drawbacks.

aperture

FIG. X-3. Cinematographic
camera shutter.

165° OPEN
PHASE SHUTTER
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2. The production of x-rays during the shutter-closed period results in
unnecessary loading of the x-ray tube.

3. If a pulsating voltage is applied to the x-ray tube, such as is the case
with a full-wave rectified circuit, absence of synchronization between the
camera shutter opening and the production of x-rays may for short exposures
result in unequal exposures of different frames (Ref. 7). This occurs because
a constant shutter-open time of the camera may encompass a varying
number of x-ray pulses. The relative variation of exposure thus produced
increases with a reduction in the number of pulses occurring within the
shutter-open time. This difficulty is for all practical purposes negligible
for low frequency exposures but becomes a serious drawback of non-
synchronous cameras operated with exposure rates greater than 30 frames/
sec. Obviously this difficulty does not occur with x-ray systems energized
by constant potential generators such as a three-phase 12-pulse generator
(Chapter 1V).

Synchronized Systems. Synchronization can be achieved relatively
simply in cinefluorography by using a camera with equal shutter-open and
shutter-closed times driven by a synchronous motor. Under these circum-
stances, no matter what difference in phase exists between the shutter open-
ing and the pulsation of the x-ray beam, this difference in phase remains
constant, and all frames are equally exposed.

The system, however, does not overcome the problems created by the
production of x-rays during the film pull-down time, and the majority
of clinically used cinefluorographic units employ a device which prevents
the production of x-rays during the camera shutter-closed time. This device
is a commutator and brush system attached to the synchronous motor,
which provides an electrical signal synchronized with the shutter-open and
shutter-closed phases of the camera. This electrical signal may be used to
turn the x-ray beam on and off in a variety of ways. It may be used for the
control of a pair of thyratron tubes connected “back to back” in the primary
circuit of the high voltage transformer of the x-ray generator (Fig. X-4),
allowing the x-ray circuit to be energized only during the shutter-open time.
Or, the signal may be used for triggering either the switching tube in a
dynapulse circuit or a grid control tube, either of which in a cinefluoro-
graphic system provides for short x-ray exposures independent of the num-
ber of frames per second used.

When synchronization is achieved by the use of thyratrons in the primary
circuit of a half-wave rectified circuit, both time and magnitude of the
exposure are inversely proportional to the number of frames per unit time
(exposures increase at ratios of 1to 2 to 4 for 30, 15, and frames/sec,
respectively). In the cinefluorographic recording of fast motion long expo-
sures at a low frequency may be undesirable. This difficulty can be cor-
rected by synchronizing the firing angle of the thyratron switching tubes to
produce equal, short exposures independent of the number of frames per
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COMMUTATOR

FIG. X-4. Block diagram of circuit used in cinefluorography for synchronization
and brightness control. Synchronization and brightness are controlled by two thyra-
trons connected “back to back” which control voltage supplied to primary circuit of
X-ray generator.

unit time, which improve the sharpness of the x-ray images on the film
(Ref. 7).

Cinefluorography carried out with x-ray intensifier systems which embody
a television link presents special problems in their synchronization. These

problems are discussed under “Kinefluorography.”

Brightness Control

During cinefluorography the transmission of x-rays by the examined part
may vary because the field of examination is moved, for example, from
chest to abdomen; or because the attenuation of x-rays in the examined
part is modified by the introduction of a contrast medium. The latter occurs
frequently in cinefluorography of the gastrointestinal tract during the intro
duction of barium. A change in x-ray transmission results in a change int e
brightness of the output screen of the x-ray intensifier, which in turn is re
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fleeted by a change in film, exposure. Photographic film used in cinefluor-
ography is generally high in contrast and short in latitude (see section on
“Characteristics of Film used in Cinefluorography”) and variations in ex-
posure may result in images of unsuitable densities. It is consequently de-
sirable to maintain the brightness of the output screen of the x-ray image
intensifier within relatively narrow, preset limits. This is accomplished by
the use of a brightness control circuit, which is included in most cinefluoro-
graphic units (Figs. X-2 and X-4).

Two brightness control systems are widely used in modern cinefluorogra-
phy. In the first, a portion of the light emitted by the output screen of the
x-ray intensifier is directed either by means of a plastic light guide or a
small mirror to a photomultiplier tube which responds to this light stimu-
lus by generating an electric current proportional to the intensity of the
light received (Fig. X-2a). This current in turn is used to control the kilo-
voltage and the current of the x-ray tube by changing the firing angle of the
thyratron tubes included in the primary circuit of the x-ray generator (Fig.
X-4). The control can be either automatic or manual. The manual procedure
involves reading the photomultiplier tube current on a meter and main-
taining the meter reading within preset values by manual control of the
x-ray circuit. This method of brightness control is similar to phototiming
previously discussed (p. 147).

Another method for controlling brightness consists in measuring the
current flowing between the input and output screens of the intensifier,
as shown in Fig. X-26 and using this current to control the x-ray tube
output by means of a system similar to the one described above.

Although most brightness control systems control both the kilovoltage
and the current of the x-ray tube, they differ, in the relative amount of
control of kilovoltage and tube current. Brightness control must be preset
to a given value that depends on the speed of the film to be used in the
examination and on the type of examination to be carried out. The exact
setting for brightness control of a given cinefluorographic system is deter-
mined by empirical means. Brightness control systems function well and are
very useful adjuncts to cinefluorography.

X-RAY IMAGE INTENSIFIERS FOR CINEFLUOROGRAPHY

The x-ray image intensifiers used in cinefluorography are conventional
fluoroscopic x-ray image intensifiers (Chapter 1X) adapted for cineflu-
orography. At this time there are no x-ray image intensifiers specifically
designed for cinefluorography. Perhaps one exception is the development
of an x-ray image intensifier tube with an output screen 7.4 cm in di-
ameter (Rauland Corporation), approximately three times greater than
that of conventional tubes. This tube is particularly suited for 35mm
cinefluorography and 70mm photofluorography (see under “Film for
Cinefluorography”).
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THE OPTICAL SYSTEM IN CINEFLUOROGRAPHY

The image supplied by the x-ray intensifier must be optically coupled
to the photographic film in the camera. Most image intensifies provide
an image on their output screen approximately 1 in. in diameter. (Cine-
fluorography carried out with x-ray image intensifies including a televi-
sion chain present certain specific problems which are discussed under
“Kinefluorography.”) Usually the optical coupling between the output
screen of the image intensifier and the photographic film is achieved by
means of lenses, although it is not inconceivable that either mirror optics
or fiber optics could be used for this purpose. Because of the desirability
of reducing as much as possible the dose of x-radiation delivered to the
patient during cinefluorography, it is important to achieve efficient optical
coupling in the system, and therefore lenses having high relative apertures
(low /-number) are used for this purpose. The lens system most commonly
used in cinefluorography consists of a tandem of collimator lens and camera
lens, as shown in Fig. X-5. The output screen of the x-ray image intensifier
is placed in the focal plane of the collimator lens which provides a parallel
beam of light for the camera lens. The camera lens produces an image of the
output screen on the photographic film which is placed in the focal plane
of the lens. In this arrangement both lenses are used at their infinity focus,
and the magnification thus achieved is equal to the ratio of the focal lengths
of the two lenses (Ref. 8). The high aperture lenses used for this purpose
are generally composed of multiple elements assembled iji a relatively
long-barreled structure.

A factor that imposes undesirable limitations on the optical system used
in cinefluorography is vignetting. The form of vignetting that is particularly
troublesome in a tandem lens system is illustrated in Fig. X-6. All the light
emitted by the object and impinging upon the collimator aperture is trans-
mitted by the collimator in a cone the cross section of which is represented
by the heavily shaded triangle. Around this cone, in the lightly shaded
zones, only a portion of the light emitted by the outer edges of the object
is transmitted. Thus, if the camera lens is placed in Position B, where its
aperture intersects the zones outside the heavily shaded triangle, the image
produced by the camera lens will exhibit a peripheral drop in illumination.
This loss of light at the periphery of the image is referred to as vignetting.
On the other hand, if the camera lens is placed in Position A, where the
heavily shaded area completely fills the lens aperture, or if the lens is place
in any position to the left of A, vignetting would not be apparent on t e
image supplied by the camera lens. _

Figure X-6 reveals that vignetting can be reduced (1) by bringing e
camera lens as close to the collimator lens as possible, althoug ®&en
the two lenses are in contact, a certain amount of vignetting may si o
within the lenses themselves, particularly if they are o e ong
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type (loss of light in the lens mount itself); (2) by using a camera lens with
an aperture diameter smaller than that of the collimator lens (a larger
lens placed at A may exhibit vignetting, while a smaller one does not);
and (3) by using lenses with relatively long focal lengths to reduce the
angle of divergence of the parallel beam.

Therefore, to avoid vignetting, the following restrictions should be
imposed on the design of the lens system:

1. The distance between the camera lens and the collimator lens should
be as small as possible. However, because of various practical considerations,
one of them being the desirability of placing a mirror between the two
lenses for the purpose of monitoring the image (on “Image Monitoring”),
this condition may not be easy to achieve.

2. The camera lens aperture must be smaller than that of the collimator
lens. This means that if the same /-number is used for the collimator lens
and the camera lens, the focal length of the camera lens must be shorter
than that of the collimator lens, and the system will minify the image of
the output phosphor. If a 1-to-l ratio is desired between the output phos-
phor of the image intensifier and the image projected on the film, then the
camera lens must have an /-number greater than that of the collimator
lens, with consequent loss in light gathering efficiency.

3. If the collimator lens is to have the desirable long focal length it must
have a large diameter, if a low /-number is to be achieved, and a large
diameter requires a costly piece of glass.

It is apparent from these considerations that unless one is willing to
sacrifice a large amount of light the image recorded on the film will be smaller
in diameter than the image supplied by the output phosphor of the image
intensifier.

The following example (Fig. X-7) illustrates the restrictions imposed
on an optical system by vignetting (see also Fig. X-6). An x-ray image
intensifier tube with an output screen 25 mm in diameter is optically coupled
to a camera by a tandem of lenses composed of (1) a collimator lens having
a focal length of 100 mm, a maximum aperture diameter of 66 mm, and
/1.5 and (2) a camera lens having a focal length of 40 mm, a maximum
aperture diameter of 40 mm, and //1.0.

The focal length of the collimator lens is sufficient to clear the well (Fig.
X-8) which is sometimes provided for technical reasons around the output
screen of some x-ray image intensifier tubes, and to provide a sufficiently
small angle of divergence that will result in a reasonably long vignetting-
free zone. The focal length of the collimator lens is also sufficiently short
to provide a high aperture ratio (//1.5) with a lens aperture diameter of
reasonable size (maximum aperture 66 mm).

The aperture of the camera lens must be appreciably smaller than that
of the collimator lens to avoid vignetting. Furthermore, it is desirable to
provide some distance between the collimator lens and the camera lens to
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FIG. X-8. Scale diagram of typical optical system used in coupling x-ray image
intensifier tube with either a 16mm or 35mm camera for cinefluorography, or with a

70mm spot film camera. Image monitoring and fluoroscopy carried out by optical
system.

Lens Ratings

Focal length /-number

Collimator 56 mm 1.0
16mm camera lens 25 mm 0.95
35mm camera lens 75 mm 1.5
70mm camera lens 175 mm 2.5
Field lenses 175 mm

350 mm
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provide room for a mirror for the monitoring system. A camera lens with
a maximum aperture diameter of 40 mm produces a vignetting-free image
for a distance between the nodal planes of the two lenses of about 10.5 cm.
The camera lens provides a distance of approximately 5 cm between the
glass surfaces of the collimator lens and the camera lens which are facing
each other. The camera lens, of course, should also have a high aperture
ratio, and therefore its focal length must be kept short. The selection of
a 40-mm focal length provides a desirable//I.0.

The system of lenses described above results in an image minification
of

where /i is the focal length of the collimator lens and / 2the focal length of
the camera lens. Therefore, the image of the 25-mm output screen of the
image intensifier is approximately 10 mm in diameter. Such an image can
be reasonably well recorded on standard 16mm film (see under “Film for
Cinefluorography”) with a slight loss of image in the vertical direction.

In the above example, if instead of using 16mm film to record the image
supplied by the image intensifier it is desired to fill a 35mm frame, which
iIs approximately twice as large, the camera lens must be replaced by a
lens having a focal length twice as long. However, the maximum diameter
of the camera lens aperture must remain the same to prevent vignetting.
Under the circumstances, the /-number of the 35mm camera lens must be
/12.0. Since the illuminance of the image provided by a lens is inversely
proportional approximately to the square of the /-number, the use of 35mm
film instead of 16mm film results in a reduction of illuminance by a factor
of 4.

It is therefore inefficient to attempt to record on 35mm film the image
supplied by an image intensifier with a small-diameter output screen.
On the other hand, if the output screen of the x-ray image intensifier is
larger in diameter (for example, 50 or 75 mm), then the 35mm frame can
be efficiently filled with the aid of a low /-number lens. For this reason
x-ray intensifier tubes having larger output screens are designed to be used
in connection with 35mm film. The argument also holds for even larger
film, such as 70mm. A 70mm image can be obtained either by using a
longer focal distance camera at the cost of light (lower /-number) (Fig.
X-8), or by starting with a larger diameter image of the output of the image

intensifier tube.

Cameras for Cinefluorography
The cameras used in cinefluorography are not fundamentally different

from the cameras used in conventional cinematography. Y+r°a® er
that have been extensively adapted for cinefluorography are
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Kodak cine special camera modified for synchronous operation of 7.5,
15, 30, and 60 frames/sec, to be used in connection with full-wave recti-
fied circuits; and (2) the 35mm Arriflex camera, which has a continuous
variable speed drive providing from 8 to 64 frames/sec. The more modern
cinefluorographic systems have been fitted with cameras specifically de-
signed for the purpose but which are not fundamentally different from
conventional cameras and are therefore not further discussed in this text.

IMAGE MONITORING DURING CINEFLUOROGRAPHY

In cinefluorography, as in cinematography, it is desirable to monitor
visually the recorded image. This is usually accomplished by diverting
by means of a partially transparent mirror placed between the collimator
and the camera lens a portion of the light that forms the image of the out-
put screen of the image intensifier. The diverted imaging beam can be used
either (1) to form an image by means of an optical system, to be observed
by the radiologist, or (2) to form an image on the input screen of a tele-
vision pickup tube that is displayed on a monitor, also to be observed by
the radiologist (Fig. X-9).

The partially transparent mirror used for this purpose is designed to
reflect only 5 to 10% of the light, thus 95 to 90% of the light is used by
the camera and only a negligibly small fraction of light is used for monitor-
ing. It should be noted that the intensity of the beam of x-rays required for
cinefluorography is at least ten times higher than that used in fluoroscopy
with image intensifiers; consequently, even the small percentage of light
diverted is adequate to supply an image of brightness at least equal, if
not superior, to that obtained in image-intensified fluoroscopy. This image,
however, is affected by flicker resulting from the synchronization of the
x-ray beam with the camera. (The system can be used for fluoroscopy
without cinefluorography, in which case the partially transparent mirror is
replaced mechanically by a fully reflecting mirror; the intensity of the beam
of radiation used may then be reduced by a factor of at least 10, usually
closer to 50.)

