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STELLINGEN

Nu door de ISO het gebruik van de grootheid exposie wordt ont-
raden, kan het diagnostisch röntgensysteem, zowei in technische
zin alsook voor aspecten van stralingsbescherming van de patient,
met voordeel worden beschreven met gebruik van de grootheid
energiefluentie.

2. Het bestrijden van strooistraling in het röntgenbeeld door een
stelsel van twee aan twee ten opzichte van het focus uitgelijnde en
voor en achter de patient aangebrachte spleten, in plaats van door
een achter de patient aangebracht rooster, biedt voor de signaal-
ruis verhouding in dit beeld geen wezenlijke verbetering.

3. Als men aanneemt dat schermloze film de verantwoorde keuze is
voor intraorale dentale radiografie, dan is het gebruik van een
röntgenbuisspanning van meer dan 70 kV niet optimaal voor de

detailzichtbaarheid en evenmin voor de stralingsbelasting van de
patient.

4. De stralenbescherming van de patient wordt vaak gediend door het
bedrijven van de röntgenbuis met een bij de gekozen spanning
maximaal instelbare stroom. Wettelijke maatregelen die leiden tot
beperking van de bundelstroom tijdens radioscopie zijn dan ook
minder gewenst.

5. Ten opzichte van de huidige generatie van röntgensystemen, mits
op de juiste wijze gebruikt, is van nieuwe generaties slechts een
beperkte verdere terugdringing van de stralenbelasting van de
patient per onderzoek te verwachten.
Terugdringing met een factor 20 - 40, zoals mogelijk geacht door
Wagner en Jennings, is dan ook rijkelijk optimistisch.
(R.F. Wagner, R.J. Jennings, SPIE publication 206,1979, p. 60.)



6. De samenhang in de eisen voor bescherming tegen straling uit
diagnostische röntgensystemen die thans door de Internationale
Electrotechnische Commissie als standaard worden voorgesteld
zou verbeteren als in dit voorstel kon worden teruggegrepen op
wetenschappelijk gefundeerde regels voor optimale beeldvorming
in röntgensystemen.
(Draft IEC Standard on protection against ionizing radiation for diagnostic
X-ray equipment, 10 - 400 kV, circulating as IEC 62B (seer.) 81.)

7. De visuele indruk van een ter analyse aangeboden beeld is aange-
naam als de ruis en de onscherpte beide juist waarneembaar zijn en
als de heiderheidsomvang beperkt blijft tot een factor 30.
Met behulp van digitale beeldbewerking kan doorgaans aan deze
eisen gemakkelijk worden voldaan.

8. Voor medische afbeeldingstechnieken worden verschillende golf-
verschijnselen benut, hoewel de golflengte van de straling die voor
kernspinresonantiebeelden wordt gebruikt circa 10l2maal zo
groot is dan die van röntgenstraling en circa 10s maal zo groot als
die van de straling voor ultrageluidsbeelden, is de praktisch haal-
bare resolutie van de kernspinresonantiebeelden minstens gelijk
aan die van de beide andere technieken.

9. Internationale standaardisatie van de lay-out van digitaal
opgeslagen medische beelden is urgent.

10. In het Christelijk geloof is er hoop op olie.

11. Huisvrouwen zijn niet arbeidsongeschikt.
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1. INTRODUCTION

X-radiation is used extensively to obtain medica! diagnostic images.
These images are records of the spatial distribution of the interaction of
X-radiation with the object. The object is part of the human body,
possibly together with a contrast medium that is administered for the
purpose. Often the image conditions and procedures are adapted to the
diagnostic problem at hand. As a consequence the images are obtained
often with the use of equipment that is designed to be especially
suitable for such problems.

This thesis will deal with a physical description of the image formation
in X-ray systems as well as with an analysis of the optimisation of
such systems.
With regard to the description of image formation, the discussion will
be addressing static radiographic shadow image X-ray equipment.
It is important to realize that, although there are many other classes of
X-ray imaging systems such as those for fluoroscopy, tomography and
computerised tomography, the static radiographic shadow image X-ray
equipment remains of outstanding importance. Moreover, many of the
aspects that will be discussed are common to each of the classes of
X-ray systems mentioned.

With regard to the optimisation it will be necessary to develop criteria
that take into account all relevant physical phenomena, not only those
that relate to properties of the image, but also the radiation exposure of
the patient.

It is the aim of this work to develop such criteria and to apply them to
X-ray systems so that the optimal system is described in technical
terms. When proved valid, such a technical description should be of
considerable value to the designer of X-ray equipment, especially when
he has the task to design systems for new diagnostic problems with
which no applicatory experience exists.



PARTI A MODEL FOR THE IMAGE FORMATION IN X-RAY
SYSTEMS

2. ENERGY TRANSFER; GENERATION AND ATTENUATION
OF PRIMARY RADIATION

2.1 Introduction

The description of the energy transfer as given in this and in the follow-
ing chapters will finally result in a set of expressions describing the
energy density in the image receptor input screen as a function of the
variables of the X-ray system.
Formulation of these relations using the quantity exposure with its unit
röntgen (R) would fall in line with the present practice of most techni-
cal literature on X-ray systems. However, such use needlessly compli-
cates the description of the energy transfer. Exposure carries in its
definition the interaction coefficient of X-radiation with air, which
depends strongly on quantum energy.
Use of the quantity energy fluence simplifies the discussion considerably
as will be shown below. The energy fluence of the X-radiation is
defined by the ICRU, (ICRU, 1980). It is the radiant energy incident on
a sphere of unit cross-sectional area. Energy fluence is denoted by the
ICRU with a capital letter * . This convention will be followed in this
thesis.

2.2 Conceptual basis for the model description

In X-ray tubes used in medical diagnosis, X-radiation is generated
usually by electrons accelerated by a potential difference of several
tens of kilovofts that are bombarding a thick target, fully absorbing the
electrons. For such situations, the energy fluence of the emitted X-ray
quanta is described already in 1923 by Kramers with a very simple and
yet reasonably accurate relation. In its differential form this relation is:

2A _ .. E. .
dE d f

2 ' T l rr

E is the quantum energy, T is the maximum value of E, also equal to the
energy of the electrons that hit the anode of the X-ray tube, so that the



X-ray tube voltage V t = T/e, e being the charge of the electron.
is the spectral density of the energy f luencs spectrum, d is the distance
from the focus to the plane where d^/dE is defined, J tin- is the
electrical charge transferred to the anode by the electron current and A
is a proportionality constant that still depends on the anode material.
The attenuation coefficients of the elements, and hence those of the
materials through which the X-ray beam passes, such as filters and the
object, given the elemental composition of these materials, usually are
available, e.g. Hubbel, 1969.
The problem of finding the energy f luence of filtered X-radiation from
sources with a thick target can therefore be solved by numerical integra-
tion over the quantum energy of the spectral density as attenuated in
the filter. In formula:

* = ST — exp j - 2 Mj(E) Xj j dE 2.2.2

(In eq. 2.2.2 summation is over all absorbers in the X-ray beam,
weighted with their attenuation coefficient n and their thickness x.
In subsequent expressions where this same summation occurs, the sub-
scripts will be dropped.)

For the image formation model, the use of this integration procedure
will not be used. One reason is that there is some doubt on the accuracy
of Kramers approximation (Soole, 1977). This matter will be taken up
again later in this paragraph. A second reason is that the description
that is required should provide not only sufficient accuracy but also a
global insight in the attenuation process. From an engineering point of
view it is interesting to be able to establish an insight in the effects of
changing the system design, e.g. changing the tube voltage or the :J
amount of filtration. A third reason is that an adequate description can >
in fact be obtained. This description can be characterised as an
alternative to eq. 2.2.2 in the form of a closed expression.

Characteristic quantities

By introduction of an approximate description of the attenuation
coefficient for each material in the X-ray beam, eq. 2.2.2 can be re- ;
modelled to show that the energy f luence ty depends only on some I
simple characteristic quantities. *

\



In the energy region of interest in diagnostic imaging, photo-electric
effect and scattering dominate the behaviour of the attenuation
coefficient.
For all absorbers, the photo effect depends roughly on the inverse third
power of the quantum energy. Absorption 'edges' disturb this behaviour
but for most materials in diagnostic X-ray beams (except for some
image receptors, see chapter 5), these absorption edges lie below the
cut off point of the attenuated X-ray spectrum. Barium and iodine, in a
non toxic chemical form often used as contrast medium and then
swallowed by or injected into the patient, have a K edge that also is
usually below the attenuated X-ray spectrum for tube voltages of 55 kV
and above.
The scattering coefficient depends only weakly on quantum energy.
The difference in behaviour of the plots of attenuation coefficient
versus quantum energy of different materials largely arises only from
differences in the relative magnitude of photo effect and scattering
coefficients.
It is therefore possible, as already suggested by Joseph (1975), to
approximate the attenuation coefficient M of each material in the X-ray
beam, including the patient, by

JU = t + s 2.2.3a

in which s and t are partial attenuation coefficients that behave roughly
as the photo effect and the scattering coefficients. These partial
coefficients are mathematical concepts that by definition are given by
the relations

s = constant 2.2.3b

and f

tE = tT {y )" 2 ' 7 5 2.2.3c

tT is the value of t assumed at quantum energy T. For the exponent a
value —2.75 is chosen as this gives the best possibility of fitting the
approximations 2.2.3 to published values. .
Fig. 2.1 shows the quality of the fit that is obtained for some typical. ;
materials. Table I lists values of s and t 1 0 0 for a number of such .*
materials. |
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With eq. 2.2.1 and eq. 2.2.3, eq. 2.2.2 can be replaced by

* =JT JVAT^expi-Ssx)/1 {1-y)exp|-2tTx (JL)0'275

2.2.4
or

J exp (-2sx) F j S t T x j 2.2.5

The integral in eq. 2.2.4 is a function of 2 tT x only. This function,
F p tT x | is the attenuation function for cases where 2 s x < < 1.
The first interesting aspect of eq. 2.2.5 is that 2 s x and 2 tT x are
simple dimensionless quantities that can in principle be obtained for
each filter, each patient and each other object of not too high atomic
number, from its composition, its thickness and the X-ray tube voltage.
The second interesting aspect about eq. 2.2.5 is that it defines the
general shape of the attenuation curve for every absorber or combina-
tion of absorbers.