Direct Image Monitoring

The optical system used for direct monitoring of the cinefluorographic
image without the help of a television chain consists in general of a field
lens (collector lens) that collects the bundle of parallel light beams energing
from the collimator lens and forms an image which can be observed by
the radiologist (Ref. 8). The image formed by the field lens can be observed
without loss of field of vision or of light only if the eye of the observer is
placed within the exit pupil of the optical system, which is the projected
image of the aperture of the collimator lens formed by the field lens (Fig.
X-10). If the diameter of the exit pupil is smaller than the separation be-
tween the pupils of the eyes of the observer (pupillary distance), only
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FIG. X-9. Image monitoring in cinefluorography.
1 direct optical monitoring

2 television monitoring 257
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FIG. X-10. Exit pupil in cinefluorography monitoring.

monocular vision is possible. On the other hand, if the exit pupil is equal
to or greater than the pupillary distance, the image of the screen can be
observed by both eyes simultaneously, which is highly desirable. Most
optical systems for viewing in fluoroscopy with image intensification are
designed to provide a sufficiently wide exit pupil to make binocular ob-
servation possible.

A second purpose of the field lens is to magnify sufficiently the image of
the relatively small output screen of the image intensifier. This magnifi-
cation should allow comfortable observation at a viewing distance not
shorter than approximately 20 cm because the human eye is incapable of
easy focusing at shorter distances. Unfortunately, the diameter of the
exit pupil and the magnification of the optical viewing system are inversely
proportional to each other, and the design of the system must compromise
between these two factors, which are also related to the/-number ofthe objec-
tive lens. The addition of a second lens to the optical system can increase
its magnification and still retain an adequate exit pupil diamenter for
binocular vision. Usually several plane mirrors are also incorporated in the
optical system to bring the observed image into a convenient position for
observation during fluoroscopy or cinefluorography (Ref. 8). A typical
optical viewing system is shown in Fig. X-8.

The system described allows only one individual to observe the image
because there is not sufficient room to accommodate two pairs of eyes within
the exit pupil. This situation may be remedied by diverting part of the
image by means of a partially transparent mirror introduced in the optical
path of the image. Thus, two observers may view the image simulta-
neously; however, the image of each observer is dimmer because of the
division of light.

A purely optical system for the viewing of an image supplied by an
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x-ray image intensifying system offers the advantage over an electronic
system of being less expensive and free from electronic malfunction. On
the other hand, the disadvantages of this system are as follows: (1) Only
one, or perhaps two individuals are able to utilize the system simultaneously,
when under certain circumstances it may be desirable to show the procedure
to a greater number of observers. (2) The relatively narrow exit pupil
of the system obliges the observer to keep his eyes within a relatively narrow
beam of light, with an undesirable fading of the image when one of the
eyes is displaced out of the field of the exit pupil. (3) In certain radio-
logic procedures accomplished with the help of image intensification and
cinefluorography, such as cardiac catheterization, it is sometimes awkward
for the individual who performs the procedure to be restricted in the position
of his head by the exit pupil of the system.

Because of these disadvantages, many cinefluorographic units as well as
fluoroscopic image intensifiers have a television chain added to their purely
optical viewing system, or utilize television monitoring alone.

Television Monitoring

Television monitoring during cinefluorography is achieved by focusing
by means of a lens the bundle of parallel beams diverted by the partially
transparent mirror onto the input screen of a television pick-up tube (either
a Vidicon or an Image Orthicon) and by displaying the image formed by
the television chain on the screen of a kinescope (Figs. X-9, (1), X-Il, and
X-12). The diameter of the input screen in conventional television pick-
up tubes is about the same as that of the output screen of the image inten-
sifier, and efficient optical coupling between them is relatively easy to
achieve with a conventional lens. The quality of the television chain
selected for the purpose (number of lines in frequency bandpass of the
electronic system) determines the quality of the image displayed on the
monitor, which may be as good as that supplied by the output of the image
intensifier.

Television monitoring in cinefluorography offers three main advantages
over optical monitoring: (1) The image can be displayed simultaneously on
several kinescopes remote from the image intensifier system, thus allowing
a number of individuals to observe the procedure. (2) Monitoring of radio
logic procedures by television is easier than by means of optical systems
because in television systems the position of the head of the observer is not
restricted by the exit pupil of the optical system. (3) The contrast o t e
image supplied by the television chain can be altered electronically, w ic
under certain circumstances may improve the quality of the observe image

The main disadvantages of television monitoring are. (1) re ativey ig
cost, (2) they are subject to malfunction, as any other electronic sys em,

(3) synchronization is required between the x-ray unit and the televisio

system.
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FILM FOR CINEFLUOROGRAPHY

16mm Versus 35mm Film

The cinefluorographic image is usually recorded on 16mm- or 35mm-wide
film. The use of 70mm film for this purpose encounters difficult problems,
particularly in the design of suitable lenses. Furthermore, it appears, as will
be shown in this section, that 35mm film is capable of recording all the detail
the other components of the cinefluorographic systems are capable of supply-
ing, and therefore the use of wider film is not warranted.

A camera using 16mm-wide film takes 40 frames per foot of film, and the
dimensions of each frame are 10.5 mm X 7.5 mm; while a 35mm camera
takes only 16 frames per foot of film, and the frames are 20 mm X 18 mm
(Ref. 9). Thus the area of a 35mm-film picture is approximately four times
greater than that of a 16mm-film picture; therefore, approximately four
times as many silver halide grains are exposed per resolution element in a
photograph taken on 35mm film than if the same image were reduced to the
size of a 16mm-film frame. It appears, therefore, that 35mm cameras should
be preferred to 16mm cameras in cinefluorography from the standpoint of
better detail resolution. In fa*t-,The greater resolution achieved per resolu-
tion element by means of 35mm film as compared to 16mm film has little
bearing on the quality of the image obtained with cinefluorographic systems
presently available, because components other than the film limit the resolu-
tion of the systems to such an extent that full advantage cannot be taken of
the film resolving power. On the other hand, the difference in size between
35mm and 16mm frames may affect not only the resolutTon but also the
light gathering efficiencyjoithe optical system in cinefluorography by alter-
ing the required minification of the output screen of the image intensifier.
This™effect can be illustrated by the following example:

Consider a cinefluorographic system consisting of a 5-in. diameter input
x-ray intensifier tube, of suitable optics, and of a 16mm camera. The diameter
of the input screen is reduced in such a system to the minimum dimension
of the 16mm frame, which is 0.75 cm, by a factor of about 17. If the x-ray
image intensifier is of particularly good quality, it is capable of resolving
approximately 3 lines/mm (Table VI-1, Chapter VI) (most image intensi-
fiers exhibit a lower resolving power). Thus the film, in order to reproduce
faithfully the image incident upon the input screen of the image intensifier,
must be capable of resolving at least 17 X 3 = 51 lines/mm. This resolving
power is well within the capabilities even of particularly fast film (Table
X-1), and under these circumstances the resolving power of the film does not
limit the quality of the image. The resolving power of the camera used in
producing the image on the film varies from approximately 40 to 50 lines/mm
for average cameras to high values of 80 to 100 lines/mm for better apparatus
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EASTMAN KODAK FILMS
OCourtesy of X-Ray Sales Division, Eastman Kodak Company)
I. Photography of Image Intensifier Output Phosphor
_ o Resolving
Filma Sensitivity Speedb  Contrast®  power*1l
(lines/mm)
Kodak Cineflure orthochromatic 100 1.75 80
Kodak Linagraph Shellburst  panchromatic 70 1.75 100
Kodak Double-X Negative panchromatic 100 1.30 89
Kodak Plus-X Negative panchromatic 40 1.30 80

Il. Photography of Television Displays (Kinescope Recording)
Kodak special TV cinefluorographic film (a range of contrast may be achieved
by varying developing time)
[11. Printing Material
Kodak fine grain positive film (a contrast of about 2.0 can be achieved)

DU PONT FILMS
(Courtesy of E. I. du Pont de Nemours & Company, Inc.)

I. Photography of Image Intensifier Output Phosphor
#931: Panchromatic, high-speed reversal film, contrast about 1.75 (Ref. 21)
#936: Panchromatic, very fine grain, medium speed, wide latitude negative film;
contrast about 1.5 (Ref. 21)
#140: Panchromatic, fine grain, high contrast film (see characteristic curve in
Chapter VI, Fig. VI-17)

Il. Photography of Television Displays
#834: Fine grain, high speed-low contrast emulsion for the photography of
either positive or negative images on kinescopes; sensitivity ultraviolet, violet,
and blue

aKodak Rapid X-Ray Developer, 7 min, 68°F.
b Kodak Cineflure assigned a speed of 100; speed based on exposure required to reac a ne

density of 0.85. ] o f
c Contrast based on average gradient of the characteristic curve over a log exposure ra

0.9 (i.e., a subject contrast of 8; 1), centered about a net density of 0.85.
d Resolving power based on microscopic examination of these films w en use
graph a resolving power test chart having a contrast of 6.3; 1; a perfec op ica

employed.

(Ref. 9). Thus, in order to match the quality of the image supplied by the
Xx-ray image intensifier, a “good” camera must be selected.

Consider now a cinefluorographic system composed of a 9 in.
input x-ray image intensifier coupled to a 16mm camera. e C
achieved by such a system is approximately 30, and the film must be capa
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of recording 30 X 3 = 90 lines/mm (Ref. 14). This value is borderline for the
resolving power of the film* and particularly for the camera used. Indeed,
a particularly good camera must be used to be able to record such detail.

On the other hand, if the same x-ray image intensifier (9-in. diameter
input screen) were used in connection with a 35mm camera, the ramification
factor would be only 12.5, and the maximum resolution required from the
film and the camera would be only about 50 lines/mm, which is an easy
requirement to fulfill both for the camera and the film. It should be remem-
bered that a resolution of 3 lines/mm is better than that achieved by most
X-ray image intensifies. This means that in this example particularly strin-
gent conditions were imposed on the camera and the film.

The above example shows that the use of a 16mm camera in conjunction
with a 5-in. diameter input x-ray image intensifier does not result in an
appreciable loss in resolution, while if a larger input image intensifier is used,
particularly if the instrument is capable of high detail rendition, a 35mm
camera is to be preferred. However, with use of small-diameter image-
intensifier output screens (1 in. or less) it is not practical to develop a 35mm
optical glass system that competes in speed with a 16mm system, and the
choice of a 35mm camera coupled with a 1-in. diameter image-intensifier
output screen results in a system which is about four times slower than if the
image intensifier were coupled to a 16mm camera (see under “Optical
System in Cinefluorography”). Under these conditions, because of the desir-
ability of using faster systems, 16mm cameras are generally preferred to
the 35mm size.

The difficulties encountered in coupling efficiently the image intensifier
to a 35mm camera can be partially resolved by using an intensifier with a
larger-size output screen (see p. 355). Such x-ray image intensifier tubes have
been constructed but are not widely used because they exhibit a consider-
ably lower luminance gain owing to smaller minification gain. They are
usable only for cinefluorography because their low gain does not render them
particularly attractive for direct image-intensified fluoroscopy. (They can
be used to advantage in connection with Orthicon television chains.)

The above discussion shows that the use of larger film, such as 70mm, does
not appreciably improve the quality of the cinefluorographic image if the
procedure is carried out with image intensifiers presently available.

Film Characteristics

The wavelength of the light emitted by the output screen of an image
intensifier used for fluoroscopy must fall within the sensitivity range of the
human eye, and preferably in a high sensitivity range. For this reason the
phosphors in the output screens of image intensifiers fluoresce usually in the
yellow-green range. Consequently, cinefluorography can be carried out only
with films which encompass yellow and green light in their sensitivity
response. (An exception is the kinescopic recording of blue-fluorescent kine-
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scope screens.) X-ray film, which is sensitive only in the ultraviolet and
blue-violet, is unsuitable for cinefluorography as it is practiced now. It is
not inconceivable that an ultraviolet fluorescing phosphor could be incor-
porated in the output screen of an image intensifier to be used only for cine-
fluorography to the exclusion of visual observation. Such a system, however,
would present the serious drawback of requiring quartz optics.

Orthochromatic emulsions, which are sensitive to ultraviolet, blue, and
green light, and panchromatic emulsions, the response of which approximates
that of the human eye and covers a broad sensitivity spectrum from violet
to red, are suitable for cinefluorography.

In addition to suitable wavelength sensitivity, photographic film used in
cinefluorography should exhibit three desirable characteristics: high speed,
high contrast, and fine grain (Ref. 10). High speed is desirable to carry out
cinefluorography with a minimal dose of radiation for the patient and to
reduce possible motion blurring by reducing exposure time. High contrast
puts in evidence structures having relatively low subject contrast. Fine
grain allows good reproduction of detail. These three characteristics depend
on the composition of the photographic emulsion used on the film, and also,
but to a lesser degree, on the developing of the film after exposure. In general,
if developing is increased either by increasing time or temperature, or by
using a more “energetic developer,” both the speed and the graininess of
the exposed film are increased.

Any two of the three characteristics can be improved at the expense of the
third (Ref. 10). For example, a high speed-high contrast film is grainier than
a high speed-low contrast film; conversely, a high speed-fine grain film
exhibits relatively lower contrast than a lower speed emulsion. It should be
noted that the graininess of a particularly high speed-high contrast film is
considerably enhanced by the fact that quantum mottle (Chapter VII),
resulting from the statistical fluctuations of the relatively low number of
x-ray photons required for a suitable exposure with a fast film, is superim-
posed over the inherent graininess of the film. Furthermore, graininess is
enhanced by the high contrast of the film.

In summary, the choice of film for a given cinefluorographic examination
depends on a compromise between the dose of radiation to which the patient
can safely be exposed, the contrast desired, and the detail reproduction
desired. Which of the three factors can be sacrificed to enhance the others
is a personal choice of the radiologist who performs the examination.
Table X-1 lists some physical characteristics of films commonly use in

cinefluorography.

Negative and Reversal-Type Films
Under normal conditions of photography the areas of the film exPose

light become opaque to light after suitable processing becauseo ep
of silver particles, while the unexposed areas are transparent o
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because of the removal of unexposed silver salts during processing. Such
film is referred to as a negative because it reproduces light areas as black,
and vice versa. The negative is printed on light-sensitive paper to produce
a reversed positive. If desired a negative film can be printed in a reversed
form to produce a positive. Diagnostic radiology is usually carried out with
negative films.

Certain photographic films are made to produce a positive image directly
without passing through the intermediary step of making a negative. Such
films are called reversal films. To achieve its purpose, a reversal film must be
subjected to reversal processing. This procedure involves processing the
exposed film under normal conditions to produce a negative on the film;
then, removing the negative image thus formed by dissolving the exposed
particles; and re-exposing to light the film thus treated, thereby exposing the
previously unexposed particles of silver halide. When this film is processed
normally, it produces a positive image of the photographed object. Reversal
films are useful whenever a positive image suitable for projection is to be
obtained in the shortest period of time.

Reversal-type films are widely used in cinefluorography. However, rather
than to reversal processing they are subjected to normal, negative-type
processing to produce an image comparable to a radiograph. This approach
provides an image of high contrast. Under certain circumstances it is desira-
ble to produce a positive-type image either for the purpose of obtaining
several negative copies or for enhancing the contrast on the print. Indeed,
when a negative is printed, the contrast obtained is equal to the product of
the contrasts of the negative and the print emulsion. Also, under certain
circumstances, it may be desirable to transfer an image formed on 35mm film
onto a 16mm print with the purpose of increasing the contrast and also
obtaining a narrower film which is sometimes more convenient to project
than the bulkier 35mm film. For this type of transfer, reversal processing
is employed.

RECORDING THE CINEFLUOROGRAPHIC TELEVISION IMAGE

The cinematographic recording of a fluoroscopic image supplied by an
x-ray intensifier that includes a television chain can be achieved either
(1) by recording by means of a cinematographic camera the image formed
on the screen of the television monitor, or (2) by recording the electrical
signals into which the image has been translated by the television pickup
tube on magnetic video tape, without the help of photographic film.

Kinefluorography

The cinematographic recording of a fluoroscopic image displayed on a
television monitor (kinescope) is often called kinefluorography (Ref. 11)-
In most television systems the image is scanned at the rate of 30 frames/
sec, and usually kinefluorography is Carried out by synchronizing the
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_eamera to this frequency. However, slower frequencies of recording can
be achieved by omitting a certain number of fields from recording. For
example, a rate of 24 frames/sec can be achieved by using a camera fitted
with a shutter-open phase of 144 degrees, which is open only 40% of the
time. Under these conditions, the film is exposed to 1 field (370 sec),
but the following 1" fields are omitted (J-*o sec). Another and simpler
method of synchronization at rates lower than 30 frames/sec consists in
recording an integer number of television fields per film frame (Ref. 12).

Synchronization in kinescopic recording can also be achieved by pre-
senting the information on the kinescope on a single repetitive line and
by recording each following raster line (line forming the television
image) sequentially on a continuously running film (Ref. 12). In this system
the camera moves the film continuously at the rate of one frame per scan-
ning time. It should be noted that a similar type of system is used in video
tape recording.

In kinefluorography it is also possible to achieve greater frequencies
than 30 frames/sec by recording only a fraction of the interlacing fields
that form the image. For example, in the more conventional television
systems which provide 2 fields per frame in sec>one can record 1 tele-
vision field per photographic frame, thus achieving a frequency of 60 frames/
sec. Other television systems provide a frame composed of 3 interlaced
fields, each scanned in 34so sec, and kinescoping recording may be carried
out by recording 1, 2, or 3 of these fields per photographic frame. This
approach, however, results in less information recorded per, photographic

frame.

Video Tape Recording in Cinefluorography

The image coded in the form of an electrical signal by a television pick-
up tube can be recorded on magnetic video tape. This method, which is
widely used in commercial television, has been successfully applied in
cinefluorography.

A video tape system is capable of recording all the information supplied
by a television chain, provided the information-coding capability of the
tape is sufficient to accommodate all the information supplied by the tele-
vision chain. The information-coding capability of the tape is expresse
in megacycles per second, and in order to record all the information avai—
able the frequency response of the video tape must at least be equa to
the bandpass frequency of the television system. For example, a V1 e0
tape recorder with a frequency response of about 3 megacycles is capa e,
with a suitable display system, of supplying a horizontal resolution o
approximately 280 lines for the total field. If such a system is use
the recording of an image supplied by a 1000-line television sys em
a 20-megacycle bandpass, the recording capabilities o e vi @&
system will not match the information presented and the recorded im g
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will be of lower resolution quality than that supplied by the television
chain (Chapter-1X);

The image recorded on video tape can be displayed at will on a kine-
scope and, if desired, recorded on photographic film by a kinescope recorder.
Video tape can be erased and reused a large number of times; 400 pos-
sible erasures and recordings are quoted by manufacturers of video tape
equipment.

COMPARISON OF CINEFLUOROGRAPHY, KINEFLUOROGRAPHY,
AND VIDEO TAPE RECORDING

The photon gain achieved in image-intensified fluoroscopy by the in-
sertion of a television chain, which provides efficient optical coupling be-
tween the eye of the observer and the intensified image (Chapter 1X),
does not take place in cinefluorography. Indeed, in most cinefluorographic
systems the quantum sink occurs with the absorption of x-ray photons
by the input screen of the image intensifier, and the statistical quality of
the image remains the same whether it is processed by a purely optical
system and recorded on film or whether a television chain is included in
the system.

Kinefluorography offers two main advantages over cinefluorography:
electronic control of the brightness gain and electronic control of contrast.
In cinefluorography the brightness gain of the image intensifier has a
fixed value, and while film exposure can be reduced by stopping down the
aperture of the camera lens, photographic exposure can be increased over
the maximum value achieved by this system only by increasing the x-ray
flux. A kinefluorographic system, on the other hand, allows a wide variation
of the brightness gain bv varying the gain achieved in the television link.
Such an increase in gain allows kinefluorographic recording with very low
doses of radiation for the patient. It should be noted, however, that re-
duction in the -dose f*"Tadlat,ionl4mTer these circumstances also results
in a statistical deterioration of the image obtained: and for comparable
statistical image quality, a kinefluorographic system is not superior to a
cinefluorographic system. Under certain circumstances, however, the quality
of the required examination may be sacrificed in favor of reducing the dose
of radiation for the patient. This compromise can be reached in a Kkine-
scopic system but is impossible in present cinefluorographic systems.

The television chain in a kinefluorographic system also' allows a wide,
range of contrast control which is sometimes desirable”™ in the exami-
nation of a particularly low contrast object. Contrast control is absent in
cinefluorography.

The advantages of kinefluorographic systems are accompanied by the
following drawbacks: (1) Kinescopic recording in a conventional system
requires approximately 3”0 sec per photographic frame, which is the time
required for the complete interlacing of 1 television frame. Shorter kine-
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FIG. X-13. Comparison of cinefluorography using (1) direct cine"recording from
output screen of x-ray image intensifier tube; (2) kinescope recording from Image
Orthicon television chain coupled with same x-ray intensifier tube. Both tests were
carried out under the same x-ray conditions and with moving objects. (From
Edward W. Webster and the J. Soc. Motion Picture Television Engrs., Ref. 11).

’scopic exposures can be achieved by recording only one scan of the line
interlace, but these short exposures are achieved at the cost of loss of infor-
mation per photographic frame. (2) The resolving power of a kinefluoro-
graphic system is limited by the number of raster lines, the scanning spot
size, the bandwidth of the system, and the noise introduced in the system
d*ymven the best electronic circuitry (Ref. 12).

At this time, it appears that the best films recorded by cinefluorographic
systems are superior in quality to the best films recorded from a kine-
scope (Ref. 12). Kmefluorographic recordings appear to be noisier than
cinefluorographic recordings and subject .. ... ...... Shaduws--that_reduce
the perception of large details at lovLcontrast-- (Rig. X-13) (Ref. 11).

Video tape recording of a fluoroscopic image offers the obvious advantage
of not requiring photographic processing. The examination recorded on
video tape can be viewed immediately after completion by displaying t e
image stored on the tape on a conventional kinescope. If needed, the ape
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can be stored and replayed as often as desired. If, on the other hand, a
permanent record is not needed, the tape can be erased and reused again
several hundred times.

Video tape recording has the advantages of a system that includes a
television chain, such as brightness and contxasVcontrol. and also its dis-
advantages, such as limitation in exposure frequency due to scanning,
loss in resolution due to scanning spot size, noise, etc. A major disadvantage
of video tape recording, however,-is. of teehnical nature. While it is pos-
sible to record on video tape all the information supplied by a television
chain, this can be achieved only if the frequency response of the video tape
recorder is at least as broad as that of the television system supplying the
information. Thus, high-resolution television systems may require a tape
frequency response as high as 20 megacycles.*Video tape recorders capable
of such a frequency response are. currently unavailable for radiulogic use.
The frequency response of the best commercial equipment does not exceed
about 5 megacycles, and most of the video tape recorders wideTv~avail-
abld”™or fadiologY~iiave] MlVan7Tpflss nf ahnnt, 3 megacycles. Video tape
recorders with a frequency response of the order of 3 megacyles limit the
horizontal resolution to less than 300 lines, which is considerably lower
than the capabilities of a good cinefluorographic system.

At present, the quality of the image recorded by a cinefluorographic
system appears to be slightly superior to that obtained in kinefluorography,
and is considerably superior to the image recorded by means of presently
available video tape systems. The practical advantages offered by video
tape recording in many instances make this method quite desirable, provided
high resolution in the recorded image is not required.

PROJECTORS FOR CINEFLUOROGRAPHIC FILM

The analysis of cinefluorographic and kinefluorographic examinations
poses requirements which are not fulfilled by conventional motion picture
projectors. Dreisinger (Ref. 13) has proposed the following desirable features
for analytic projectors specifically designed for cinefluorography: (1)
They should permit the film to run in either direction. (2) Projection rates
should be variable approximately between 1 and 16 frames/sec. (3) Instan-
taneous forward and reverse actions, and a mechanism for expeditious
change from normal to single-frame projection, and back again, should
be provided. (4) Remote control of the apparatus should be possible. (5)
Flicker-free projection at low rates of speed is desirable.

Although the above conditions are not met by conventional motion
picture projectors, most of these features are found in editing machines
for cinematorographic film. These machines, however, should provide better
definition, more light intensity, and larger pictures to be useful for the
analysis of cinefluorographic film (Ref. 13).

Several projectors are available commercially that incorporate most of
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the above desirable features. Some have been designed for purposes quite
different from cinefluorography, while others were specifically adapted
for this purpose.

The beaded screens conventionally used for viewing motion pictures
are inadequate for cinefluorography because of loss of detail occurring in

the motley structure of the screen; consequently, screens of finer grain
are preferable.

IMAGE QUALITY IN CINEFLUOROGRAPHY

The upper limit of the quality of the image recorded by means of cine-
fluorographic systems presently available is limited by the image-forming
ability of the x-ray image intensifier used. As discussed earlier in this
chapter, the image-forming capabilities of the optical system that couples
the film with the x-ray image intensifier, and that of the film used, are in
most modern systems capable of better resolution than that achieved by
the image intensifier. The best presently available x-ray image intensifies
are capable of resolving 2, perhaps 3 lines/mm, and such is the limit of the
resolving power of the better cinefluorographic systems.

This upper limit of the resolution of a cinefluorographic system applies
only to situations where the statistical fluctuations in the image handled
by this system do not appreciably affect resolution. In practice, however,
the upper limit of resolution (established by the unsharpness introduced
by the image-forming system) is never reached because the resolution
achieved by the system is limited at a lower level by the statistical fluctu-
ations of the image-forming quanta.

Figure X-14 shows the levels reached by the information-carrying quanta
(which may be x-ray photons, light photons, electrons, or grains in the
photographic emulsion) in a cinefluorographic system. (Image statistics in
x-ray intensifying systems are discussed in Chapter 1X.) The light photons
emitted by the output screen of the image intensifier are conducted by the
optical system to the photographic film, and sensitize grains in the photo-
graphic emulsion there; in both processes there is a loss in quanta.

The efficiency of the optical system coupling between the output screen
of the intensifier and the film can be calculated by Equation (3) given in

Chapter IX:
Nc _ M2 T
Ne= (M + )2 4f2

where NdN e is the fraction of photons collected by the optical system,

M is the linear magnification of the system, / is the/-number of t issys em,

and T is its optical transmission. Cy
The efficiency of a typical photographic emulsion in conver mg

photons into photographic grains is of the order of 0.005 ( e .
Figure X-14 shows that under typical conditions of cmefluorography
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STAG ES

FIG. X-14. Quantum levels reached in different stages of image conversion in a
cinefluorographic system.

Optical coupling //1.0

Magnification 0.4

Fractional transmission of the optical system 0.4

the losses in information-carrying quanta between the output screen of
the x-ray image intensifier and the final image formed on the photographic
emulsion are not sufficient to use up the quantum gain achieved by the
x-ray intensifier after the absorption of x-ray photons by its input screen.
Under the circumstances, the lowest level of statistical information (quan-
tum sink) in this system occurs with the absorption of x-ray photons by the
intensifier input screen, and this level is not affected by the balance of
this system. It should be noted that in Fig. X-14 that the quantum level
in the photographic emulsion is only slightly higher than the quantum
sink. Under these conditions a lower-efficiency image intensifier and/or
a lower-efficiency optical system introduced into the cinefluorographic
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system may result in lowering the quantum level at the photographic
emulsion level below the previous quantum sink (Ref. 14). It is there-
fore important to use high-gain image intensifies and efficient optics in
cinefluorography.

The number of photons per unit area determines the statistical quality
of the cinefluorographic image, and this number varies widely with the
energy of the x-radiation used in the examination and particularly with the
characteristics of the cinefluorographic system used (such as x-ray image
intensifier gain, light-gathering power of the optical system used, speed
of film, etc.). For example, a cinefluorographic system that employs a
high-gain image intensifier and fast film produces an image of a given photo-
graphic density with a lower number of photons striking the input screen
of the image intensifier than if a lower gain intensifier were used with a
slower film and slower optics. Therefore the statistical quality of the image
obtained with the slow cinefluorographic system is superior to that obtained
with the high gain system because the slow system utilized a greater number
of the photons the radiologic image originated. In a typical cinefluoro-
graphic examination carried out with 90 keVpx-rays, the radiation exposure
at the input screen of the image intensifier may be of the order of about
50 nR per frame. (It should be noted that cinefluorographic examinations
are carried out with considerably lower and considerably higher radiation
exposures per frame.) Such an exposure carried out with a radiation energy
under consideration corresponds approximately to 1.5X106 photons/cm2
(Table XI-4, Chapter XI) on the input screen. If it is -assumed that
approximately 20% of these photons are absorbed in the input screen, the
statistical quality of the final image obtained is determined by approxi-
mately 3X105 photons/cm2 It is interesting to compare this value with
the number of photons per unit area forming a fluoroscopic image without
x-ray intensification. Under typical conditions in the fluoroscopic exam-
ination of a 25-cm thick abdomen, carried out with 90 keVp x-rays, the
statistical quality of the image obtained is determined by approximately
3300 photons/cm2 (Table 1X-2, Chapter 1X). A comparison of this figure
with the number of photons responsible for the cinefluorographic image
obtained under these conditions show that the latter is formed by about
10 times as many photons. Thus one would expect superior image per
ceptibility per cinefluorographic frame. This situation has been yeri’®
experimentally. Webster and Wipfelder (Ref. 11) have shown that or e
same exposure rate the cinefluorographic recording of an object wi 0
contrast resulted in a minimum perceptible diameter of a litt e ess
2 mm, while a fluoroscopic examination of the same object gave a mi
perceptible diameter of about 7 mm (Fig. X-15). This compariso
carried out with moving test objects. -

In conclusion, the upper limit of the resolution that can e a ray
a cinefluorographic system depends mostly on the reso u ion
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MINIMUM PERCEPTIBLE DIAMETER (mm)

FIG. X-15. Comparison of performance of (1) conventional fluoroscopy; (2) x-ray
image intensifier with direct viewing; (S) cinefluorographic recording on 35mm film
of image supplied by x-ray intensifier. The same moving test objects and constant
x-ray factors were used with all systems tested. (From Edward W. Webster and the
J. Soc. Motion Picture Television Engrs., Ref. 11.)

image intensifier. However, while the type of equipment used has some
influence on the quality of the image obtained (Ref. 14), detail and contrast
perceptibility of the image supplied by a given cinefluorographic system is
mostly determined by the x-ray photon flux of the radiologic image, which
in turn depends on the x-ray dose rate emerging from the examined part.
Good agreement has been found between the minimum perceptible diameter
obtained experimentally by a cinefluorographic system and the minimum
perceptible diameter for the same object contrast calculated on a theoretical
basis which assumed that the image perceptibility is determined only by
statistical fluctuations.