There are two problems with the use of eq. 2.2.5.
First of all there is some doubt on the validity of Kramers formula.
Of course, for eq. 2.2.5 to hold it is not necessary to assume that eq.
2.2.1 is valid. Any other relation in which d^/dE is a function of T and
E/T only, leads in the approximation of eq. 2.2.3 to a relation that has
the same characteristic quantities as eq. 2.2.5, albeit that the value of
the exponent of T and the definition of F will be different.
Soole (1977) shows that indeed an accurate matching to attenuation
curves published by Thoraeus (1940) is possible only when the original
spectrum is assumed to deviate from the shape given by eq. 2.2.1. On
the other hand Sooles results confirm to a fair degree that d^/dE is
related only to T and E/T as required above. (Sooles main result is the
description of the functional relation to E/T of the normalised cross
section of radiative interaction of the electrons with the anode. In
Kramers approximation this cross section is constant. In Sooles work, it
turns out to be a rather pronounced function of E/T that is roughly
identical for all values of T between 40 and 150 kV. d^/dE follows by
integration, and depends then, as required for the validity of eq. 2.2.5,
largely only on T and E/T).
The second problem with eq. 2.2.5 is that it does not account for the



distortion of the spectrum caused by self absorption in the anode of the
X-ray tube. Eq. 2.2.5 will hold only when this distortion leads to con-
gruent spectra for all tube voltages. In reality this is only approximately
true. Roughly speaking, the electron range increases as T2 and the
attenuation coefficient decreases as T ~2-75 , so that the net self absorp-
tion is governed by a relatively low power of T (T"0 7 S ) . Although the
self absorption also depends on the value of the anode angle, the
indicated approximate congruency will hold for any value of this anode
angle.

With mentioning these problems, it becomes clear that eq. 2.2.5 is of
approximate nature. Experimental work is necessary to show that the
function F j s tT x j will be independent of the X-ray tube voltage and
the filter material used and when so, the function has to be fitted to
experimental data. The same holds for the value of the exponent of T
given in eq. 2.2.3c. Some relevant experimental data are presented
below.

2.3 Experimental results

The experimental work described in this paragraph is one of the corner-
stones of this thesis.
This work, regarding the attenuation of X-radiation, originates entirely
from Proper (1975), who introduced the use of an energy fluence
detector in our laboratory and demonstrated the existence of a
universal shape of the energy fluence attenuation curves. He also noted
the beautiful simplicity of the behaviour of this family of attenuation ^
curves. The mathematical relation that shows this simplicity and that
gives an excellent f i t to the experimental data for the attenuation factor
F can be described as ,

l n F = -3.2 ( 2 t T x)0 '6 3 -0.3 2.3.1 '[•

Fig. 2.2 shows this equation together with some experimental points
(cases where 2 s x < < 1); aluminium at 29.5 kV, copper at 66 kV and
molybdenum at 101 kV.
Details on the experimental conditions are presented in chapter 4. The
obtained experimental accuracy is estimated at 20%. Fig. 2.2 shows
that the deviations between experiment and eq. 2.3.1 are within this
experimental accuracy. Note that the description of eq. 2.3.1 holds <;,



over almost three decades for F or for all values 0.02 < 2 t T x < 2.6.
The anode angle of the experimental tube was 15°. Most diagnostic
X-ray tubes have anode angles that are smaller and range between 7°
and 12°. The slope of the attenuation curve wil l depend to a marginal
extent on the anode angle. No attempt is made to make this effect
visible in eq. 2.3.1.
Eq. 2.3.1 does not describe the experiment for very small values of
t T x (tT x < 0.02). A constant with a value 0.3 is added to obtain the
fi t to the experimental values for tT x > 0.02. This irregular behaviour
of the attenuation curve is related to the presence of tungsten L-radia-
tion in very weakly filtered spectra (tT x - 0.02 corresponds to about
1 mm Al at 75 kV).
Joseph (1975) has obtained an equation that is conceptually equal to
eq. 2.3.1. However, his equation does net give the same useful simplic-
ity after differentiation. Moreover it is not as accurate as our approxi-
mation. Josephs equation is constructed to match to the integral
defined in eq. 2.2.4, but the match of the solution of this integral to
the experiments is not entirely satisfactory. To show this, fig. 2.2
displays as a hatched line the attenuation curve obtained by numerical
calculation of eq. 2.2.4 and an assumed (best fit) anode self absorption

(lT x)anode = ° 0 ° 8 -

The dependance of the energy fluence of weakly filtered X-radiation on
the X-ray tube voltage is obtained by fitting experimental data of
Diebels and Timmer (1978) with eq. 2.2.5, substituting for the factor A
the relation \

A =3.6 10'4 ( - ^ - ) 0 1 nJ/mAskeV2 (Tin keV) 2.3.2

The experimental data and eq. 2.3.2 are compared in fig. 2.3. The f i t is
seen to be very satisfactory. The experimental error is estimated at
± 10%.
Combination of eq. 2.2.5, 2.3.1 and 2.3.2 gives

3 6 Ü ü x { _ I _ ) 2 . i exp j-3.2 (2 t T x ) 0 6 3 -Ssx{ 2.3.3

J t i r r in mAs, d f in m, T in keV and * in nJ/mm2. This last equation
as well as eqs. 2.3.1 and 2.3.2 are based on experiments in which the
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X-ray tube was operated at constant potential. For other potential wave
forms these equations will not hold. This case will be taken up in
appendix B.

2.4 Some consequences derived from the attenuation equation

From the attenuation equation, eq. 2,3.1, a number of useful relations
can be derived. They will be presented here, partly just to demonstrate
the inherent simplicity of this equation, partly because of later use in
this work. These relations will reappear in appendix A, where they
are used to obtain a basis for an orderly set of conditions for X-ray
beams useful for testing purposes.

Effective attenuation coefficient

When the j t n component of a filter can be varied without changing the
other components, the effective attenuation coefficient for this
component can be obtained by differentiation of eq. 2.3.1 to the
thickness x of this component

Meff | = 2.0 (2 t T x) • ° '3 7 tT j + Sj 2.4.1

When the filter consists of one material only, and for cases where
s < < t T , this equation can be rewritten as

t e f f x = 2.0 <tT x ) 0 6 3 2.4.2

This last equation defines te f f , the effective attenuation coefficient for
cases of small s.

Effective quantum energy

A further important equation is obtained after division of eq. 2.4.2 by
t T x:

- 2.0 (tT x) " °'37 2.4.3

I,

10
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Energy fluence of unattenuated X-radiation versus X-ray tube
voltage V.
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Solid line: * 0 = 3 6 ( ^ ) nJ/mAs mm2 at 1m (eq. 2.3.2).
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Data points: O measured in unattenuated X-ray beams

+ calculated with eq. 2.3.1 from energy fluence
measurements in X-ray beams filtered with
tTx»«0.15

X idem but tTx«= 1.5.
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With eq. 2.2.3, this can be rewritten as

Ëef f n is
= 0.78 ( t T x)0>13 2.4.4

Eeff is the hardness equivalent effective quantum energy. In this form,
the equation shows that the ratio of this effective quantum energy and
the tube voltage is defined by the quantity t T x.

Spectral distribution

In terms of the spectral distribution of the radiation, eq. 2.4.3 or 2.4.4
express the fact that the relative width of the spectrum is invariant with
the X-ray tube voltage when t T x remains constant. Fig. 2.4 compares
X-ray spectra obtained experimentally at different tube voltages but
with a constant value t T x = 0.15. Fig. 2.5 does the same for t T x = 1.5.
In each set, the spectra are closely identical in shape, with exception of
the tungsten K- escape peaks that appear in some of the spectra. As the
energy in the escape peaks is only a few percent of the total energy in
the spectrum, the presence of the escape peaks will not noticeably in-
fluence the shape of the attenuation curve. The data of fig. 2.2 confirm
this. Soole (1977) reaches the same conclusion based on his inspection
of exposure attenuation curves.
The spectra of fig. 2.4 and 2.5 approximately have the shape of a half
cosine wave centred around the value Eeff

dN E ' E e f f

= cos 1 n ( — — ) (2 Ee f f - T < E < T ) 2.4.5
at l - teff

dN/dE is the number density of quanta per unit energy interval. |
This shape is shown in fig. 2.4 and 2.5 for comparison. The f i t in ;'
fig. 2.5 is reasonable, in fig. 2.4 fair. Spectra having the shape of
eq. 2.4.5 will have a full width at half maximum

FWHM = 1.33 (T - Eef f) 2.4.6

With help of eq. 2.4.5 and 2.4.6 our spectrometric results can be
compared with X-ray spectra of heavily filtered radiation published by ;
the ISO (1979). This is done in table II by listing Eeff and FWHM of .