RADIATION EXPOSURE IN CINEFLUOROGRAPHY

The radiation exposure of the patient resulting from a cinefluorographic
examination is a function of the desired quality of the recorded image
because, as shown in the previous section, the quality of this image is pri-
marily determined by the number of x-ray photons responsible for its expo-
sure. Under such circumstances, the dose of radiation delivered to the patient
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upon cinefluorographic examination of a given part may vary widely. The
range in radiation dose has an upper limit. It is futile to raise the statistical
quality of the examination beyond the point where statistical fluctuations
in the image affect resolution to a lesser degree than the unsharpness intro-
duced by the system. In practice, however, this upper limit is never reached
because it occurs with radiation intensities intolerably high from the health
standpoint. A situation in which the statistical fluctuation of the x-ray
photons did not affect appreciably the resolution of the image was encoun-
tered when cinefluorography was carried out without image intensification
(direct cineradiography). It is interesting to note that these early techniques
produced very high quality images which can no longer be produced in
modern cineradiography because of the influence of statistical fluctuations.
Thus, in modern cinefluorography the quality of the image depends strongly
on the patient’s radiation tolerance.

From the theoretical standpoint there is no lower limit of radiation expo-
sure below which cinefluorography is impossible. Indeed, with very high
image intensification it is possible to obtain a film density suitable for visual
inspection with only a small number of x-ray photons impinging upon the
input screen of the intensifier. Of course under such circumstances the quality
of the image is poor because of the magnitude of the influence of statistical
fluctuations. Practical diagnostic cinefluorography is carried out with radia-
tion exposures having an upper limit of approximately 20 R/min to the skin,
and a lower limit of about 1 R/min. In some examinations these limits are
exceeded (Refs. 15-18).

PHOTOFLUOROGRAPHY (FLUOROGRAPHY)

Photofluorography is a diagnostic radiographic technique whereby the
optical image supplied by a fluorescent screen is recording photographically
by means of a still camera.

After processing, the image recorded on the film, which is reduced in size
with respect to the image supplied by the fluorescent screen, is examined by
the radiologist usually with a magnifying viewer. There are three main rea-
sons why photofluorography is preferred to conventional radiography for
certain examinations: (1) The cost of the smaller-sized photofluorographic
film is lower per examination than that of radiographic film. (2) Multiple
exposures are easy to achieve with photofluorographic cameras loaded wit
a large amount of film, while cameras for multiple exposures with large-size
radiographic film are bulky and complicated. (5) The storage of photo u°ro
graphic film requires less space than that of the larger-size radiograp ic m.

These advantages of photofluorography over radiography are, oweve ,
achieved at the cost of resolution and radiation exposure of t e pa len p
examination. The disadvantages of photofluorography resu t rom
lowing factors: The fundamental difference between radiography an p o -
fluorography is that in radiography the exposure of the film is achie
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bringing it in contact generally with two screens, while in photofluorography
the film is coupled to one fluorescent screen by means of an optical system
which projects a reduced image of the screen. The use of an optical system
always results in loss of light photons the magnitude of which is mainly
determined by: (1) minification, (2) the /-number of the optical system, and
(3) the light transmission of the system. In photofluorography the conversion
of the radiologic image into an optical image by the fluorescent screen is
achieved under less favorable conditions than in radiography. In radiog-
raphy, usually two screens are used and the x-radiation transmitted by the
first screen is partially utilized by the second screen in forming the optical
image. In photofluorography, on the other hand, a single screen is used, and
the radiation escaping this screen is wasted from the standpoint of the exam-
ination. The combination of these two factors renders photofluorography a
less efficient method of radiographic examination from the standpoint of
conversion of the radiologic image into the optical image than conventional
radiography, and various steps must be taken in the design of a photofluoro-
graphic apparatus to reduce the gap between the two methods.

The phosphor used in photofluorographic fluorescent screens is either zinc
sulfide, which fluoresces with the emission of blue light (4400 A), or zinc
cadmium sulfide, which fluoresces in the yellow-green (5300 A) (Chapter VI,
Table VI1-2). In these screens the phosphor particle size and the thickness of
the phosphor layer are similar to that used in fluoroscopic screens. The
resolving power of photofluorographic screens is of the order of 2 to 5
lines/mm, which is appreciably less than that achieved with intensifying
screens (Chapter VI, Table VI1-2). It should be noted that a resolving power
identical with or better than that obtained with intensifying screens could
be achieved in fluorographic screens by reducing the thickness of the phos-
phor layer and/or particle size. This improvement, however, would be
accomplished at the cost of screen speed.

TABLE X-2. Specifications of 70mm and 4x4 in.
Mirror-Optics Photofluorographic Systems

70mm 4X4 in.
General relative aperture /10.63 /10.65
Focal length 160 mm 213 mm
Image size 63X63 mm 90X90 mm
Film size (nominal) 70 X70mm roll film 4X4 in. cut film
Screen size 16X16 in. 16X16 in.
Reduction factor 6.3:1 4.4:1
Weight of camera 141 lbs 198 Ibs

(without cassette)

Courtesy of Aerojet Delft Corporation, Plainview, N.Y.
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The optical system used in photofluorography in coupling the fluorescent
screen to the him must be made as efficient as possible with the purpose of
collecting a large fraction of the light emitted by the screen. Conventional
optical transmission systems are used in photofluorography. It is, however,
difficult with such systems to achieve an /-number smaller than approxi-
mately 1.5. On the other hand, the optical coupling between the screen and
the film can be achieved efficiently by using mirror optics with an/-number
of the order of 0.6 (Table X-2) (Fig. X-16). The use of mirror optics with
/10.63 as compared to transmission optics with //1.5 increases the light-
gathering efficiency of this system by a factor of about (1.5/0.63)2 = 5.7.
Under these conditions there is great advantage in the use of mirror optics
for this purpose as compared to more conventional transmission lenses.

The photographic film commonly used in photofluorography is either
70mm “roll film” or 4X4-in. “cut film” (Table X-2). The emulsion may be
either blue sensitive for use with zinc sulfide screens or green sensitive for

FIG. X-16. Photofluorographic unit using Bouwers mirror optics (Odelca 100-
XVII-S). (Courtesy of The Old Delft Co., Delft, Holland.)
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use with zinc cadmium sulfide screens. Characteristic curves of sensitive
photofluorographic film are shown in Fig. VI-17, Chapter VI.

The resolution achieved by means of presently available photofluoro-
graphic systems is inferior to that achieved in radiography, mainly because
of the greater unsharpness introduced by the input screen of the photo-
fluorographic system. The quality of the image in photofluorography is
mostly affected by the unsharpness of the screen (Ref. 20). Figure X-17
shows the modulation transfer functions for a photofluorographic system,
suitably corrected for minification.

The analysis of photon statistics in a photofluorographic system (Fig.
X-18) shows that the quantum sink is reached in the photographic emulsion
with the number of photographic grains exposed. This occurs because even
in the best optical system presently available the loss of light that occurs
in the coupling of the photographic emulsion to the screen, combined with
the statistical loss that occurs in the conversion of light photons into photo-
graphic grains (approximately 200 light photons per photographic grain

FIG. X-17. Modulation transfer function. Frequency response functions for compo-
nents of photofluorographic system, showing corrections required by image minifica-
tion of system.

A contribution of fluoroscopic screen

B uncorrected contribution of typical lens

C uncorrected contribution of photofluorographic film

B'and C' contributions of Band C corrected for minification M

D composite response of system

{Courtesy of Russell H. Morgan and the Amer. J. Roentgen., Ref. 19.)
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in the by the the screen on the GRAINS

screen screen film

FIG. X-ls. Quantum levels reached in various stages of image conversion in
photofluorographic system.

developed), more than uses up the photon gain achieved in the conversion
of x-ray energy into light in the photofluorographic screen. It appears,
therefore, that a statistical gain could be achieved in photofluorography by
the use of x-ray intensification. This approach appears to be very promising,
and many cinefluorographic systems are now fitted with photofluorographic
cameras either of the 70mm or of the 4X4-in. format (Table X-2). Poten-
tially these systems are capable of better resolution than the conventional
photofluorographic systems, because image intensification provides a sta
tistically superior image and theoretically without loss of resolution due
to unsharpness. It should be noted, however, that at this time the resolution
achieved by straight optical systems appears to be superior to that obtaine
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with image intensifies because of purely technical limitations such as loss in
resolution at the edges of image intensifier tubes which may be overcome in
the future. With image intensification, photofluorography is potentially
capable of supplying radiographic images of quality approaching that
achieved in present-day radiography, and because of the many advantages
inherent in the use of small-size film, it is probable that this technique will
gain considerable importance in diagnostic radiology.
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(XI) RADIATION DOSIMETRY:
UNITS AND INSTRUMENTATION

QUALITY AND QUANTITY OF X-RADIATION (Refs. 1 and 16)

X-radiation is described by two variables: quality and quantity. The
quality of a beam of x-rays is the energy of the x-ray photons of which the
beam is composed. If the x-radiation consists of monochromatic (mono-
energetic) photons, the quality of the beam is the energy carried by these
photons. If the beam is composed of photons of various energies, the quality
of the radiation is expressed as the spectral distribution of these photon
energies as a function of their number (Chapter Il, under “X-Ray Spec-
trometry”). The unit of x-ray quality (energy) most commonly used is the
electron volt (Chapter I, under “Work and Energy”). Other units of energy,
such as the erg, can also be applied to this purpose.

The quantity of x-radiation in a beam in diagnostic radiology can be
usefully expressed in two different ways. It can be expressed as the number
of particles (photons) per unit area. This quantity is called particle fluence
or fluence (<) (Table XI-1), and is expressed as

$ = — 1
” (1)
where N is the number of photons entering a sphere of cross-sectional area
a. The quotient

$
L 7V (2)

where t is time, is called the particle flux density or flux density or particle
fluence rate. This quantity <$>represents the number of photons per unit
area per unit time in abeam ofx-rays. Fluence is measured in reciprocal
area units(area-1), and theparticle flux density is expressed in reciprocal
area-reciprocal time units (Table XI-1).

It is convenient to express the quantity of x-radiation in terms of flu-

ence or particle flux density when the variable studied is the number of
382



(XI) RADIATION DOSIMETRY IN DIAGNOSTIC RADIOLOGY 383

TABLE XI-1. Table of Quantities and Units Used in Radiology

Units

Name Symbol cgs Special

Energy imparted erg g rad
(integral absorbed dose)

Absorbed dose D ergg.l rad
Absorbed dose rate erg g-1 sec-1 rad sec-1
Particle fluence, or fluence 4+ cm-2
Particle flux density 0 cm-2 sec-1
Energy fluence F erg cm-2
Energy flux density, or intensity I erg cm-2 sec'i
Exposure X esu g-1 R(roentgen)
Exposure rate esu g-1 sec-1 R sec-1
Mass attenuation coefficient m p cm2g-1
Mass energy absorption coefficient pen/P  cm2g-1
Mass stopping power s/p erg cm2g-1
Average energy per ion pair w erg eV

Adapted from the NBS Handbook 84 (Ref. 16).

photons, and not their energies. Such is the case, for example, in the sta-
tistical study of the radiologic image, where the variable of importance is
the number of photons per unit area.
The quantity of x-radiation can also be expressed in terms of energy
fluence (F) as follows:
F=—, 3
. ®)
where Ef is the sum of the energies of the particlesthatpass through
an area a. The energy fluence is the total energy carriedby thex-radiation

per unit area.
The energy flux density or intensity (I) is the quotient F/t, where F is

the energy fluence and tis time:

| = L=E @)

t at

This quantity is also called energy fluence rate. The energy fluence r*®’ or
intensity of x-radiation, represents the total energy carried by t era la ion
incident per unit area per unit time. Energy fluence is measure m u

of energy per unit area and intensity is measured in units o energy p
unit area per unit time (Table X-1)*(AU the definedquanti”®

to radiations other than x-rays.) frr>m
A the inter™lbirbnM iyswith matter results m a transfer o e
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the beam of x-rays to the medium where the interaction takes place. The
amount thus transferred is referred to as absorbed dose (D), which is de-
fined as
5
- (5)
where Ed is the energy imparted by ionizing radiation to a mass of matter
m. The unit of the absorbed dose D of ionizing radiation is the rad, which
equals 100 ergs/g. The absorbed dose rate is the quotient D/t, where D is
the absorbed dose in ergs and t is the time. The absorbed dose rate is ex-
pressed in rads per unit time (Table X-I).

Radiation Exposure— the Roentgen (Ref. 16)

A necessary factor in the quantitative study of the effects of radiation
in matter is the absorbed dose. Unfortunately, the direct measurement of
x-radiation dose is difficult. This purpose may be accomplished by using
a calorimeter which allows the measurement of the heat generated in the
absorber under study subsequent to the absorption of radiation. Unfor-
tunately, the doses of radiation commonly measured are equivalent to
only 10-3 to 10-5 cal (Ref. 2). Such small quantities of heat are difficult
to measure and require the use of extremely sensitive calorimeters which
are not practical for routine radiation dose measurements.

One of the simplest methods for the detection and measurement of
x-radiation consists in detecting and measuring the ionization produced
by this radiation in a gas. The presence of ions in a volume of gas is readily
detected and their number easily measured by means of an ionization
chamber with suitable auxiliary circuitry. Such a system measures the
energy lost by the x-radiation in ionizing the gas. If the ionization chamber
is sufficiently large to convert all the energy of the incident x-ray beam
into ions, then the quantity measured by the chamber represents the total
energy carried by the x-ray beam. However, the x-ray beam usually dis-
sipates only a fraction of its energy in forming the ions which are collected
in the ionization chamber, and the measurement thus obtained is only
proportional to, not an absolute measure of, the absorbed dose of radiation
in the particular chamber under consideration. Under the circumstances
it is useful to express the presence of x-radiation at any point in terms of
the number of ions produced by the x-radiation in a given mass of gas,
and refer to this number as the exposure. The number of ion pairs formed
by a given amount of x-radiation in a given mass of gas depends on the
nature of the gas, and consequently the definition of exposure must take

into consideration the nature of the gas used. Radiation exposure (X) is
defined as

(6)
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where Q is the sum of the electric charges of all the ions of one sign pro-
duced m air when all the electrons liberated by the photons in a volume

element of air of mass m are completely stopped in air.
The uni™ if - isnrp is thp rnmfg*" nnf|

1R —2.58X10 4coulomb/kilogram (C/kg).

With pres liques it is difficult to measure exposure when the photon
energies involved lie above a few MeV or below a few keV (Ref. 16). It
should be noted that the above definition of the roentgen is quantitatively
equal to the older definition of the roentgen as/‘the quantity of x- or gamma-
radiation such that the associated corpuscular emission per 0.001293 grams
of air produces in air ions carrying 1 esuof quantity RFelectricity of either
slgn7L(Ref. 3.)

The exposure rate is defined as the quotient X/t, where X is the expo-
sure and tis time. Exposure rate is expressed in roentgens per unit time.

Roentgens, Rads, and Photons

The relationship between radiation exposure (expressed in roentgens)
and the dose thereof absorbed in air (expressed in rads) can be derived
from the definition of the roentgen.

One roentgen is defined as the creation of a charge of 2.58 X10-4 C/kg
of air.

The elementary charge, e, equals 1.60210 X10-19 C (Table XI-6), there-
fore 1 C equals approximately 6.242 X1018 electron charges. The average
energy (JFair) expended in air for the formation of one ion pair is equal to
33.7 eV (Ref. 1). Consequently, the creation of a charge of 1 C in air re-
quires an expenditure of energy of

6.242 X1018 X 33.7 = 2.103 X10DeV/C.

Since 1 eV equals 1.602X10-12 erg, the energy corresponding to the crea-
tion of 1 C in air is equal to

2.103X100 X 1.602X10-12 = 3.37X108ergs/C.
Therefore, 1 R, by definition, corresponds to an expenditure of energy of
2.58 X10-4 X 3.37 X108 = 8.69X104ergs/kg.

Since, by definition, 1rad equals 100 ergs/g, the above expenditure of eney
corresponds to a dose of approximately 0.87 rad. Thus, in air, te a sor
dnsp nf v-rn.vs is armroximatelv 0.87 rad per roentgen.
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greater than 20 eV corresponding to an energy range where the value of
Wo.ir is assumed to be constant (Ref. 1).

The above relationship between the roentgen and the dissipated energy
applies for substances with an x-ray absorption energy dependence similar
to that of air (see section on “Air-Equivalent Thimble lonization Cham-
bers”)- Since in the low energy range the energy dependence of the absorp-
tion of x-rays is mostly dependent on the atomic number, a substance is
air equivalent if its atomic number is close to the effective atomic number
of air, which is equal to approximately 7.64 (Ref. 4). It should be noted
that the number of rads per roentgen for air is independent of energy for
radiation with energy greater than 20 eV.

The relationship between radiation exposure and absorbed dose of radi-
ation for media other than air (or which are not air equivalent) is given by
the equation

| N\ m ( Men\
\ P /med \ P /air.

-Dred = 0.87 = fx, (M
where Dned is the absorbed dose in the medium exposed to radiation,
0.87 is the ratio rad/R for air, uen/p are the respective mass energy absorp-
tion coefficients of the medium and of air, X is the radiation exposure in
roentgens, and/ is the ratio rad/R (conversion factor) for the medium (Ref.
1). If the radiation used is not monochromatic, the mass energy absorption
coefficients for the medium and for air are evaluated for the total energy
spectrum of the radiation used (Table XI-3).

The ratio of the mass energy absorption coefficient of a given medium to
that of air varies in general with radiation energy (Table X-2), and con-
sequently the factor / also varies with radiation energy, particularly for
low x-radiation energies and for substances with an effective atomic number
very different from that of air, such as bone (Table XI-2). For low energies,
photoelectric absorption, which is strongly energy- and atomic-number
dependent, is the determining factor in the value of the energy absorption
coefficient. On the other hand, for media with an effective atomic number
close to that of air, such as water and muscle (Chapter V), the factor /
does not vary appreciably with radiation energy because the energy absorp-
tion coefficients of these substances vary in a manner similar to that of air
(Tables XI-2 and XI-3).

X-ray energy fluence F and x-ray photon fluence can be derived from
the exposure value as follows: The exposure of 1 R in air corresponds to
an absorbed dose of 0.87 rads, and 1 rad equals 100 ergs/g. Therefore the
energy absorbed in air per roentgen is 87 ergs/g.

The energy absorbed per gram is equal to the energy fluence F multiplied
by the mass energy absorption coefficient ne p. Therefore the energy fluence
F equals

F = 87 -h (Men/p)air ergs/cm2R -
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TABLE XI-3. Mean Conversion Factor/in Compact
Bone and Muscle for Various X-Ray Spectra

/ HVL
Tube
Muscle Compact bone potential mm mm
(rad/R) (rad/R) (kVP Al Cu
0.92 3.99 50 0.25 0.01
0.92 4.00 80 1.8
0.92 3.63 100 4.2 0.18
0.93 2.79 140 4.5 0.19
0.94 1.94 250 1.25

Adapted from NBS Handbook 85 (Ref. 1).

The energy fluence F is equal to the photon fluence $ multiplied by the
energy hn carried by each photon, as follows:

F=3$ X hn (8)

If F is expressed in ergs/cm2 4in photons/cm2 and hn in keV, the formula
becomes

F=$ X 1.602X10“9 X hn,

1 keV being equal to 1.602 X10-9 erg. Since the energy fluence per roentgen
is87/inensp)air, the particle (photon) fluence per roentgen becomes

54.3 X109 :
— — photons/cmﬁ)l‘T
\P-en/P)air X hn

$ =

Table XI1-4 lists particle fluence and energy fluence per roentgen and the
mass energy absorption coefficient for air as functions of photon energy.

X-RAY DOSIMETRY1

X-ray dosimetry consists in measuring either (1) parameters which are
intrinsic to the beam of x-rays, such as quality and quantity, or (2) the
absorbed dose of radiation in a medium resulting from the exposure of this
medium to radiation. In either case, x-ray dosimetry consists of the quan-
titative determination of the interaction of x-rays with matter.

In the diagnostic energy range, the interaction of x-rays with matter
results in a transfer of energy from the radiation to electrons which in turn

1For further study the reader is referred to the excellent text entitled Radiation
Dosimetry, edited by Hine and Brownell (Ref. 5). Report 10b of the International Com-
mission on Radiological Units and Measurements (ICRU), entitled “Physical Aspects of
Irradiation,” National Bureau of Standards Handbook 85 (Ref. 1), includes a broad

StLtI)qy of various methods used in x-ray dosimetry and an extensive bibliography on this
subject.
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TABLE XlI-4. Particle Fluence, Energy Fluence, and Mass
Energy Absorption Coefficient, as Functions of
m J—

Mass energy

I;’rf]\grtg; Partlcle$ fluence EnergyFﬂuence absorption
coefficient
(photons/cm2R) (Menvp)air
(MeV) (X108 (ergs/cm2R) (cm2g)
0.010 11.7 18.7
0.015 28.1 67.4 igg
0.020 52.6 169 0.516
0.030 123 501 0.147
0.040 212 1360 0.0640
0.050 283 2270 0.0384
0.060 310 2980 0.0292
0.080 288 3690 0.0236
0.100 235 3770 0.0231
0.15 144 3470 0.0251
0.20 101 3250 0.0268
0.30 62.8 3020 0.0288
0.40 45.9 2940 0.0296
0.50 36.6 2930 0.0297
0.60 30.6 2940 0.0296
0.80 23.5 3010 0.0289
1.00 19.4 3110 0.0280
1.50 14.2 3410 0.0255
2.00 11.6 3720 0.0234
5.00 6.28 5030 0.0173
10.00 3.77 6040 0.0144

8 Calculated from data in NBS Handbook 85 (Ref. 1).

4= 54.3 X 1012 photons/cm2/R

(Penip)aiihn (In kEV)
— 87
F_ ergs/cm2/R

(Men/P)a

lose their energy by excitation and ionization. Therefore, the interaction of
Xx-rays with matter can be detected and measured by methods leading to the
detection and measurement of excitation and ionization. A number of physi-
cal interactions can be used for x-ray dosimetry. Most of the methods used
fall into one of the following categories: (1) detection of ions in gases, (2)
calorimetric determination of the energy dissipated by radiation in a given
medium, (8) photographic dosimetry, based on the density produced on a
photographic emulsion by x-radiation, (4) chemical dosimetry, based on the
magnitude of chemical reactions that take place as a result of irradiation,
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(5) scintillation dosimetry, based on the luminescence produced by radiation
in certain crystals and amorphous media, and (6) solid state dosimetry,
which may be based on one of several radiation-induced phenomena such as
changes in optical density, photoluminescence, thermoluminescence, or
conductivity changes (Ref. 1).

The methods for the determination of x-ray quality were discussed in
Chapter Il. The purpose of the following sections is to discuss three methods
particularly useful in the determination of x-ray quantity in diagnostic
radiology: (1) ionization dosimetry, (2) photographic dosimetry, and (3)
scintillation dosimetry.

IONIZATION DOSIMETRY

lonization in gases consequent to irradiation and measured in ionization
chambers provides the most widely used method of x-ray dosimetry. An
ionization chamber is composed of two electrodes which may be constructed
in a variety of shapes, separated by a volume of gas. An electric field is
maintained between the two electrodes by connecting them to a source of
electricity (Fig. XI-1). A meter capable of measuring electric current or
charge is connected in the ionization chamber circuit. Various gases can be
used in ionization chambers. However, air is most commonly used for x-ray
dosimetry.

The exposure of an ionization chamber to x-rays results in the production
of ions in the gas of the chamber. As these ions are subjected to the action of
the electric field between the electrodes, the positive ions drift toward the
negatively charged electrode while the negative ions drift toward the posi-
tively charged electrode. The ionization electrons travel towards the anode

FIG. XI-1. Principle of operation of ionization chamber.
A electrodes
B insulator
C current- or charge-measuring device
D source of electricity
E ions
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SATURATION VOLTAGES

o \4_‘*’0

OwRgE o

N

FIG. XI-2. Saturation currents in ionization chamber.

considerably faster than the heavier, positive ions. In electronegative gases,
the electrons formed by ionization may attach themselves to neutral atoms
thereby forming heavy negative ions. This process is called electron attach-
ment (Ref. 6). During this drift of the ions toward the electrode that carries
a charge opposite to theirs, electrons may be captured by positive ions.
This process, called recombination, results in the formation of a neutral atom
or molecule which is no longer acted upon by the electric field. The ions that
do not undergo recombination transfer their charges to the electrodes in the
chamber, and a current is thus generated in the ionization chamber circuit.
The magnitude of this current is proportional to the number of charges
collected per unit time, and can therefore serve as a measure of the beam of

radiation striking the chamber.

Saturation Voltage

The ions formed in the gas of an ionization chamber tend to recombine
unless they are rapidly swept by the electric field and collected by the
electrodes. Figure XI1-2 shows a family of curves obtained by plotting the
current measured in an ionization chamber versus voltage applied to t e
electrodes for various intensities of radiation. All the curves ex | i a



392 THE PHYSICAL ASPECTS OF DIAGNOSTIC RADIOLOGY

region where the ionization current increases as the voltage applied to
the electrodes is raised. In this region there is considerable recombination
of ions, and the increase in current observed is due to the fact that an in-
crease in voltage results in a greater number of ions reaching the electrodes.
All curves, hoVever, reach exponentially a plateau, and above a given value
(saturation voltage) an increase in voltage does not result in an appreci-
able change in current (saturation current). The saturation current cor-
responds to the situation where most of the ions formed in the chamber
are collected before they can recombine”"The saturation voltage increases
with increasing radiation intensity because the probability of recombina-
tion is greater for higher ion densitv”~-thus, high radiation levels in amion-
ization chamber require higher saturation voltages.

.tor a given ionization chamber the saturation voltage depends not
only on the maximum ion density to be generated in the chamber, but
also on the physical structure of the chamber itself. In general, for a given
voltage applied to the electrodes, the reduction of the distance~between
the electrodes increases the electric field and thus reduces the chance
of recombination by reducing the distance traveled by theTons before
collection”

Tn most ionization chambers used for x-ray dosimetry in diagnostic
radiology, an electric field of about 250 V/cm, resulting from a few hundred
volts applied to the electrodes of the chamber, is suitable to achieve sat-
uration (Ref. 4).

Free-Air Standard lonization Chamber

The free-air standard ionization chamber is an instrument designed to
measure radiation exposure directly in roentgens. It is a primary standard
in the sense that it is designed to satisfy the requirements for the defi-
nition of the roentgen, and it is not calibrated against another ionization
chamber.

The definition of the roentgen is based on the expression for a given
electric charge produced by ionization is a given mass of air. Consequently,
the experimental realization of an instrument capable of measuring roent-
gens directly must incorporate (1) a method of defining a mass of ai?, and
(2) a method for collecting and measuring all the charges produced by
ionization subsequent to the irradiation of this mass of air.

In the free-air standard ionization chamber (Fig. X1-3) a volume of
air is defined by that portion of a collimated beam of x-rays (shaded area
in Fig. X1-3) entering the chamber which is equal in length to the collector
electrode. The electrodes are parallel plates generating an electric field
of 100 V/cm.NThe-elecjfcric field is shaped by guard plates and guard wires
in such a fashion that the lines of force of the electric field are perpen-
dicular_to thn!;ollector~electrode in~the collecting area. The ionization cur-
rent is measured by means of an electrometer which is usually connected
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and operated in such a fashion as to maintain the collector electrode as
nearly as possible to the potential of the guard plates, which are usually
maintained at ground potential (Ref. 7). The distance between the elec-
trodes and the defined volume of air must be at least equal to the range of
the secondary electrons produced by the radiation to be measured in air.
This precaution must be observed to ensure the collection of all the charges
produced by the secondary electrons resulting from the interactions of
x-rays in the defined volume of air. The loss of electrons {E:) from the
volume where ion collection takes place is compensated by the entry into
this volume of electrons (Es) originating outside the defined volume. Elec-
trons produced by scattered photons outside the defined volume {E\) are
unwanted in the measurement, but their contribution is generally small.

The mass of air involved in the measurement can be calculated from the
measured volume by applying suitable corrections for temperature and
pressure.

Standard free-air ionization chambers of different designs have also been
constructed. Free air chambers calibrated against a standard free-air
chamber are used as secondary standards.

Thimble lonization Chamber

Free-air ionization chambers, because of their bulk and their relative
lack of mobility, are unsuitable, for most applications in x-ray dosimetry,
with the exception of radiation standardization. Most x-ray measurements
are usually achieved by means of thimble ionization chambers. The term
thimble ionization chamber includes a large number of instruments of
various sizes and shapes with a sensitive volume which may be as small
as a few cubic millimeters or as large as several cubic centimeters. A thimble
ionization chamber consists of a shell often made of some plastic material
that surrounds a volume of gas which contains two electrodes (Fig. X1-4).
Usually one of the electrodes in the chamber is a wire located in the axis
of the cylindrical shell, and the second electrode is a conductive coating
deposited on the inside of the shell (Fig. XI-4, bottom). It should be noted
that a great number of other electrode arrangements can be used in thimble
chambers.

The thimble chamber is connected to a source of electricity and to some
electric-current or charge measuring device, generally an electrometer.
Although different gases can be used in thimble chambers, air is used most
often, either at atmospheric or at higher pressures.