12
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Figure 2.4. Experimental X-ray spectra of lightly filtered radiation

V t =135kV
97
63
64
35

filter = 1.2
0.5
0.15
4.0
1.0

mm Cu
Cu
Cu
Al
Al

t T x=0.17
0.17
0.17
0.12
0.16

The spectral density is given in keV 1 mAs ' sr 1

The heavy solid line is the approximated spectral density according
to eq. 2.4.5 for t j x = 0.15.
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spectra as displayed by the ESO and as calculated from eq. 2.4.4 and
2.4.6. The comparison shows that for not too lightly filtered radiation,
the calculated results are useful f or characterisation of the X-ray spectra.

Effective quantum density

A final result that can be obtained in this approximation is the effective
quantum density Neff, which is defined here as

N e f f = 6.2 106 (^ in nJ/mm2, Eeff in keV, Nef f in mm"2)
E e f f 2.4.7

This quantity is of use in chapter 7, where the noise in the image
receptor is described.

2.5 Discussion

The experimental material collected and discussed in this chapter allows
a rapid determination of essential characteristics of the primary X-radia-
tion from the X-ray tube voltage, the filter composition (and hence its
attenuation coefficients) and its thickness.
These characteristics are the energy fluence attenuation coefficient
Meff ' t n e effective quantum energy Eeff and the effective quantum
density Neff. The obtained relations provide a language that will be
used in further chapters of this thesis and that will allow short ex-
pressions for still other properties of the X-ray beam.

14
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Figure 2.5. Experimental X-ray spectra of heavily filtered radiation.

V t = 147 kV
89
60
61
57
35

fitter = 4.04 mm
1.18
0.39
1.20
4.3
1.08

Mo
Mo
Mo
Cu
Al
Al

t T x = 1.40
1.63
1.59
1.50
1.49
1.43

.1:

The heavy solid line is the approximated spectral density according
to eq. 2.4.5 for t T x = 1.50.
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3. ENERGY TRANSFER; SCATTERED RADIATION, ANTI
SCATTER GRIDS AND RADIATION CONTRAST

3.1 Introduction

In X-ray imaging, the patient is the most prevalent source of scattered
radiation. Usually a considerable fraction of the energy detected is due
to this scattered radiation. Almost always an anti scatter grid is placed
in the X-ray beam between patient and detector in order to reduce the
scatter and increase the contrast in the image. Many publications exist
describing the effect of such anti scatter grids. Among these, some are
dealing more especially with the optimum design of grids (Reiss 1973,
Hondius Boldingh 1961, Strid 1969). As a result of the work of these
authors, todays grids are of careful design.
Most of the grids are built as a package of lead lamellae, interspaced
with some suitable material, transparent to the X-radiation. The trans-
mission for primary radiation is maximised by orientating all lamellae
so that they run parallel to the directions of this radiation. The ratio of
the grid, i.e. the quotient of lamella height and interspace width, is a
prime factor in its effectiveness. A value of this ratio much above 10 is
not allowed in the usual X-ray system where the distance from the focal
spot to the fi lm is adjustable within a certain range. The grid orienta-
tion for such high ratios would be too critical to be reconcilable with
this distance range. As a result, the grid effectiveness is limited and a
considerable amount of scattered radiation reaches the image receptor
also in X-ray systems where anti scatter grids are employed.
For calculation of the energy transfer in the X-ray system, it therefore
has to be known how large the contribution of the scattered radiation is
and how it relates to the various system parameters. Tube voltage, field
size, patient thickness and composition are likely to play a major role.
The elementary processes that participate in the total scattering are well
known. A summary of these processes is given by Fano e.a. (1959).
For quantum energies in diagnostic radiology, scattering occurs almost
exclusively at the atomic electrons. At large scattering angles, inelastic
(Compton) scatter predominates. At low quantum energies in this
scattering process the energy loss of the quanta becomes small and this
process can be described as elastic (Thomson) scattering. The term
Compton scatter will be used to describe both processes (Hubbel,
1969). At low scattering angles, the energy loss of the quanta is small
also.
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Constructive interference of the coherent contribution of many
electrons boosts the probability of small angle scattering. The effect is
called Rayleigh scattering.
In the realistic case of a thick scattering object, the net production of
scattered radiation that emerges at the rear side of the object is the
result of multiple occurrence of the elementary processes.

Strict calculation of the energy of scattered radiation that will be
detected, starting from available physical scattering laws, requires
lengthy computer calculations. Reiss (1973) and Kalender (1981) use
Monte Carlo computer techniques to obtain this type of data. The
present purpose demands an approximate approach that offers insight
in the situation and that predicts the scatter contribution as a function
of the relevant X-ray system parameters. Such an approximation will be
presented below.
The approximation regards the relative contribution to the scattered
energy density detected in the axial point of the X-ray field when the
scattering body is a homogeneous flat layer of material of which the
absorption properties approximate those of water. The lateral
dimensions of the scattering body are assumed to be larger than the size
of the X-ray field. The X-ray beam is passing centrally through the
scattering body; the flat faces of the body and the plane of the fi lm are
parallel and perpendicular to the X-ray beam axis. No appreciable
prefiltering of the X-ray beam other than the usual 2.5 mm Al is
provided.
The approximation is based mainly on experimental observations of
Diebels and Timmer (1978), of Stargardt and Angerstein (1975) and of
Strid (1976), completed with arguments derived from others as cited in
the text and from some new experimental data of ourselves.

3.2 Formalism for the model description

The desired parameters are the energy f luence of primary and of
scattered radiation behind the anti scatter grid. We will look for formal
expressions for these parameters and compare the results to experimen-
tal results of Diebels and Timmer (1978) and of Stargardt and
Angerstein (1975) and to our own results. All these experiments are
described in chapter 4. The formalism that is developed in the following
makes use of some geometric and X-ray beam parameters that are
summarised in fig. 3.1 and 3.2
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In fig. 3.1b R is the X-ray field radius, measured in the rear plane of the
object. In fig. 3.1d, d is a coordinate that has its origin in the plane of
the scattering object that is nearest to the X-ray source.
In fig. 3.1b, some X-ray beam parameters are shown, typ, tys, * c and
* R are the energy fluence of primary radiation (P), scatter radiation (S)
and that divided again in Compton scattered radiation (C) and Rayleigh
scattered radiation (R). No anti scatter grid is present.
The primed symbols represent the same quantities when a grid is
present, fig. 3.1c. The double primed symbols in fig. 3.1d are intro-
duced in chapter 5. They represent the beam quantities after passage of
the image receptor.
The energy density absorbed in the image receptor is denoted with the
symbol I , subscripted when a distinction is made to the kind of radia-
tion that contributes. Sometimes, it is indicated in brackets behind the
symbols ty at which value of the coordinate d the energy f luence is
described.
In fig. 3.2 the geometric properties of the anti scatter grid are intro-
duced. The ratio r of the grid is the ratio between the lamella height X|
and the distance z\\ between the lamellae.

3.3 Spectral, spatial and angular distribution; Compton and Rayleigh
scattering

Without relying on our own experiments, some formal assumptions can
be inferred from the literature. These will be used in paragraph 3.3 to
3.10 for the construction of equations that approximate the contribu-
tion of scattered radiation to the energy density absorbed in the image
receptor.

a) Spectral distribution of the scattered radiation |
'T
-!

Bjarngard and Ettinger (1961) have measured the spectra of scattered
radiation behind slabs of water irradiated with a wide beam. For a tube
voltage of 100 kV and for 20 cm water, they observe a mean energy of
primary and scattered radiation of 67 and 55 keV. Castle (1977)
observes that such a difference can lead to differences in the energy
f luence detection efficiency of the image receptor for primary and
scattered radiation by a factor between 1 and 1.4.
To simplify the discussion in this chapter, the assumption will be made A
that the primary and scattered radiation spectra are identical. As the "•
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Figure 3.1. Definition of some geometric and some X-ray beam parameters.
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energy fluence of scattered radiation will be estimated from experi-
ments using the response of a CaW04 detector, this estimate will be in
error by the factor mentioned above from Castles work. For a CaW04
image receptor that is identical to the detector, the error of course will
cancel out exactly. For other image receptors, some usually small net
error in the calculated value of the signal from scattered radiation wil l
remain. This error will be neglected.

b) Detection efficiency for obliquely incident radiation

For monoenergetic radiation, with quantum energy E, the energy
fluence detection efficiency for perpendicularly incident radiation is
given by

= 1 -exp j-pij (E)

in which xf is the thickness of the radiation absorbing layer of the
image receptor and n\ is its absorption coefficient. For radiation
incident at an angle <p, the detection efficiency becomes

„ = 1-exp (-/«i *,

On the other hand, when this incident radiation has an energy fluence
^E,<p' '* w ' " cause an incident energy density in the plane of the image
receptor equal to * ^ ^ cos </>. For thin detectors (//j Xj < < 1}, the
detected energy density is therefore simply given by

!E.</>= * E , 0 C0SV E D E 0 = *E,</> E D E 1 3 - 3 - 1

This remark is also made by Strid (1976). ,
Kalender (1981) shows with a Monte Carlo method that in a CaWC>4 j
screen the fraction of the response due to scattered radiation is in-
dependant of the screen thickness for screen thicknesses below
80 mg/cm2 and decreases slowly for larger values of the screen
thickness.
Application of eq. 3.3.1 to the case of scattered radiation and integra-
tion over all angles and all quantum energies gives the total detected
energy density from scattered radiation as •

i s = * s EDEX 3.3.2 I
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In this equation EDEj^ now is the energy fluence detection efficiency
for the spectrally distributed radiation. The angular distribution of the
incident radiation turns out to be irrelevant. Moreover, making use of
the assumed identity between the spectra of scattered and primary
radiation (assumption a), the relation shows that the image receptor has
an efficiency for primary radiation that equals that for scattered
radiation.
For the case of a Siemens SAPHIR universal screen (CaW04 scintilla-
tor), CURIX RPI f i lm, 90 kV X-ray tube voltage and 200 mm water
object, Strid observes that the detection efficiency decreases somewhat
when the angle of incidence of the X-ray beam changes from 0° to 70°;
the factor of decrease is only 1.25.
We will assume that eq. 3.3.2 holds for scattered radiation for all tube
voltages, field sizes and object thicknesses.