JWhen a thimble chamber is exposed to x-ravs. most of the ionizations
taking place in the gas result from secondary electrons which are produced
subsequent to x-rav photon inc.raceion iN the walls of the~cEamber. Only
a small percentage of the ionization in a thimble chamber results from
the absorption of .. .y: in her 52 1eserr. DecCause the probability of x-ra”F
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FIG. XI-4. Thimble ionization chamber (Victoreen Condenser-R Meter Model 570),
with charger and electrometer (top). At bottom is shown a cross section of thimble
ionization chamber attached to condenser. Chamber is open to air, and readings must

be corrected for temperature and pressure.

absorption is considerably greater in the shell than in the gas-filled cavity

due to the relatively low density of the latter.

Thimble ionization chambers are most useful in radiation dosimetry
if f.h*dredesign fmd construction are such that they fulfill the following three
criteria: (1) electronic equilibrium is achieved within the chamber?jj*)
the chamber fulfills the requirements of the Bragg-Gray relation, and (3)"
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the chamber is air equivalent in the radiation energy range for which it
was designed”

Electronic Equilibrium. A state of electronic equilibrium is said to exist
at a point within a medium if every electron leaving an infinitesimal volume
surrounding this point is replaced by another electron originating outside
the volume. Under equilibrium conditions, the energy dissipated in the
volume by the electrons is equal to that which would have been dissipated
in the volume if all the electrons originating in it would have dissipated
their energy within this volume (Ref. 1).

Electronic equilibrium in the measuring volume of a free air chamber
is achieved by surrounding this volume with a thickness of air at least
equal to the range of the secondary electrons produced by the x-radiation
measured in air. In the thimble ionization chamber, electronic equilibrium
is achieved by surrounding the gas volume with a shell the thickness of
which is at least equal to the range of the secondary electrons produced by
the x-radiation to be measured in the material composing the shell.

The Bragg-Gray Relation. The mathematical relationship between the
‘lonization produced in a small gas-filled cavity provided in a solid medium
subjected to irradiation and the energy absorbed in the medium is referred
to as the Bragg-Gray theory, or Bragg-Gray relation, a concept introduced
by Bragg and developed by Gray (Ref. 4):

D=JmX W X sm ©9)

where D is the absorbed dose per gram of material, Jmis the number of
ion pairs formed per gram of gas, W is the average energy expended by
the ionizing particles in the gas in forming one pair of ions, and smis the
ratio of the stopping power per unit mass of medium to the stopping power
per unit mass of the gas. The ratio smis also equal to the ratio of the energy
dissipated per unit mass of the solid medium by the electron flux, divided
by the energy dissipated per unit mass of gas by the same electron flux.
In the practical application of the Bragg-Gray relation, the gas used is
generally air, for which TTair is equal to 33.7 eV. Tables of mass stopping
power, or mass stopping power ratio relative to air for various elements,
have been compiled (Refs. 1 and 8).

The Bragg-Gray relation is valid only if the following conditions are
fulfilled (Ref. 4). (jf) The gas-filled cavity within the solid is so small that
the amount of energy lost by the electrons within the cavity is small;
which means that most of the electrons entering the cavity also escape it,
so that the presence of the cavity does not alter appreciably the electron
flux within the medium. (3) A negligibly small number of photons interact
with the gas in the cavity directly, and most of the electrons responsible for
the measured ionization originate in the medium rather than in the cavity.
(3) The rate of energy absorption throughout the cavity is constant, there-
fore the size of the cavity must be small with respect to the radiation field
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gradient. (4) If the cavity is used for the determination of radiation expo-
sure, the wall thickness must be sufficient to exclude all electrons originating
outside the medium.

The Bragg-Gray relation is particularly useful in radiation dosimetry
because it allows the determination of the energy dissipated by x-radiation
within a solid medium by measuring the ionization produced in a gas-filled
cavity. An extreme application of the Bragg-Gray relation consists in
measuring the absorbed dose in air exposed to x-rays. In this case the gas
cavity and the surrounding medium are identical in nature.

Air-Equivalent Thimble lonization Chamber. A thimble ionization
chamber constructed in such a fashion as to fufill the requirements of the
Bragg-Gray relation provides a measurement proportional to the energy
dissipated by the x-radiation in the material that composes the shell of
the chamber. Thus, if a thimble chamber is constructed of aluminum,
the reading supplied by the chamber when used to measure x-ray beams
of various energies and intensities provides a measure of the relative energy
dissipated by these radiations in aluminum. If a thimble chamber is to
be used to measure radiation exposure in air, then the wall material must
have a stopping power identical to that of air. Under these circumstances,
the Bragg-Gray relation Equation (9), is reduced to

D =JmX Wair, (10)

smbeing equal to 1. The above expression gives the dose absorbed in air,
which is proportional to the exposure. The determination-of the absorbed
dose in air exposed to x-rays, carried out in the section on “Roentgens,
Rads, and Photons,” above, made use of this equation.

Since the stopping power of any material depends upon its effective
atomic number, an air-equivalent thimble ionization chamber must have
a shell with an effective atomic number equal to that of air, which is 7.64
(Ref. 4). Although it is difficult to construct an ionization chamber which
is air equivalent for all x-ray energies, a number of ionization chambers
which are nearly air equivalent over a broad energy range have been con-
structed (Figs. XI-4, XI-5, and XI-6).

Condenser lonization Chamber. The electronic circuitry associated
with a thimble ionization chamber may be designed either to measure
ionization current or ionization charge. A particularly useful form of thim e
ionization chamber is the condenser (capacitor) ionization chamber, w ic
consists, in general, of an air-equivalent thimble chamber permanently con-
nected to a condenser (Fig. XI-4). In this apparatus the source o eec
tricity that provides the electric field in the ionization chamber ist e co
denser, which is charged to a given potential by means o an ex er
charging device. When the chamber-condenser combination is p a
the field of radiation to be measured, the ionization current in the.chamber
partially discharges the condenser (Fig. XI-7). After exposure, the poten-



FIG. XI-5. Thimble ionization chambers (Landsverk Roentgen Meter Model L-64),
with charger and electrometer. Different-sized chambers used with same charger and
electrometer exhibit different sensitivity ranges resulting from the different volumes
of chambers in which ionization takes place. Electrical capacity of all chambers is the
same. lonization chambers are sealed off, and readings are independent of tempera-
ture and pressure.
Bottom radiograph of chambers

398
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FIG. XI-6. Portable ionization chamber survey meter (Victoreen Survey Meter
Model 440). Instrument is designed to measure exposure rates, and is mostly used for
measuring stray x-radiation.

tial across the partially discharged condenser is measured by an electrom-
eter. Since the difference of potential across the condenser is proportional
to the remaining charge, the reduction in the difference of potential across
the condenser subsequent to radiation exposure is a measure of the charge

Air-equivalent thimble ionization chambers utilized in the measurement
of radiation exposure are never used as primary standards; they are always
calibrated directly or indirectly against a standard free-air ionization

“chamber.

PHOTOGRAPHIC DOSIMETRY

The exposure of a photographic emulsion to x-rays results in an increase
in the opacity to light of the processed emulsion. The density thus achieved
can be measured by photoelectric means and related to the radiation
exposure, thus providing a method of dosimetry (Refs. 1and 9).

The latent photographic image produced in a photographic emulsion
exposed to x-rays results from the energy deposited in the photographic
grains by electrons generated by the absorption of x-rays in the film or
its vicinity. Therefore the density on the film is a measure of the amount of
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(Y
CHARGE OF THE PARTIAL
CONDENSER DISCHARGE

| 2

FIG. XI-7. Condenser thimble ionization chamber.
1 condenser is charged until voltage between electrodes reaches a given value
(0 on electrometer scale)
2 ionization chamber is exposed to radiation, which causes leakage of portion of
condenser charge, with consequent drop in voltage
3 after exposure, voltage across condenser is measured by electrometer. Loss of
voltage is proportional to charge lost by condenser (Chapter IV, section on “Switch-
ing Tube X-Ray Circuits”).

energy dissipated by the x-radiation in the emulsion and its immediate
vicinity. Because in the diagnostic energy range the absorption of x-rays
in photogFaphic'emulsions takes placemostly by photoelectric interactions
m bromine and silver, the response of photographic emulsions to radiation
exposure is strongly photon onorgy dppendent (Fig. VI-28, Chapter VI).
In view of this limitation, photographic dosimetry of x-rays is useful only
if one is interested in determining the absorbed radiation dose in the photo-
graphic emulsion, or, if the spectral distribution of the radiation is suffi-
ciently well known, to calibrate the photographic film with x-radiation
having an identical spectral distribution. But in the diagnostic energy
range it is of little interest to determine the absorbed dose of radiation in
photographic emulsions, and it is difficult to reproduce for calibration
Apurposes the spectral distribution of the radiation to be measured.
Thus, photographic dosimetry is of little value unless one can correct by
some means the response of the photographic emulsion to radiation and
obtain a linear or near-linear response between radiation exposure and
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density over a wide photon energy range. This purpose can be achieved bv
Acovering the photographic film with various metallic filters to reduce the™
undesirable energy dependence (Kefs. 1. 9. and 10b ’

_jn spite of the use of metallic filters, pJiotograohic x-ray dosimetry is not
sufficiently accurate for general use in the diagnostic range, and the method

is used only foFpersonnel monitoring by means of film badges. whereTTTs—
quite adequate and widely used.

SCINTILLATION DOSIMETRY

X-ray scintillation dosimetry is carried out by means of scintillation
detectors. Scintillation detectors are based on the property of certain sub-
stances, called phosphors, to emit flashes of light, or scintillations, when
struck by ionizing radiations. It should be noted that the phenomenon of
scintillation is nothing else but luminescence, which was discussed in Chap-
ter VI. A scintillation detector (Figs. XI-8 and XI-9) is composed of a
phosphor optically coupled to a photomultiplier tube which translates the
flashes of light supplied by the phosphor when struck by ionizing radiations
into electrical pulses. These electrical pulses are usually amplified in magni-
tude and sometimes sorted according to their heights by means of an elec-
tronic circuit.

Phosphors Used in Scintillation Dosimetry

A number of substances that may be crystalline or amorphous, solid or
liquid, inorganic or organic, have provided useful phosphors'for scintillation
dosimetry. Table XI-5 lists a number of these phosphors which are used in
the detection of ionizing radiation by scintillation techniques. A comparison
with Table VI-2, Chapter VI, will show that some of the phosphors incor-
porated in x-ray screens are also used as scintillation phosphors.

One of the most widely used phosphors in scintillation dosimetry is crystal-
linp snrbnm iodide activated with thallium. This phosphor is desirable”

FIG. XI-8. Block diagram of a scintillation dosimeter.

LIGHT TIGHT HOUSING~A s

ASSOCIATED

SIGNAL
ELECTRONIC
CRYSTAL PHOTOTUBE EQUIPMENT
AND
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POWER SUPPLIES



FIG. XI-9. Scintillation detector and component parts.
Top and Middle phosphor (Nal(Tl) crystal) and photomultiplier tube (Dumont)
Bottom radiograph of scintillation detector showing internal structure of photo-
multiplier tube

402
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TABLE XI-6. Physical Constants and Formulas

Constant Symbol Value
Speed of light in vacuum c 2.997925 X1010cm sec-1
Elementary charge e 4.80298 X10-10 esu
1.60210 X10-19 coulomb
Electron rest mass me 9.1091 XIO0"ABg
Protons rest mass mp 1.67252X10"2 g
Gravitational constant G 6.670 X10-8 dyn cm2g~2
Planck’s constant h 6.6256 X10~27 erg sec
Avogadro constant na 6.02252X102Z molecules gram-mole-1
Boltzmann constant k 1.38054 X10~%6erg ° K
1 electron volt eV =1.6021 X10~22erg
1 calorie cal =4.184XI10-7 erg
1 micron M =10-4 cm
1 angstrom A =10-8 cm
For conversion of electromagnetic Multiples and submultiples:
radiations into energy: Symbol
Energy (in keV) = 12.398 10® Mega M
X (in A) 103 kilo K
Unified atomic mass unit 10-3 milli m
3d: the mass of the 2C nuclide 10-6 micro n

From NBS Misc. Publ. 253 (Ref. 2, Chapter I).

tive atomic number, which in many instances is a desirable feature because it
results in a high absorption coefficient for x- and gamma-rays. On the other
hand, sodium iodide is highly hygroscopic and must be protected from
humidity. The latter purpose is usually achieved by enclosing the crystal in
an aluminum, airtight chamber with a transparent window that allows light
photons generated in the phosphor to escape (Fig. X1-9).

In many applications of scintillation techniques, particularly in x-ray
exposure dosimetry, a high atomic-number phosphor is undesirable if air
equivalence is to be achieved, and organic phosphors are preferred. O”e of
the oldest phosphors used for this purpose is crystalline anthracene, which
exhibits a desirably high conversion efficiency, although not as high as that
of thallium-activated sodium iodide (Table X1-5). More recently, a number
of plastic phosphors have become available. In general, most of these phos-
phors exhibit a lower conversion efficiency than anthracene; however the
plastic phosphors can be obtained in any size or shape, while large crystals
of anthracene are difficult to obtain. Several organic liquids (Table XI-5)
have also been found to be useful scintillators but are seldom used in scintilla-
tion dosimetry of x-rays.
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Optical Light Coupling

The light generated by the ionizing radiation within the phosphor must
be efficiently transferred to the photocathode of the photomultiplier tube.
This is usually accomplished by covering all the surfaces of the phosphor,
except the surface from which the light is guided to the photomultiplier
tube, with a highly reflective coating and optically coupling the light escape
surface of the phosphor to the photocathode of the photomultiplier tube.
In some arrangements the surface of the phosphor is in intimate contact
with the photocathode of the photomultiplier tube (Fig. XI1-9), often with a
layer of grease between them to prevent reflections between the crystalline
surface and the glass surface of the phototube as much as possible. In some
applications it is desirable to separate the phosphor from the photomulti-
plier; in such a case the optical coupling may be achieved by means of a rod
of methyl methacrylate or quartz, or even a flexible fiber optics light guide
(Fig. X1-10).

FIG. XI-10. Scintillation detector in which phosphor is optically coupled to photo-
multiplier tube by means of flexible fiber-optics light guide. Flexible probe is designed
to be introduced into body cavities.
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FIG. XI-n. Top schematic diagram of dynode structure of R.C.A. photomultiplier
tube.

1-10 dynodes
11 anode
Below radiograph of scintillation detector constructed with R.C.A. photomultiplier

tube (note difference in dynode design with tube shown in Fig. XI-9)
{Courtesy R.C.A. Company.)
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FIG. XI-12. Photomultiplier tubes.

Photomultiplier Tubes

A photomultiplier tube contains essentially three elements (Fig. XI-11):
a photocathode in which light photons dislodge electrons; a series of elec-
trodes, usually referred to as dynodes, the purpose of which is to multiply the
electron flux supplied by the photocathode; and the anode or collector, which
collects the avalanche of electrons produced by the dynodes (Refs. 11 and
12). The electron multiplication attained in photomultiplier tubes is of the
order of X106 Photomultiplier tubes are extremely sensitive light detectors
(Fig. X1-17) which can be constructed in a variety of sizes and shapes,

depending upon the desired purpose (Fig. X1-12).

Electronic Circuitry Associated with Scintillation Detectors

The electronic circuit associated with a scintillation detector fulfills two
purposes: (1) it supplies the high voltage required for the operation of the
photomultiplier tube, and (2) it converts the electrical signals supplied by
the photomultiplier tube into a form suitable for interpretation.

The operation of a photomultiplier tube requires electrical power in the



FIG. XI-13. Block diagram of a pulse photomultiplier tube circuit.

HIGH

VOLTAGE +

FIG. Xl-14. Block diagram of a dc
photomultiplier tube circuit.

PHOTOTUBE

MICROAMMETER

form of high voltage, which is typically of the order of 1200 V in photo-
multipliers commonly used. The photomultiplier tube is connected in such
a fashion that the photocathode is maintained at a high negative potential
with respect to the collector, and this potential is nearly equally divided in
steps among the dynodes (typically about 10 dynodes) by means of a voltage
divider (Fig. XI1-15).
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The signal supplied by the photomultiplier tube consists of electrical
pulses the magnitudes of which are proportional to the flashes of light that
initiate the electron avalanches. These pulses can be processed by one of two
circuits—the pulse circuit or the dc circuit.

In the pulse circuit, the electrical pulses supplied by the photomultiplier
tube are first amplified and then either recorded or further processed by a
pulse analyzer circuit that sorts the pulses according to their heights (Figs.
XI1-14 and XI1-15). The pulse height analyzer may be of the single channel
type or it may sort simultaneously pulses into a large number of channels
(for example, 400 channels). A pulse circuit with a pulse height analyzer is
used in scintillation spectrometers (see Chapter Il, section on “Scintillation
X-Ray Spectrometry”).

The photomultiplier tube may also be connected to a dc microammeter,
a vacuum-tube voltmeter, or a dc amplifier (Figs. X1-13 and X1-15). These
circuits do not distinguish between individual pulses and only record the
photomultiplier tube current proportional to the light intensity striking
the photocathode.

Scintillation Techniques in X-Ray Dosimetry

Scintillation-detectors are sensitive and versatile instruments which can
be applied in a variety of ways in x-ray dosimetry. The electrical signal
supplied by the photomultiplier tube is proportional to the amount of energy
dissipated by an x-ray photon in the phosphor. Under the circumstances, if
the thickness of the phosphor is sufficiently great to absorb almost completely
the energy of a beam of x-rays, the signal supplied by the apparatus is pro-
portional to the energy flux density or intensity of the x-ray beam. With
suitable calibration, a scintillation detector can therefore be used for energy
flux or intensity measurements. This purpose is usually achieved by con-
necting the photomultiplier tube to a dc circuit. If, on the other hand, the
photomultiplier tube is connected to a pulse circuit followed by a pulse
height analyzer, this combination allows for the measurement of energy
fluence and spectral distribution of the radiation as well, and is called
scintillation spectrometer (Chapter 1l1). With a scintillation spectrometer the
energy flux density of an x-ray beam can be determined by measuring the
area under the spectral distribution curve, which is equal to the intensity of
the beam.

For the above applications the selection of the phosphor material is not
critical, and the only condition that the phosphor must fulfill is to be suffi-
ciently thick to absorb all the radiation incident upon it. In the diagnostic
energy range this condition is easily achieved with sodium iodide crystals
approximately 2 cm thick (Fig. X1-16).

Scintillation detectors can also be used for the measurement of radiation
exposures. For this purpose the phosphor must fulfill certain requirements.
If the dimensions of the phosphor are large compared to the maximum range
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FIG. XI-16. Absorption of x-rays in sodium iodide.

if the secondary electrons produced in the phosphor by the incident x-radia-
:ion, and if these dimensions are small compared to 1/Xen, the reciprocal of
die energy absorption coefficient of the phosphor for the radiation to be
measured, then the energy dissipated by the x-radiation within the phosphor,
EYhos, can be related to that absorbed in an air-equivalent chamber with a
sensitive volume equal to that of the phosphor (E&) by the expression

ffphos = 1 - (1X)

Em tn en

where nenand n*m are the linear energy absorption coefficients of the scintil-

lator and air, respectively, tis the thickness of the phosphor presentedtot e

beam of radiation, and e is the base of natural logarithms (Refs. 1, 1 .
The variation of Equation (11) with photon energy depends on both the

absorption coefficient and the thickness of the crystal. By a suita ®s®ec

of phosphor material, or by combining different phosphors, the detector can

be made air equivalent over a wide range of energies. is as eenacc "

plished by a number of combinations, such as anthracene an ca Q"

state; terphenyl dissolved in benzene and chlorobenzene; a poy' vy 7

based plastic phosphor combined with calcium tungstate, an
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ORBIENT ANP

FIG. XI-17. Typical photomultiplier gain and light sensitivity as functions of
dynode voltage.

other mixtures. Furthermore, other mixtures of phosphors may be made
either soft-tissue equivalent, fat equivalent, or bone equivalent (Ref. 1).
With all these combinations, the scintillation detector is connected to a
dc circuit.

Scintillation detectors used in x-ray dosimetry are not suitable primary
standards, and they must be either calibrated against an ionization chamber
or some other device, or used only for relative measurements. Because of the
strong dependence of the pulse heights of the photomultiplier tube on the
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high voltage applied (Fig. XI-17), the constancy of the calibration of these
instruments should not be relied upon, and they should be frequently reeali-
brated. Scintillation counters employ complex and expensive electronic
equipment which may require a fair amount of servicing. Nevertheless
because of their high sensitivity and their ability to provide energy analysis’
scintillation techniques are extremely valuable tools in x-ray dosimetry.
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Absorbed dose, 384, Table, 383
Absorbed dose rate, 384, Table, 383
Absorber half-value layer, 40-42, 67-70
Absorber thickness
effect on attenuation, 65-72
effect on Bremsstrahlung, 29-31
Absorption coefficients, 89
Acceleration of electrons, 96-97
Air equivalence, 386
Air pockets, in diagnostic examination,
173
Alpha particle, 14
Alpha rays, 20
Aluminum
as filter, 158-160, 165, 166, 168
in grid interspace, 281-282
Amplitude distortion, in modulation
transfer function, 242-243, 245
Angulation error, 271, 272-274, 275-277,
278
Annihilation radiation, 12, 86, 87
Anodes (targets) of x-ray tubes, 96-98,
100-105, 120
Anthracene, in scintillation detectors,
404, 411, Table, 403
Antiparticles, 13
Atomic number.
atomic number,
effect on Bremsstrahlung, 31
effect on photoelectric interactions,
75-77
Attenuation analysis, 59
Attenuation coefficients, 66-72, 88-90,
Table, 71
for bone, 172, 173
for fat, 172, 173
for iodine, 170, 171, 175

See also Effective

INDEX

Attenuation coefficients (continued)

for lead, 170, 171

linear attenuation coefficient, 66-67,
88-90, Table, 71

mass attenuation coefficient, Table,
383

for water, 170, 171, 172

Attenuation spectrometry, 39-42
Attenuation of x-rays, 39-42, 64-72

in air, 173-175

in bone, 163, 166-168, 172, 173-175

in contrast media, 169-171, 173,
175

in fat, 160-162, 163, 172, 173-175

in iodine, 170, 171, 173-175

in lead, 170, 171

in liver, 168-169

in lung, 173-175

mathematical equations, 64-72

in muscle, 170, 171, 172, 173

in water, 90-94, 173-175

Auger effect, 77
Autotransformers, 128, 129, 146
Average energy per ion pair, 25, 396,

Table, 383

Back emission, 130
Barrier layer rectifiers. See Solid state

rectifiers.

Baryon, 13, Table, 12

Base density, 227-229

Bent-crystal spectrometer, 54
Beryllium-window x-ray tube, 120, 121

Beta rays, 20
Binding energy, 17-18, 24, 34-35, Table,
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Body fluids
attenuation in, 162-166, 173.. See also
Attenuation of x-rays in water,
densities, 173
Bone
attenuation in,
173
Compton effect in, 167, 173
contrast, 176-183
density, 173, Table, 173
effective atomic number, Tables, 161,
173
electron density, Tables, 161, 173
mass energy absorption coefficient,
386, Table, 387
photoelectric effect in, 167, 172, 173
Bouwers mirror optics, 329-331
in Image Orthicon television chain,
Table, 338
in photofluorography, 377
Bragg-Gray relation, 396-397
Bragg spectrometer, 52-53
Bremsstrahlung, 27-33
effect of absorber thickness on, 29-31
in lead, 32
in tungsten, 32, Table, 37
in water, 32
Breast radiography. See Mammography.
Brightness gain, 312-315
Brightness control, 347-348
Bucky, 264
Bucky factor, 266, Table, 265

163, 166-168, 172,

Cable capacitance, effect on tube volt-
age, 152-153, 14
Calcium tungstate phosphors, 202, 205-
206, 411, Tables, 196, 201
Capacitor ionization chamber. See Con-
denser ionization chamber.
Capacitors, 142-143
Cathode rays, 20
in Hittorf-Crookes tube, 1-5
Characteristic curve. See under Radio-
graphic film.
Characteristic radiation, 33-38
energies, Table, 36
intensities in tungsten, Table, 37

INDEX

Characteristic x-radiation. See Charac-
teristic radiation.
Cinefluorography, 342-375
cameras, 355-356
direct monitoring, 356-359
film for, 362-366, Table, 363
kinefluorography, 366-367, 368-370
magnetic tape recording, 367-370
negative film, 365-366
optical coupling, 349-355
projectors, 370-371
radiation exposure, 374-375
reversal film, 366
synchronization, 345-347
television monitoring, 357, 359-361
video tape recording, 367-370
vignetting, 349, 351-355
Cinelix image intensifier, 320-322
with television chain, 331-333
Classical scattering of x-rays. See
Thomson effect.
Coherent scattering of x-rays. See
Thomson effect.
Collector (anode), 407
Collisional interactions, 26, 27, 33-38
Compton effect, 77-84
angle of recoil electron, 79
angle of scattering, 79, 80, 82, 83
attenuation, 88-94
contribution to noise, 252-260
cross section, 83, 84
energy transfer in, 80-83, Tables, 81,
90
linear attenuation coefficient, 88-89
mass attenuation coefficient in nitro-

gen, 94
probability of occurrence, 84
Compton interaction. See Compton
effect.

Compton scattering, role in noise produc-
tion, 252-260
Condenser ionization chamber, 395, 397-
399, 400
Contactors, 139, 141, 145, 146
Contrast, 171-176, 192, 193
film contrast, 213-215, 217, 222, 365,
Table, 363
improvement with grids, 263-282
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Contrast (continued)
influence of scatter on, 258, 260-263
radiographic contrast, 212-215
as result of difference in attenuation,
171-176
in soft tissues, 183
subject contrast, 212-215
variation with voltage, 176-183
Contrast improvement factor, 261, 264-
266, 267, 268, 270, Table, 265
Contrast media, 169-171, 173, 175, 252
Contrast reduction factor, 264, 268
Contrast transmission function. See
Modulation transfer function.
Coolidge x-ray tube, 98, 99
Counters, 39
Critical energy, 24-25, Table, 25
Cross section, 84

Dark adaptation, 296, 297
Decentering. See under Grids.
Densities of human tissues, Table,
173
Detectors, 38-39
Deuteron, 13
Diffraction, 43-54
of x-rays, 49-54, 57-59, 61
Diffraction grating spectrometers, 47,
48, 50-54
Diffraction gratings, 45-49, 51-54
Direction of x-radiation, 33
Dynamax *“50,” 110
target rating charts, 114
Dynapulse circuits, 139-143, 152
Dynapulse switching tube, 344
Dynodes, 407, 408, 409

Effective atomic number, 91-94

of bone, 173, Table, 161

of fat, 173, Table, 161

of muscle, 173, Table, 161

of water, 173, Table, 161
Efficiency of x-ray production, 31-33
Elastic collisions, 20-21, 23
Electric charge, 8
Electromagnetic radiation, 20-25
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Electron
acceleration methods, 96, 97
binding energy, 24, 34-35
energy, 11, Table, 12
interaction with matter, 26-38
mass, 11, Table, 12
monoenergetic electrons, 29
positive (positron), 12, 13, Table, 12
Electron attachment, 391
Electron density, 91-94
Electron range, 27, 28
Electron shells, 14-15
binding energy in, 17-18, 34-35,
Table, 19
transitions in, 34, 35
in tungsten, 16
Electron transitions, 34, 35
Emission analysis. See Fluorescence
analysis.
Emulsions. See Photographic emulsions.
Energy, 8-9
conversion to electron, 11
mass equivalence, 10-11
units, 9, 10, 23
Energy fluence, 383, 386, 388, Tables,
383, 389
Energy fluence rate. Bee Intensity.
Energy flux density. See Intensity.
Energy spectrum of x-rays. See Spectral
distribution.
Excitation, 23-24
Exposure rate, 385, Table, 383. See also
Radiation exposure.

Fat
attenuation in, 163, 172, 173

Compton effect in, 161, 162, 173

density, Table, 173

effective atomic number, 173, Table,
161

electron density, 173, Table, 161

photoelectric effect in, 161, 162, 172,

Field emission x-ray tubes, 121-124, 125
Film. See Radiographic film. Also under
Cinefluorography; Photofluorog-

raphy.
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Film badges, 401
Film bases, 208-209, 210
base density, 227-229
thickness, Table, 230
Film sensitivity
in cinefluorography, 364, 465, Table,
363
to direct exposure, 225-226, 228, 229-
231
to screen exposure, 225-226, 228, 231-
234
Film speed
in cinefluorography, 364, 365, Table,
363
of radiographic film, 222-225, 226
Filtration, 155-160. See also Attenuation,
added, 156, 157, 158-160
by aluminum, 158-160, 165, 166, 168
by Compton effect, 156, 157
by copper, 159, 160
inherent, 156-158, Table, 157
by photoelectric effect, 156, 157
by water, 160, 165, 166, 168
Flexible fiber-optics light guide, 405
Fluence. See Particle fluence.
Fluorescence, 194-199
Fluorescence analysis, 59-62
Fluorescence yield, 77, Table, 78
Fluorescent radiation, 75
Fluorography. See Photofluorography.
Fluoroscopic image
difference from radiographic image, 293
intensification of, 307-322, 328-332,
336-339
Flux density, 382, Table, 383
Flux gain, 312-318
Focal spot, 103-106
Focal spot size, 246
Force
electrostatic, 7, 8, 13
fields, 8
gravitational, 7, 8
nuclear, 13
Free-air ionization chambers, 392-394
Frequency response function. See Modu-
lation transfer function.
Fresnel bi-mirrors, 43, 44, 50
Full-wave rectified circuits, 134

INDEX

Gamma rays, 26
General radiation. See Bremsstrahlung.
Generators, 97, 101
in cinefluorography, 344-345
ratings, 143-144
Graininess, 238, 249-251, 365
Grid control tubes, 117, 119-121
in cinefluorography, 344, 345
Grids, 260, 263-282
aluminum-interspaced, 281-282
Bucky factor, 266, Table, 265
characteristics, Table, 265
clean-up factor, 266
cross grids, 264, 278-279
decentering, 271-277
grid ratio, 269-271
lead, 264, 271, 280
linear grids, 264
loss factor, 266
moving grids, 263, 277-278
principle of operation, 260
uranium, 280

H and D curve, 209

Half-value layer, 40-42, 67-70
Hardening of x-ray beam, 156, 158
Harmonic distortion, 242, 245
Hittorf-Crookes tube, 1-6