c) Spatial distribution of the scattered radiation

Van Senden (1973) has observed the absorbed energy density in a
screen fi lm system when this was irradiated through a flat object of
hard paper and was placed close to the surface of this object. The result
shows a decrease towards the edges of the field, in particular in the case
of large fields. However, the decrease is not very pronounced. In the
case of an X-ray field of 20 x 20 cm2 , an object of 20 x 20 x 10 cm3 of
hard paper an X-ray source at 1.10 m distance, a tube voltage of 80 kV
and an object to image receptor distance of 40 mm, the absorbed energy
density near the edge of the (primary) X-ray-field is 60% of the value at
the centre and drops to zero gradually outside the X-ray-field. The drop
in the energy density within the field is for a small part due to the
divergence of the X-ray beam and for the remainder due to a decrease
in the scattered radiation fraction.
We will assume that the spatial distribution of the energy fluence of the
scattered radiation at the rear surface of the nearby scattering object
does not depend on the location for all points within the X-ray field
and is zero outside the X-ray field. For very large details, especially
when situated near the image receptor, spatial homogeneity of the
scattered radiation no longer is a valid assumption.
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d) Equivalent square fields

The experiments of Stargardt and Angerstein (1975), Diebels and
Timmer (1978) as well as ours on the contribution of scattered radia-
tion are performed on square fields. To obtain estimates for the case of
rectangular fields, use is made of data of Worthley (1966) on equiva-
lence between X-ray field sizes with regard to the "central axis percent-
age depth dose". This parameter is of importance in radiation therapy.
It is governed by the relative intensity of the scattered radiation at the
beam axis.
For a large range of (therapy) qualities of X-radiation, it was observed
that, within 10%, the equivalent square field dimension z is given as

Z1 + Z2

in which z^ and Z2 are the sides of the rectangular field.
In the next paragraph of this work, some integrations are based on a
circular field with radius R. For rectangular fields, in analogy with
Worthley's results a value for the radius of the X-ray field will be taken
that equals:

2 zy z2

R = — 3.3.3
V it (2 1 + z2)

e) Angular distribution of the scattered radiation

When the radiation that is emitted from a surface element dO of a
radiating object at an angle </> has a radiance L(<p), it will contribute to
the energy f luence at a point that has a distance r to dO by an amount

, that is per definition equal to

cos 0 dO
jS t i r r 3.3.4

in which <p is the angle by which the surface element dO is seen and t i r r

is the irradiation time. The concept radiance is used here as it is well

23



known and as no term is available for its time integral.
Strid (1976) has measured the way in which L(<̂ ) depends on <p for the
case of scattered radiation from the axial point of the rear surface of a
water filled object of 20 cm, irridiated with X-radiation generated at
90 kV. His results are depicted in fig. 3.3.
In this figure it is shown that the angular dependance can be described
rather adequately for all angles used in the experiment as

L(0) t j r r = — *s(dD)cos</> 3.3.5
it r

in which * s (dp) is the integral of L(^) over all angles, representing
therefore the energy fluence immediately behind the scattering object.
We will assume that eq. 3.3.5 holds for every tube voltage and for the
entire rear surface of every irradiated object of interest in diagnostic
radiology.

Eq. 3.3.5 is not sufficient to explain the high level of the energy fluence
of scattered radiation at large distance from the scattering object as
observed in the experiments of Stargardt and Angerstein (1975). This
level evidently is caused by scattered radiation leaving the object at
small angles to the primary beam. Such radiation will have remained un-
noticed in the range of observation angles in the experiment of Strid
(1976). Per consequence, although eq. 3.3.5 can be used as a descrip-
tion of the angular distribution of scattered radiation at large angles, a
second, low scatter angle contribution has to be added. For this contri-
bution, single Rayleigh scattered radiation provides a logical explana-
tion as will be discussed next. The distribution of eq. 3.3.5 will conse-
quently in the following be regarded as Compton scattering.

f) The contribution of single Rayleigh scattered radiation

Rayleigh scattering is not often considered separately in treatments on
the present problem (Kalender is aware of the Rayleigh scattering, but
in his computation he uses a single scattering coefficient that is the sum
of Rayleigh and Compton coefficients). A simple calculation will show
that single Rayleigh scattered primary quanta can contribute signifi-
cantly to the detected energy density.
As Rayleigh scattering occurs predominantly at very low scattering
angles, the scattered quanta have about the same path length in the
object as the primary quanta from which they originate would still have
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Figure 11.5 Optimum X-ray tube voltage for some detail types, shown as
function of the thickness of the patient.

Solid lines: ace. to eq. 11.9.6

Hatched line: derived from fig. 12.2, angiografin details,
computer calculation results.

All cases are for details immersed in water.
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Figure 7.3 DQE/EDE shown as function of the relative position in the
X-ray spectrum of the K-binding energy of the image receptor.

Values are calculated by numerical integration of eq. 7.5.2 for
cosine shaped X-ray spectra.
Parameters are the object filter value t-j-pxp and the filter value
above the K-edge of the image receptor, t j jX j |H .

The hatched curve shows for one case the result of neglecting
escape of characteristic radiation.
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Figure 3.3. Angular distribution of the luminance L of single Rayleigh and
multiple Compton scattering.

The function 2JTL sin <p is displayed for both cases. This function
shows the total radiant energy scattered at an angle *p to the
normal, integrated overall azimuth angles.
For Compton scattering.' — — experimental values of Strid

(1976), 90 kV, 20 cm water

For Rayleigh scattering:

L c = - c o s *

Hubbel (1969), theoretical,
40 keV in carbon

L R = 02 cos f
2JT i \B
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had. At a depth d, per path length 5d, the primary radiation with
quantum energy E and with energy fluence typ e will give rise to new
Rayleign scattered quanta with energy fluence S * R E , described by

aR is the linear interaction coefficient for Rayleigh scattering, So,
behind an object with thickness x p extending from d = 0 to d = d p , the
total energy fluence of singly Rayleigh scattered quanta that is emitted
is

6d 3.3.7

The last factor in the integrand accounts for the attenuation of the
quanta that were generated at a depth d p - d from the rear surface.
The equation can easily be rewritten as

* R , E <dp> = ^ P . E < V aR XP 3-3-8

When the variation of the Rayleigh coefficient with the quantum energy
within the total spectrum is neglected, the equation holds for the total
energy fluence and can be written as

= Oa XD 3.3.9
R p(dp)

oR is of the order of 1 -3.10"3 mm"1 for water at quantum energies in
the diagnostic range.
The angular distribution of the single Rayleigh scattered quanta centers
around the direction of the primary beam and therefore diverges with
the primary beam. Data on the angular distribution around the direction
of the primaries are given by Hubbel (1969) for some materials including
carbon. These data are reproduced herein fig. 3.3.
The mean scattering angle is quite small. At not too large distance d p i

between scattering object and image receptor, the energy fluence * R

will be contained almost fully within the X-ray field. At larger d p j the
spreading of # R to regions outside the X-ray field is not negligible.
A formal analysis of the influence of this distance will not be presented
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for the Rayleigh scattering. In the next section such an analysis will be
given for the Compton scattering. In analogy with that analysis it will
be assumed that the effect is governed by some low power eR of the
sine of the angle of view $m (see eq. 3.5.8 and fig. 3.8). This leads to

3.3.,0
* p (dj)

All assumptions a to f made above are reasonable but are not very well
proven. They are made plausible from cited observations. Sometimes
they deviate in detail from these observations. Yet, this loose basis is
not a methodological fault; the results that will be obtained will be
merely a description of experimental results. The assumptions therefore
have a formal meaning only. They provide the way to construct the
desired equations that formulate the influence of the many parameters
that play a role in the relative intensity of the scattered radiation.
All equations that will be derived will be compared with experimental
data.

3.4 The effect of distance between scattering object and image
receptor

As a first part of the analysis, the case without grid will be considered.
We are looking for an expression for \^c(dj), the contribution of
Compton scatter radiation to the energy f luence in the image receptor
plane.
The relative simplicity of the case will allow us to obtain as a separate
factor the energy f luence of Compton scattered radiation immediately
behind the scattering object, * c ( d p ) . This factor will be discussed in
paragraph 3.5.