Illumination, 299
Image monitoring, 356-361
direct, 356-359
television, 357, 359-361
Image Orthicon pickup tube, 322-326,
328
combination with x-ray image intensi-
fier tube, 331-333, 337, 339, Table,
338
statistical fluctuations, 325-326
as x-ray image intensifier, 328-333
Integral detectors, 39
Intensity, 38, 383, Table, 383
as function of absorber thickness, 29-
31, 40-42
Intensity spectrum, 38
Interference, 43-49
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lonization, 23-25

lonization chambers, 390-399
lonization timers, 147
lontomat, 147

Kinefluorography, 366-367, 368-370
Kinescope, 359, 366

Laue spots, 57, 59
Lead
attenuation coefficient, 281
Bremsstrahlung in, 32
electron range, 28
in grids, 264, 271, 280
tenth-value layer, Table, 282
Lead screens, 179
Lepton (n meson), 13, Table, 12
Line radiation. See Characteristic radia-
tion.
Line spread function, 244-247
Line x-radiation. See Characteristic
radiation.
Linear attenuation coefficient,
88-90, Table, 71
Liver, attenuation in, 168-169
Luminance, 294-296
Luminance gain. See Brightness gain.
Luminous flux, 294, 298-300
Lung, density, 173

66-67,

Magnetic tape recording, 208
in cinefluorography, 367-370

Mammography, 182, 183

mAs timer, 146

Mass, energy equivalence, 10-11

Mass absorption coefficient, in water, 94

Mass attenuation coefficient, Table, 383

Mass energy absorption coefficient, 386,
Tables, 383, 387, 389

Mass stopping power, 396, Table, 383

Mean free path, 70

Meson, 13, Table, 12

Minification gain, 312-315

Minimum perceptible contrast. See also
Contrast.
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Minimum perceptible contrast (con-
tinued)

comparison in
Table, 338
in fluoroscopy, 301-302, 336-339
improvement by image intensification,
336-339
in x-ray image intensification, 331
Mirror optics, in photofluorography, 377,
Table, 376
Modulation transfer function, 241-249,
251
as measure of unsharpness, 287, 289-
291
in photofluorographic systems, 378
Monoenergetic (monochromatic) x-rays,
124, 127
Mottle, 249-252
effect of film-screen speed on, 251
effect of radiation energy on, 251-252
Muon, Table, 12
Muscle
attenuation in, 162-166, 172, 173. See
also Attenuation of x-rays in water.
Compton effect in, 164, 165, 173
density, 173
effective atomic miimber, 173, Table,
161
electron density, 173, Table, 161
mass energy absorption coefficient,
386, Table, 387
photoelectric effectin, 164,165,172,173

different systems,

Negative film 365-366
Neutrino, 13 Table, 12
Neutron, 11-13, Table, 12
Noise, 252-263

Nucleon, 15

Nucleus, 14, 15

Off-focus radiation, 105, 106
Optical coupling
in cinefluorography, 349-355
in scintillation detectors, 405-410
Organic phosphors, in scintillation de-
tectors, 404, 411, Table, 403



422

Pair production, 84-86
attenuation coefficient, 88-89-
energy transfer in, Table, 90
Panel-type intensification. See Solid-
state x-ray image intensification.
Particle fluence, 302, 382, 388, Tables,
383, 389
Particle fluence rate. See Flux density.
Particle flux density. See Flux density.
Particles, 11-20, Table, 12
Peak voltage, 152
Penumbra. See Unsharpness, geometric.
Personnel monitoring, 401
Phase distortion, 242-243, 245
Phosphorescence, 194-199
Phosphors, 194-199, Table, 196
anthracene, 404, 411, Table, 403
barium lead sulfate, 206, Table, 201
calcium tungstate, 202, 205-206, 411,
Tables, 196, 201
characteristics, 199, Table, 201
in fluoroscopic screens, 206-207
in intensifying screens, 205, 208
light emission of, 204
organic phosphors, 404, 411, Table,
403
in photofluorographic screens, 206-
207
plastic phosphors, 404, 411, Table, 403
in scintillation detectors, 401-404,
410-412, Table, 403

sodium iodide, 401-404, 410, 411,
Table, 403

zinc cadmium sulfide, 207, 208, Table,
201

zinc sulfide activated with silver, 207,
Tables, 196, 201
Photoconductive-electroluminescent in-
tensification. See Solid-state x-ray
image intensification.
Photodisintegration, 86, 87-89
attenuation coefficient, 88, 89
energy transfer in, Table, 90
Photoelectric effect, 74-77
attenuation, 90-94
attenuation coefficient, 88-89
contribution to noise, 252
direction of ejected photoelectron, 77

INDEX

Photoelectric effect (continued)
energy transfer in, Table, 90
mass attenuation coefficient in nitro-
gen, 94
probability of occurrence, 75-77
Photofluorography, 375-380
film, 377-378
Photographic emulsions, 208-209, 210,
229
thickness, Table, 230
use in x-ray dosimetry, 399-401
Photographic x-ray film. See Radio-
graphic film.
Photomultiplier tubes, 402, 405-410
in scintillation spectrometers, 54
Photon, 11-12, Table, 12
Photon fluence, 151. See also Particle
fluence.
effect on image quality, 186-192
statistical fluctuations in, 186-192
Photon flux. See Photon fluence.
Photopic vision, 296
Phototimers, 146
Physical constants, Table, 404
Pickup tubes in television. See Image
Orthicon pickup tubes; Vidicon
pickup tubes.
Pinhole camera, use with x-ray tubes,
104-105
Plastic phosphors, in scintillation detec-
tors, 404, 411, Table, 403
Point spread function, 244
Poisson distribution, 187-189, 191
Polyenergetic (polychromatic) x-rays, 42
Positron, 12-13, Table, 12
Potter-Bucky, 264
Projectors, 370-371
Proton, 11-13, Table, 12
Pull-down time, 345-346
Pulse circuit, 408-410
Pulse height analyzer (discriminator),
54, 408-410

Quantum, 22
Quantum mottle, 249-251
Quantum sink, 302

in cinefluorography, 372-373
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Quantum sink (continued)
in fluoroscopy, 305, 307
with image intensification, 307
in photofluorographic systems, 378-
379
in radiography, 305
Quenching, 198

Radiation exposure
in cinefluorography, 374-375
dosimetry, 384-385
measurement by scintillation detec-
tors, 410-413
Radiative interactions, 26-33
Radioactivity, 15
Radiographic film, 208-239
base density, 227-229
characteristic curve,
218-221, 225-226
density, 209-229
developing, 234-237, 238, 239
film latitude, 217, 222
fixing, 234-237
fog, 227-229
gamma, 213-215
graininess, 238, 249-251
granularity, 238
physical properties, Table, 230
processing, 234-237, 238, 239
reciprocity law, 226-227
resolving power, 238-239
sensitivity to direct exposure, 225-226,
228, 229-231
sensitivity to screen exposure, 225-
226, 228, 231-234
sharpness, 238-239
speed, 222-225, 226
Radiographic mottle. See Mottle.
Rayproofing, 107
Recombination, 391
Resistors, 144, 145
Resolution, 185-186, 192-193
in cinefluorography, 362-364, 371-
374, Table, 363
components, Table, 288
effect of unsharpness, 283, 287
of eye, 296

209, 212-216,
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Resolution (continued)
in photofluorography, 376, 378
of screen-film systems, 241
in television chains, 326-328
of é(l-?ray image intensifier tubes, 315-

Resolving power. See Resolution.

Resonance absorption, 26

Retinal action time, 300

Reversal film, 366

rms potential, 152

Rontgen, Wilhelm Conrad, 1-6

Roentgen cinematography. See X-ray
cinematography.

Roentgen grids. See Grids.

Roentgen rays. See X-rays.

Rotating anodes. See under X-ray tubes.

Ruhmkorff induction cail, 1, 3, 129

Saturation voltage, in ionization cham-
bers, 391-392
Scatter. See Compton scattering; Scat-
tered radiation.
Scattered radiation
contribution to noise, 252-260
determination, 246
effect on contrast, 258, 260-263
in high energy radiography, 182
reduction by distance, 282
reduction by grids, 260, 263-282
Scattered-ray grids. See Grids.
Scintillation counters. See Scintillation
detectors.
Scintillation detectors, 401-413
Scintillation spectrometer, 54-57, 410
Scotopic vision, 294-301
Screen mottle, 249-251
Screens, 199-208, Table, 201
efficiency, 202-204
fluoroscopic screens, 206-207
intensification factor, 234
intensifier input screens, 208
intensifying screens, 204-206, 207
photofluorographic screens, 206-207
resolving power, 200, 202, Table, 201

speed, 200, 202
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Selenium rectifiers, 133
Self-rectified circuits, 130-131 .
Sensitometric curve, 209
Sensitometry, 208
Serial fluorography, 342
Serial radiography, 342
Shutter-closed time, 345, 346
Shutter-open time, 345, 346
Signal-to-noise ratio
of Image Orthicon tube, 326, 331
threshold, of human eye, 336
Silicon rectifiers, 133
Sine wave response.
transfer function.
Single-phase circuits, 130-131, 133-134,
139, 140
Sodium iodide, in scintillation detectors,
401-404, 410, 411, Table, 403
Soft tissues
attenuation in, 162-166
contrast, 176-183
densities, Table, 173
Solid state rectifiers, 132-133, 136
Solid-state x-ray image intensification,
334-336
Space charge, 121
Spectral distribution
for Bremsstrahlung, 29-31
effect of tube voltage on, 151-155
in tungsten, 37-38
Spectrometry. See X-ray spectrometry.
Spinning top, 147-149
Standard deviation, 189-190
Statistical fluctuations, 186-192
effect on image quality, 186-192
effect on radiographic image, 249
in fluoroscopy, 300-306
in radiography versus fluoroscopy,
302-305
in scotopic vision, 298-301
Step-down transformers, 128, 144
Stereo Dynamax, 122
Storage time of eye, 300
Synchronization in cinefluorography,
345-347
Switching tube circuits. See Dynapulse
circuits.

See Modulation

INDEX

Targets of x-ray tubes. See Anodes.
Television scanning, 326-328
Tenth-value layer, Table, 282
Tetrode, 142-143
Thermal-field (TF) emission, 124
Thermionic emission, 121-123
Thermionic rectifiers. See Vacuum tube
rectifiers.
Thimble ionization chambers, 394-399
Thomson effect, 72-74
attenuation coefficient, 88-89
contribution to noise, 252-253
energy transfer in, Table, 90
Thomson scattering of x-rays. See
Thomson effect.
Three-phase circuits, 134-139, 140
Threshold contrast. See Minimum per-
ceptible contrast.
Thyratron tubes
in cinefluorography, 344, 346, 347
in x-ray timers, 146, 147
Timers, 146-149
Transformers, 127-129
autotransformers, 128, 129, 146
Ruhmkorff induction coil, 129
step-down, 128, 144
two-winding, 128, 129
Transmittance, 209
Triplet production, 85-86
attenuation coefficient, 88, 89
energy transfer in, Table, 90
Tungsten
attenuation coefficient, 281
Bremsstrahlung in, 32, Table, 37
characteristic radiation energy in,
Table, 36
characteristic radiation intensities in,
Table, 37
energy spectrum in, 37-38

Uncertainty principle, 185-186
Units, Tables, 383, 404
barn, 84
candela, 294
cgs system, 8
electron volt, 9, 10, 23, 382
electrostatic unit of charge (esu), 8
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Units, (continued)
erg, 9, 23, 382
lambert, 294
lumen, 294
lux, 299
rad, 385, Table, 383
roentgen, 385, Table, 383
Unsharpness, 193, 283-291
components, Table, 288
determination, 246
film unsharpness, 287, 290, Table, 288
geometric unsharpness (penumbra),
101, 246, 283-287, 290, Table, 288
motion unsharpness, 246, 284-287
screen unsharpness, 287, 290, Table,
288
Uranium
attenuation coefficient, 281
in grids, 280
tenth-value layer, Table, 282

Vacuum tube rectifiers, 131, 132

Valve tubes. See Vacuum tube rectifiers.

Van de Graaff generator, 176

Video tape recording, in cinefluoro-
graphy, 367-370

Vidicon pickup tube, 322-326

combination with x-ray image intensi-

fier tube, 331-333, 337, 339

Vignetting, 349, 351-355

Visual acuity, 296-300

Voltage divider, 408, 409

Voltage ripple, 134-137, 139, 154

Voltmeters, 146, 152

Water

attenuation in, 93-94, 162-166

Bremsstrahlung in, 32

Compton effect in, 164, 165, 173

effective atomic number, 93, Table,
161

electron density, 93, Table, 161

electron range, 28

mass energy absorption coefficient,
386, Table, 387

photoelectric effect in, 164, 165
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Wave diffraction, 43-49
Wave interference, 43-49

White radiation. See Bremsstrahluna.
Work, 8-9

Xerography, 208
X-radiation efficiency. See Efficiency of
X-ray production.

X-radiation intensity. See Intensity.

X-ray cinematography, 341-375
direct, 342-343
indirect. See Cinefluorography.

X-ray circuits, 129-143, 144-146

X-ray diffraction, 49-54
by crystals, 51-54, 57-59, 61

X-ray diffraction gratings, 51-54

X-ray diffraction spectrometers, 50-54

X-ray energy spectrum. See Spectral

distribution.

X-ray film. See Radiographic film.

X-ray grids. See Grids.

X-ray image intensifies, 308-339
brightness (luminance) gain, 312-315
in cinefluorography, 348
Cinelix image intensifies, 320-322
conversion efficiency, 315
flux gain, 312-318
intensifier tubes, 309-320, 331-333,

Tables, 320, 338
light amplifier tubes, 320-322, 331-333
minification gain, 312-315
in photofluorography, 379-380
resolution, 315-317
scanning systems, 322-334
television, 322-334
two-stage intensifier tubes, 318-320,
Table, 320

X-ray intensity. See Intensity.

X-ray reflection, 4

X-ray screens. See Screens.

X-ray spectrometers, 38-40

X-ray spectrometry, 38-63
attenuation spectrometry, 39-42
diffraction spectrometry, 49-54
interference spectrometry, 49-54
scintillation spectrometry, 54-57

X-ray spectroscopy, 57-62
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X-ray tubes, 97-127
angulation of target, 103-104
anode damage, 102, 118
beryllium-window, 120-121, 183
in cinefluorography, 345
Coolidge tube, 98-99
cooling, 103-107
Dynamax “50,” 110, 114
energy ratings, 112-117
field-emission, 121-124
gas tubes, 98, 99
grid-control, 117, 119-121
heat dissipation in, 103-107, 112
heat storage capacities, 113-117
housing, 107, 111
for monochromatic (monoenergetic)

x-rays, 124, 127

INDEX

X-ray tubes (continued)

rating charts, 115-117

rotating anodes, 101-110

stationary anodes, 100-105, 120

stereo, 121-123

targets (anodes), 96-98, 100-110, 118,
120

use of pinhole camera with, 104-105

X-ray tube voltage

effect on x-ray energy spectrum, 151—
155
ratings, 107-117

X-rays

definition, 26

direction, 33

discovery, 1-6

distinction from gamma rays, 26