An expression for the relation between ^ c ( d p ) and ^ c (d j ) can be
obtained readily by integration using the assumptions c and e.
Fig. 3.4 explains the symbols that are used. A circular field is pre-
supposed. Assumption d in paragraph 3.3 can be used for other fields.
The contribution 8 ^ c (d j ) from a surface element 5 O within the
X-ray field is
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L c t i r r c o s < p L c t i r r c o s 3 *

Integration over the entire X-ray field gives

R

is defined from the (effective) radius of the X-ray field R as

3.4.2

t9 *™ = T~ 3 A 3
P"

With assumptions c and e (eq. 3.3.5), eqs. 3.4.1 and 3.4.2 are solved as

* c (d,J = * c (dp) sin2 ^ m 3.4.4

The experimental results are available as values of the ratio I s / I p .
With assumption b, these experimental values will equal

is

This ratio will be interpreted as the sum of two terms, of which one is
regarded as the Compton scattering, obeying eq. 3.4.4 and the other is a
corrective term, that is given the shape of the right hand side of eq.
3.3.10

(dj ) * c (d j )
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Figure 3.4. Schematic representation of the situation at the rear surface of the
scattering object.
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The Compton term can be wri t ten as

# „ (d:) ^ ^ (d„) d
*m ( , f ' - ) 2 3.4.7* p Wl) * p ,dp, *'" *•» d ^ r r ;

The f i t ' t o the experiments of Stargardt and Angerstein for large
distances d p j was obtained by optimising the parameters a R and eR in
eq. 3.4,6 and tyc{dp)/typ{dp) in eq. 3.4.7 (as discussed in paragraph
3.5). The optimisation process was by trial and error. A reasonable f i t
could be obtained by assuming constants, not depending on the tube
voltage. The values obtained were:

a R =. 0.002 3.4.8

and

eR = 0 . 2 3.4.9

Fig. 3.5 and f ig. 3.6 show the comparison of eq. 3.4.5 to eq. 3.4.9 w i th
experimental results of Stargardt and Angerstein (1975). (The fact that
the theoretical results can be shown on an absolute scale in the figures
is a result of the discussion in the next paragraph.)
Fig. 3.5 gives theoretical and experimental values of I s / I p versus patient
to f i lm distance d p i . Tube voltage is 105 kV, field size is parameter, the
object thickness is 55 mm.
Fig. 3,6 gives the same for tube voltages of 60 and 105 kV. In addit ion
the object thickness x p is parameter. In this figure the X-ray f ield size
in the entrance plane of the object is 30 x 30 c m 2 . These figures are
examples only; actually the comparison between experiment and
theory was carried out as well on more cases such as were available in
the Stargardt and Angerstein paper. yj
The overall accuracy is reasonable as long as the distance f rom patient -
to image receptor remains below 500 mm. For stil l larger distances, the
agreement in some cases is less satisfactory. The figures suggest that this
disagreement is due at least partly to experimental error.
The rather critical role of the f i t t ing parameters a R and eR is de-
monstrated in f ig. 3.7, where the theoretical outcome for the ratio
I s / I p is varied by changing the values of aR and e R . ;
The conclusion is that the total scatter radiation intensity can be ^
described fair ly well w i th the two terms indicated in eq. 3.4.6. The first »
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1000 1500 mm

Figure 3.5. Decrease of the scattered radiation fraction with the distance
between object and image receptor for various X-ray field radius R.

Symbols: experimental data of Stargardt and Angerstein.
O : R = 171 mm; + : 124 mm; X : 56 mm; A : 28 mm.

Solid lines according to eq. 3.4.6 to 3.4.10 and 3.5.1 to 3.5.3
xp = 55mm; V t = 105kV.
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of these terms is described with eq. 3.4.4 and can therefore be regarded
as the Compton scattering contribution. The second term has the shape
of eq. 3.3.10 and is expected to represent Rayleigh scattering.

To inspect if the angular distribution of the second term in eq. 3.4.6 in
fact is the one expected for Rayleigh scattering, eq. 3.3.10 can in
analogy with the derivation given in eq. 3.4.1 to eq. 3.4.4. be thought
to be the integral over all angles of the product of a radiance LR and
the irradiation time t i r r . This leads to

eR C O S <j£> 1
>-R = ^ * R « J p ) — - — 3.4.10

22 7 r s i n ^ < 2 " e R > t l r r

In fig. 3.3 this radiance is compared with theoretical data of Hubbel
(1969) for Rayleigh scattering of 40 keV quanta in carbon. Hubbels
values are about a factor two higher for 10° < $ < 60° and the radiance
as given by eq. 3.4.10 is much larger than Hubbels values when $ goes
to zero.
The fit between eq. 3.4.10 and Hubbels data is not very satisfactory but
some remarks can be made to explain the differences. At higher
quantum energies, Hubbels calculations show Rayleigh scatter that is
peaked forwards more sharply. Moreover, in the experimental f i t to
eq. 3.4.6 the Rayleigh term is the smallest of both terms. A relatively
small correction in the Compton term will strongly influence the
Rayleigh term.
So in conclusion, the second term in eq. 3.4.6 can be said to describe,
although in a crude way, the Rayleigh contribution to the energy
fluence of scattered radiation.

3.5 Initial value of the energy fluence of Compton scattered
radiation

Introduction

The next step in the analysis, still for the case without grid, is the con-
struction of an expression for the initial value of the energy fluence of
the Compton scattered radiation i.e. its value in the rear plane of the
scattering object, * c ( d p ) . The quentities that influence this initial value
are the tube voltage, the size of the X-ray field, the thickness of the
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1500mm

Figure 3.6. Decrease of the scattered radiation fraction with the distance
between object and image receptor for various object thickness
xp and X-ray tube voltage V t.

Symbols: experimental data of Stargardt and Angerstein.
O : Vt=105kV;+ : 60 kV.

Solid lines are according to eq. 3.4.6 to 3.4.10 and 3.5.1 to 3.5.3
X ray field at the object entrance side is 30x30 cm2.
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Figure 3.7. Is/Ip versus dp;.

Demonstration of the influence of the assumptions on o R and e R .

V t = 105 kV; xp = 275 mm; R as indicated.
Results according to eq. 3.4.6 to 3.4.10 and 3.5.1 to 3.5.3.
Solid lines : aH = 0.002; eR = 0.2
Hatched lines : OR = 0 ; eR = 0

O : experimental data of Stargardt and Angerstein.
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object and its scattering properties.
To obtain a further feeling for the relations between these quantities
and ^ c ( d p ) , an analogy will be drawn between the generation of
Compton scattering and that of Rayleigh scattering. The Rayleigh
scatter case was discussed in the rationale for assumption f in
paragraph 3.3.
The interaction coefficient ac of Compton scattering is associated with
a mean free path 1/ac of such a length that in the usual scattering
object multiple scattering will be quite likely. (The Monte Carlo calcula-
tions of Kalender, 1981, indicate that for 100 mm thickness of the
scattering body and not too small field radius, the fluence from
multiple scattered quanta exceeds that of single scattered quanta).
Therefore only in zero order approximation, eq. 3.3.7, with aR

replaced by ac could be used to estimate * c (dp).
To improve this estimate, it can be remarked that even for a very thin
object, the Compton scattered radiation will not only be emitted from
the rear surface but from the front surface as well. As Compton
scattering is rather isotropic for low quantum energies, a factor \ is
involved for thin objects and a dependance on the ratio between object
thickness and field radius will come in for thicker objects.
Further, the Compton scattered radiation that is created in the first
interaction will not disappear after a further interaction but instead will
create a next generation of scattered quanta. The yield of this process
will be proportional to ac/(ac+ac reff), in which ac is a parameter left
in to obtain a possibility for fitting to the experiment. The number of
new generations that is created will grow with ac R, the number of
mean free paths within the X-ray field radius R.
The coefficients oc and reff will be replaced by the coefficients s and
t e f f as defined in equation 2.2.3
The outline of the analogue of eq. 3.3.9 is therefore expected to behave
as

G s h ( - , s R ) 3.5.1
* p ( d p ) ' • p s + a c t e f f

 sn ' R

In this equation Gsh is some unargumented function of the shape of the
irradiated volume and the size of this volume.
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Experimental

The factor s/(s +ac teff) in eq. 3.5.1 is compared with results of
Stargardt and Angerstein in fig. 3.8. The best f i t is obtained when for
the factor ac a value 0.6 is taken. We will assume therefore that

ac = 0.6 3.5.2

Experimental values of I s / I p of Diebels and Timmer and of Stargardt
and Angerstein were reduced first to obtain ^ c ( d p ) / ^ p ( d p ) , using
equations 3.4.6 and 3.4.7 and next by division with the factors
s/(s +0.6 teff) and \ s xp- This resulted in experimental values for the
function GSh. These data are displayed in fig. 3.9.
In the case of the results of Diebels and Timmer, each data point is an
average over four values, obtained from measurements at 60, 80,100
and 120 kV. The function Gsh is selected to obtain a best f i t to the
data of Diebels and Timmer:

0.8 sR + R/xD >-sG °9 ' ' 353

The data of Stargardt and Angerstein (large field) deviate from those of
Diebels and Timmer in the mid range of x p values. The figure suggests
that these experimental data contain more error than those of Diebels
and Timmer.
It is plausible that GSh is a monotonous function of x p . The decrease
of Gsh with x p for X-ray fields with sR < 1.25 can be interpreted to be
the consequence of increasing sidewards leakage of scattered radiation
out of the narrow column defined by the X-ray field in the scattering
object.
In consequence, the data of Diebels and Timmer will be regarded as the
more accurate ones. The accuracy of the f i t to these data obtained with
eq. 3.5.3 is satisfactory. The deviation between theory and experiments
is typically less than 10% . Eq. 3.5.3 will be assumed to be valid.
The results of this paragraph are used in the figures 3.5 to 3.8. The
theoretical curves in these figures are calculated from eq. 3.4.5 to eq.
3.5.3. As noted before, the theoretical curves f i t reasonably to the
experimental points, especially for values of dpi- below 500 mm.
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Influence of the X-ray tube voltage on the scattered radiation
fraction.

O : experimental data of Stargardt and Angerstein
lines: according to eq. 3.4.6 to 3.4.10 and 3.5.1 to 3.5.3
Xp is parameter; d p i = 0; X-ray field at the object entrance side
is 30x30 cm2.
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3.6 Influence of other variables, discussion

The description of the ratio I s / l p obtained in the previous paragraphs is
based on oniy a limited number of variables.
These were: X-ray field radius, distance from scattering object to image
receptor, thickness of scattering object and X-ray tube voltage.

Other variables

Many other variables are needed to define completely a case where
scattered radiation is generated and detected. The experimental results
discussed so far do not suggest a strong influence of such other variables
on the ratio I s / I p .
To obtain some more feeling, a few additional experiments were made.
The equipment used was the same as the one used for Diebels and
Timmers experiments. Tested were the influence of:

— Variation of d f 0 , the distance from the focus to the entrance surface
of the scattering object. Variation of d f o from 750 to 1244 mm,
when R = 162 mm, T = 105 keV and x p = 200 mm did not change
I s / I p by more than 7% . Note that Stargardt and Angersteins data
were obtained under the condition dfo + x p = 4000 mm.

— Variation of the prefilter with 0.1 mm Cu changed I s / I p by not
more than 5%.

— Variation of the composition of the scattering body was obtained
by adding NaCI. The transmission of primary radiation in a 20 cm
thick water layer was found to be reduced by a factor 1.8 after
adding 100 g NaCI per liter water. With an X-ray field of
30 x 30 cm2 a decrease of * s / * p l d

p occurred at a rate of 4.5% per
100 gram per liter. The prediction of eq. 3.5.1 for this case is an
increase of * s / * p | d p at a rate of 4% per 100 gram per liter. So, al-
though the sign of the change of * s / ^ p is predicted wrongly, the
model is correct in predicting a low absolute value of the rate of

. change.
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Figure 3.9 Influence of the shape of the irradiated volume on the initial value
of the energy fluence of Compton scattered radiation
*c(d p ) / *p(d p ) .
This value is given in eq. 3.5.1 as

*p(dp) h SXP s +

The figure shows Gsh as a function of the object thickness xp .

O experimental data of Diebels and Timmer, R as
parameter.

X experimental data of Stargardt and Angerstein.
lines: according to eq. 3.5.3.
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Examples of other variables, not tested, are

— length to width ratio of the X-ray field,
— lateral sizes of the scattering object (it is reasonable to assume that

the object is larger than the X-ray field),
— window in front of the image receptor and
— thickness of the image receptor.

Most of these variables can, based on the references cited in paragraph
3.3 be regarded as of minor influence.

Discussion

For a homogeneous scattering object, for cases without a grid and for
points on the X-ray beam axis, an accurate description of the ratio of
scattered to primary radiation energy density in the image receptor has
been reached.
The description relates this ratio to the following variables:

— R, the X-ray field radius in the rear plane of the scattering object,
— dpj, the distance from scattering object to image receptor,
— x p , the thickness of the scattering object and
— V T , the X-ray tube voltage.

Other variables are of little influence.
The description interprets the scattered radiation as the sum of two
components, Compton scattering and Rayleigh scattering. For both
components the initial value and the angular distribution are described
in simple, mathematically closed expressions.
For not too large dP j , the Compton scattering dominates the Rayleigh
scattering. Its angular distribution leads to a rapid decrease of Is/L>
for values of dp j > R, as can be inspected from figs. 3.5 and 3.6. The
same figures show that for values of d p i > 4R the Rayleigh scattering
dominates. Further increase in dp j therefore has little effect in reducing
Is/Ip-
The value of I s / I p increases both with scattering object thickness x p

and X-ray field radius R. Fig. 3.9 shows that I s / I p is more than
proportional to x p for large R and somewhat less than proportional
for small R. Further this figure shows that the increase with R is small
for small x p but rapid for larger xp .
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The value of I s / I p increases slowly with the X-ray tube voltage. Fig. 3.10
shows this graphically.
In most cases the value of I s / I p is so high that it is imperative to include
means for reducing the scattering fraction in the image. The effect of an
anti scatter grid will be discussed in the next paragraphs.

3.7 Transmission of primary radiation in anti scatter grids

The primary radiation is attenuated in the grid because of two reasons.
Firstly the width z\ of the lamellae and the distance z\\ between them is
cause of a non ideal opening g of the grid, g being defined as

g = 3.7.1
+ z,

Secondly, the interspacing material of the grid as weil as its cover
attenuate the primary radiation.
From chapter 2, and with eq. 3.7.1, the grid attenuation therefore
should be equal to

= g exp 2
grid

(s +te f f) x 3.7.2

Comparison of eq. 3.7.1 to experimental results of Diebels is given in
fig. 3.10 as a function of Eeff.
The curve of fig. 3.10 regards grids with hard paper interspacings and
aluminium covers. The experimental curves are shown to be about 10%
lower than the prediction of eq. 3.7.2. This difference could point to a
lack of precision in the orientation of the grid to the direction of the
radiation; possibly caused by a technological imperfection in the grid
manufacture. To keep correspondence with the experimental values,
the value of the transmission of primary radiation will be corrected by
replacing g with

g = 0.90 3.7.3
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3.8 Transmission of scattered radiation in ideal anti scatter grids

Fig. 3.11 introduces the situation for the case of an ideal grid with air
gaps between infinitely thin perfectly absorbing lamellae. The grid is
supposed to be located directly on top of the image receptor (although
for the argument that follows, its position is indifferent). From each
point of the image receptor, only a limited part of the scattering body
is visible. In the figure this part is indicated for the case of a point
centrally between two lamellae. For a large grid ratio, this part of the
scattering body is a narrow strip, of which the width equals the ratio
of the distance dp j and the grid ratio r*, dp j /r*. The asterisk in r* is
introduced to keep in mind that this paragraph is dealing with ideal
grids. For a point that is not located centrally between the lamellae of
the grid, a strip of about the same width will be visible, so that to first
order, the illumination for every point between the strips will be
equal.
For Compton scatter, the integral of the scattered radiation from the
visible part of the scattering body that reaches the image receptor
behind the grid can now be calculated in a way similar to what is done
in section 3.4: Each surface element that is visible contributes

c
 3 v

<dj) = 2 SO
L c cos

<d)

Integration for small values of dp j / r* (heavy grid or large <pm ) gives:

d p i

do C ° S

This leads with assumptions c and e of paragraph 3.3 to

* c * (d.) = # c * < d p ) ^ r ( s i n * > m cos ^ m + ( ^ m ) 3.8.1
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Figure 3.10 Attenuation of primary radiation in an anti scatter grid.

The grid is characterised by a lamella thickness of 0.05 mm, a
grid ratio of 13, a lamella density of 2.8 per mm, fibre interspace
material and 0.5 mm thick aluminium covers.
Experimental data are obtained at 60 kV (O), 80 kV (X), 100 kV
(+) and 120 kV (D), with the thickness of the water object varying
from 10 to 30 cm.

The solid line is according to eq. 3.7.2.
In this figure and in figure 3.12 and 3.13, the data points for the
various object thicknesses are ordered for each X-ray tube voltage,
making use of the increase of Eeff with xp .

n

43



and with eq. 3.4.4 to an expression for the transmission of the grid for
Compton scatter for not too small <pm :

(dj) _ • - . m — r m - r m , _ . ^ _ L ) 3.8.2
* c;r,2 ,„ r* c (d.) Trr* sin

For extremely small values of i/?m, the transmission of the grid should
become equal to 1. For intermediate values of i?m, an exact solution is
not obtained. A useful approximation for all values of tg ym < 2hr* is

sin
ft,*„<-!, 383

Single Rayleigh scattered radiation has small angles to the primary
radiation, it will not be suppressed very effectively by a grid. By
analogy with eq. 3.8.2 and taking in account eq. 3.3.10, the
transmission of the ideal grid for this radiation is expected to behave as

1
4 _ , 3.8.4

or, when eq. 3.8.4 would give values of * R * (d j ) / ^ R (d;) > 1, (small r
or small y?m)

3.8.5

a R is a parameter that is left in to obtain an optimal f i t to the
experiment. It will turn out (as discussed in the next section and shown
in fig. 3.12 and 3.13) that aR has a rather large value.
With help of eq. 3.8.2 to 3.8.5, the total transmission of scattered
radiation can be obtained. For this purpose, this total transmission
is written as:

* , * W « ) ( e , R i R I ) ( Ri
3.8.6
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Figure 3.11 Schematic representation of the situation at the rear surface of the
scattering object when a grid is present in front of the image
receptor. Only radiation from the hatched area can reach the axial
point of the image receptor.



The factor * R ld])/Vc(d\) can be obtained by division of eq. 3.3.10 and
3.4.7.

3.9 Transmission of scattered radiation in real grids, discussion

Real grids differ in two important ways from their ideal counterparts.
In the first place, real grids attenuate all radiation even when it is
oriented parallel to the lamellae. This attenuation is described in section
3.7 for the case of primary radiation. The description holds also for
scattered radiation. Therefore with eq. 3.4.2

3.9.1

in the second place, the lamellae of a real grid do not completely
absorb all radiation. This is especially true when the lamellae are thin
or when the radiation has a high quantum energy.
Oosterkamp (1946) shows experimentally and by calculation the
magnitude of this effect for the case of a parallel beam that enters a
grid obliquely. Calculation of the effect for scatter radiation is
lengthier. It involves integration over all scatter angles and considera
tion of the cases where one,two or more lamellae are penetrated.

Of ail radiation that does penetrate the lamellae, the average length of
the path in the lamellae will be a few times the lamel thickness. The in-
crease of the transmission of the grid due to this effect can be
approximated by assuming a ratio r of the grid that is smaller than the
geometrically defined ratio r*:

r = r* j i -exp (• a , / i e f f | z, )j 3.9.2

/xeff holds for the material of which the lamellae are made and can be
obtained from eq. 2.4.1. a, z, is the average path length in the lamellae
and a| is the factor by which this path length is larger than the lamel
thickness Z|.
Fig. 3.12 shows experimental results of Diebels and Timmer for a fibre-
interspaced grid with ratio 6. The data regard four tubs voltages, five
thicknesses of the scattering object (water) and three values of the
X-ray field size. The distance from object to image receptor is 40 mm.
The data are displayed by plotting * S 7 * S as a function of the effective
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Figure 3.12 Transmission of scattered radiation in a low ratio anti scatter grid
versus the effective quantum energy Eeff.
The figure describes the case of a lead/fibre grid; ratio 6; 3.6
lamellae per mm, lamella thickness 0.036 mm.
dfj = 1040 mm; dp j = 40 mm; xp = 100, 150, 200, 250 or 300 mm;
Vt is parameter.
Symbols denote experimental results of Diebels and Timmer for
X-ray fields with a radius of 6 " (X), 9 " (+) and an area of 300 x
300 mm2 (o). For the order in the data points see figure 3.10.
Solid lines are according to eq. 3.8.1 to 3.8.6 and 3.9.1 to 3.9.4.
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quantum energy Eeff, see eq. 2.4.4; use is made of the slight increase of
effective quantum energy when the thickness of the scattering body is
increased. The X-ray field size is parameter. A value a, = 4 (eq. 3.9.2) is
used as it gives the best f i t to the experimental data whereas aR (eq.
3.8.4) turns out to have a value aR = 12.
Fig. 3.13 shows the transmission of scattered radiation in a grid with
ratio 13 for three values of the X-ray field size. Somewhat fortuitously
here again the best f i t to the experimental data is found with aR = 12
and a, = 4 (no other values shown). Some other cases (grids with
lamellae of 50 and 36 jum and ratios of 7 and 12 respectively) also lead
to the same values of aR and a,. From this material it is concluded that
these values hold for the entire range of grids considered. Therefore it
will be assumed in the model that

aR = 12 3.9.3

and
a, = 4 3.9.4

The radiation transmission as a function of distance is plotted in
fig. 3.14 for the case of a grid with ratio 10, a tube voltage of 100 kV
and a water filled object with a thickness of 200 mm. The figure shows
a fair correspondance between theory and experiment.

Discussion

The behaviour of the anti scatter grid is described as a set of simple
mathematically closed expressions for the transmission factors * p 7 * p

for primary radiation and ^ s ' / * s for scattered radiation. These ex-
pressions are in terms of the grid ratio r*, the lamel thickness z,, the I
absorption coefficients of the construction materials of the grid and of
the variables that determine I s / I p , the ratio of scattered to primary
radiation without grid.
The factor * p V * p is for paper fibre grids shown to be close to the
theoretical prediction (fig. 3.10). ,
The factor * s ' / * s is shown to be proportional to the effective grid
ratio r. For low X-ray tube voltages this ratio is almost equal to the j
geometric grid ratio r*, for higher voltages it decreases, compare :\
eq. 3.9.2 and figs. 3.12 and 3.13. For a grid with lamellae of 36 pirn of |
lead, used at an X-ray tube voltage of 120 kV, the effective grid ratio is ?

48



v - x X +

Vt=60kV

100kV
120 kV

50 60
Ee(f

70 keV

Figure 3.13 Transmission of scattered radiation in a high ratio anti scatter grid
versus effective quantum energy Eeff.

The figure describes the case for a lead/fibre grid; ratio 13; 2.4
lamellae per mm; lamel thickness 0.050 mm. Other conditions are
as in figure 3.12.
As in that figure, a comparison is made between experimental
results of Diebels and Timmer and the theory of paragraphs 3.8
and 3.9.
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decreased to about half the geometric ratio.
The increase of the factor ^ S V * S with growing distance between the
scattering object and the image receptor, d p j , follows logically as for
large dp j the angular distribution of the scattered radiation has become
narrow. Fig. 3.14 shows this effect in graphical form. The use of a grid
therefore improves the image especially at low X-ray tube voltages and
at short distances d p i .
The factors ^ p ' / ^ p and Vs 7 * s are not immediately showing the
degree of image improvement that is reached. For that purpose some
more descriptive quantities are presented in the next paragraph.

3.10 Radiation contrast, characteristic properties of grids

For use later in this thesis, the quantity radiation contrast will now be
introduced. The radiation contrast Aty/* is defined as the modulation
A * in the energy fluence ^ incident in the image receptor, that is
generated by the differential absorption in a detail, in the ideal case of
perfect modulation transfer, but reduced by the relative intensity of
scattered radiation. In formula, without grid

i > * P

= J i -exp <-/!,„ d x d ) ( -^—^ 3.10.1

Meff d c a n D e obtained with eq. 2.4.1.
When a grid would be placed in the beam, eq. 3.10.1 could be rewritten
with the relevant values of the energy fluences. A primed notation
would be appropriate. The radiation contrast has increased by introduc-
tion of the grid with a factor that is commonly (Hondius Boldingh,
1959) called the contrast improvement factor K of the grid:

^ r ^ = K ^ - 3.10.2

from which follows for K:

K = —— - — 3.10.3
* p vp + * s

il
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Figure 3.14
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Transmission of scattered radiation in an anti scatter grid versus
distance between object and image receptor dpj.

The figure describes the case of a lead/fibre grid; ratio 10; 4.4
lamellae per mm; lamel thickness 0.036 mm. dfp = 800 mm,
xp = 200 mm, V t = 100 kV, the X-ray field is 300 x 300 mm2,

O experimental results
Solid line: theory of paragraph 3.8 and 3.9.
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Enhancement of the radiation contrast takes place in most image
receptors. The factor involved will be discussed in paragraph 5.6.
The improvement of the radiation contrast caused by the grid goes at
the cost of a part of the energy fluence; the reduction factor involved is
called (Hondius Boldingh, 1959) the Bucky factor B

p s
B = — ^ ~7 3.10.4

A further quantity of interest in this thesis can be identified in
eq. 8.6.5. As the factors K and B it describes a consequence of intro-
duction of a grid. It expresses the square of the factor by which the
signal to noise ratio differs from that when an ideal grid is used.
This quantity can therefore be called the detective quantum efficiency
shown by the grid and equals

DQE = 3.10.5
* 7 #

or

K2 * P
DQE = — - 3.10.6

B * + * s

For a well designed fiber interspaced grid and not too high tube voltage,
DQE increases with the grid ratio up to quite high values of this ratio.
This can be inspected by looking at table III where experimental values
of K, B and DQE are listed for some typical grids and for some typical
circumstances. The table shows that the parameters K, B and DQE
depend on field radius, patient thickness, tube voltage as well as on grid
ratio.
With the X-ray field radius and patient thickness K and B increase but
DQE decreases. With tube voltage K, B and DQE decrease and with
ratio K, B and DQE increase together.
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3.11 Discussion

With a number of idealizing assumptions presented in paragraph 3.3,
the scatter radiation from a homogeneous scattering object is described
in this chapter as the sum of two components, due to Compton
scattering and Rayleigh scattering. The influence of geometric factors,
X-ray tube voltage and anti scatter grid properties on the ratio of
scattered and primary radiation in the axis point of the image receptor
can be understood quantitatively from this description. The various
trends that become visible with this description are discussed at the end
of paragraph 3.6 (cases without grid) and 3.8 (cases with grid).

The consequence of introduction of a grid can be described with the
quantities introduced in paragraph 3.10; contrast enhancement factor
K, Bucky factor B and detective quantum efficiency DQE. Within the
scope of this thesis especially the detective quantum efficiency is of
importance as it is related directly to the window signal to noise ratio as
shown in chapter 8.

Table III shows that the highest DQE is obtained for the highest ratio
of the grid. High ratios therefore are recommendable.

Even with a high ratio grid, values of DQE larger than 50% are shown
to be uncommon, in other words, anti scatter grids are performing in a
way that is considerably less than ideal. It remains therefore interesting
to study alternative approaches in scatter elimination. This remark is
made more often in the literature (see e.g. Wagner, 1974). It is however,
not yet clear in which manner the grid can be replaced by a device that
is equally practicable and at the same time superior in performance.
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4. ENERGY TRANSFER; CONDITIONS IN THE
EXPERIMENTAL WORK

The experimental conditions described in this section relate to measure-
ments of output and attenuation (data presented in chapter 2) and to
measurements of scattering with and without grids (data presented in
chapter 3).

4.1 Measurement of output and attenuation

The X-ray tube is a Philips MCN 161 tungsten anode tube. Its anode
angle is 22° and its window is made of Beryllium of 1 mm thickness.
The X-ray generator is also made by Philips and designed for industrial
radiography. It can be operated at constant voltages from 20 to
160 kV; a high voltage capacitor is placed parallel to the X-ray tube to
reduce the voltage ripple to less than 0,2% per mA. The anode potential
in this type of X-ray source is at earth level. This allows direct measure-
ment of the X-ray tube current to an accuracy of 0.02 mA.

The tube voltage is measured over a resistor divider placed parallel to
the X-ray tube. This divider is calibrated with an accuracy of 0.3 kV by
X-ray spectrometry. The stability of the output of the X-ray tube is
checked during the experiments with an ionisation chamber.

Three different types of detector were used.

a. Energy fluence detector

For the attenuation measurements use is made of a detection system
that is capable of direct reading of the energy fluence of the X-ray
beam. This detection system consists of a flat Csl(TI) scintillation
crystal of 10 mm thickness mounted on top of an end window photo
multiplier tube (Philips, 150 AVP) and behind a lead X-ray beam colli-
mator with an opening that can be chosen in the range of 5 to 20 mm
diameter. The entire photo multiplier is shielded with lead against
scattered radiation.
The thickness of the Csl is sufficient for more than 96% attenuation of
all practical X-r?y beams generated below 160 kV. The scintillation
crystal is shielded against light by black paper. The particular type of
Csl used is not hygroscopic and turns out to be sufficiently stable in the
normal laboratory atmosphere.
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Calibration of this detection system was obtained by comparison with
various other detectors among which a well type Csl crystal, a
calibrated ionisation chamber and a Ge (Li) spectrometry detector.
A 3.7 10s Bq 241 Am radioactive source is built in and provides a
continuous verification of the calibration. The signal from the Am
source is compensated by a stable electrical current source that is
adjusted during calibration to provide exact compensation.

Comparison with the well type crystal showed that the influence of
backscatter and escape radiation can be neglected for the claimed
accuracy. Comparison with the X-ray spectrometer gives a direct and
absolute calibration of the energy fluence detector.

Comparison with the ionisation chamber can also give an absolute
calibration. This calibration is somewhat indirect as it depends on the
X-ray spectrum and the value of the energy attenuation coefficient in
air everywhere in that spectrum. In practice, for heavier filtered spectra,
it turns out that for purpose of calibration it suffices to describe the
X-ray spectrum with its effective energy as defined in eq. 2.4.4. So for
heavily filtered radiation, the ionisation chamber can be used for
calibration with the relation

1 Men,air(Eef f)*e
X = 4.1.1

2.54 10'4 Pa i r W

in which Men,air^eff) 's t n e energy transfer coefficient of air at the
effective quantum energy in mm' 1 , * is the energy fluence in J/mm2 ,
pa i r is the specific density of air in kg/mm3 and W is the ionisation
energy of air in J. X is then the exposure given in röntgen
(1R = 2.54.10'4 C/kg). For effective quantum energies below 150 keV,
eq. 4.1.1 can be approximated by

X E e f f -3.4 E e f f 0,3
- = [ 0 . 2 4 < — ) + 2 . 6 < — ) ] 10s 4.1.2

with the same quantities and units for X, * and Eeff that were used in
eq. 4.1.1.
Eq. 4.1.1 and 4.1.2 were used for calibration of the energy fluence
detector. Table A-l lists experimental values of X / * . In fig. 4 .1 , these
values are compared with eq. 4.1.1 as well as with eq. 4.1.2.
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The ionisation chamber was used also to establish the signal rate
linearity of the energy f luence detector.
The absolute accuracy of the energy f luence detector is estimated to be
known within 20% over the range of tube voltages between 30 kV to
150 kV and for X-ray beam irradiances between 2.10"13 and 10~8

J/mm2 s.

b. lonisation chamber

The ionisation chamber is made by Nuclear Enterprise. It is called
2505/3, its volume is 0.6 cm 3 . The read out unit used is also of Nuclear
Enterprise, type IONEX 2500/3. The system is calibrated periodically
by comparison with the Netherlands national primary exposure
standard (R.I.V., 1972), with an absolute accuracy of 2% .

c. X-ray spectrometer

The X-ray spectrometer is a Ge (Li) crystal with a Philips preamplifier
coupled to a fast Hewlett and Packard 5401 B 1024 channel spectral
analyser and an ORTEC 404 A pile up inspector. The absolute
efficiency of the Ge (Li) detector was calculated from its mass attenua-
tion coefficient and volume taking into account to first order Compton
scattering and K escape. The calculation was verified by observing the
detection efficiency for some mono-energetic 7 sources of known
activity.
The spectra as obtained with the Ge (Li) detector are reduced to the
real X-ray spectrum by a roll off technique in which the Compton tail
that goes together with the photopeak for each quantum energy is sub-
tracted from the raw data, starting with the highest observed quantum
energy, (Beekmans, 1974).
Unless special precautions are taken, the f luence rate in the detected
X-ray beam is usually too high to be acceptable for the spectrometry
electronics. Therefore always use is made of a narrow lead pinhole with
an opening of 0.0154 mm3 . This opening is carefully calibrated and the
pinhole is carefully aligned to the X-ray source during measurements.
The absolute efficiency of this detection system for integral values of
energy f luence is estimated to be determined with an accuracy of 10%.
On the geometry of the detector set up the following remarks can be
made: The leakage radiation of the X-ray source and the scattered
radiation in general is suppressed by heavy shielding of both source and

56



104
!nJ/m

10

20 50
Eeff

100 keV

Figure 4.1 Ratio of exposure X and energy fluence + versus effective
quantum energy Eeff.

Compared are: — eq. 4.1.1, solid line, in which (juen/p)ajr is taken
from Hubbel, (1969) and W (33.85 eV) from
ICRU (1979);

— eq. 4.1.2, and
- experimental results, obtained in the conditions

that are listed in table X.

Legend for symbols:

filter material

water
aluminium
copper
molybdenum

filter value tTx
1.2 0.5

+
A D
V 0
•
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detector. The beam is colli mated near the X-ray source and near the
detector. Most filters are placed near the X-ray source. This has the
advantage that the unfiltered beam path is short and air scatter is
reduced. Usually the half value layer filter, when used, was placed near
the detector to allow the simultaneous use of two detectors with the
advantage of increased ease and reproducibility of the measurements.

4.2 Measurement of t-j 0 0 and s

For measurement of values of t^nn »"d s of various materials the
attenuation factor F of a sample of known thickness xs of the material
is measured in two conditions, nominally given as

1° condition Vt = 140 kV, filter 4.0 mm Cu +0.5 mm Al (Eeff = 100 keV)

2° condition Vt= 50 kV, filter 0.6 mm Cu +0.5 mm Al (Eeff = 40 keV)

This choice of conditions was used with eq. 2.4.1 to obtain

In F (140)-In F (50) = 1 1 . 4 3 t l 0 0 x 8 4.2.1

- In F (140) = t 1 0 0 xs + s xs 4.2.2

The X-ray source is the source described in paragraph 4 .1 , as detector
the energy fluence detector is used. The tube voltage and the filter have
to be trimmed by small amounts to satisfy more exactly eqs. 4.2.1 and
4.2.2. After trimming, the accuracy is estimated to be 0.0004 for
t ioo x anc* 0-002 for sx. The method is limited to materials that do not
contain elements with a K - absorption edge above 30 keV.

4.3 Measurement of the mass thickness of intensifying screens

In the case of measurement of the mass thickness of intensifying
screens, a 241 Am source of 3.7 108 Bq is placed opposite the energy
fluence detector at a distance of 5 cm. The short distance introduces a
slight scatter problem that is alleviated by placing a coarse anti scatter
grid in front of the detector. The source is filtered with 0.5 mm Cu to
suppress a weak 24 keV line. With this filter, the source produces
essentially only 60 keV y-radiation. The mass thickness of the screens is
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derived from the attenuation of the 60 keV radiation, the composition
as stated by the manufacturer and attenuation coefficients derived from
Swank (1973A).
A correction has to be made for absorption in the substrate on which
the screen is deposited. The usual card board substrate absorbs about
3%.

4.4 Measurement of scattered radiation

(the experimental conditions describe both our own measure-
ments and those of Diebels and Timmer, 1978)

The X-ray tube is a Philips rotating anode tube, type XF 2051. The
anode angle is 14°, the inherent filter is 2.5 mm Al.
The X-ray generator, a laboratory type, is delivering a constant voltage,
variable from 20 to 150 kV. The tube voltage is measured to an
accuracy of 0.5 kV with a double resistor divider parallel to the X-ray
tube.
The response of the normal image receptor is simulated by a single layer
of CaWC>4 of 75 mg/cm2, cut from a normal intensifying screen and
placed on top of a photo multiplier, Philips 150 AVP. The diameter of
the screen is 10 mm. Care is taken to apply the shielding of the detector
in such a way that its viewing angle for scattered radiation is almost
180°.
The X-ray beam is vertical and directed downwards. The X-ray beam
size is defined with an X-ray collimator Philips XD 6010, mounted en
the X-ray tube and with a lead diaphragm placed at 56 cm from the
X-ray focus.
The scattering object is a water filled perspex container of 30 x 30 cm2

that can be filled to 30 cm height. It is placed in the beam, 40mm above
the detector. With this object in place, the total signal from scattered
and primary radiation is observed.
Scattered radiation only can be observed also. In that case a 6.5 mm
diameter stopper disk is placed at 0.56 m from the focus centrally in the
primary beam. The signal from primary radiation only is measured with
a small field (15 mm diameter at 0.56 m from the focus) and with an
object made of a perspex cylinder of 50 mm diameter filled with water
to the desired height. The sum of the values of primary and scattered
radiation obtained in this way always remains somewhat below the
measured value of total radiation.
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Two effects turn out to be involved. Firstly in the measurement of
primary radiation, the extra focal radiation from the X-ray tube is
partially cut off (up to 7% ) when the beam is narrowly collimated for
primary radiation measurements. Secondly in the measurement of
scatter radiation, the stopper disk reduces the scattered radiation (up to
5% for the smallest X-ray fields that were used for observation of
scattered radiation). Correction for these two effects is adequate to
remove the observed difference.
The total accuracy of measurement of the ratio of scattered to primary
radiation is estimated at 4% .
A grid can be placed between the detector and the scattering object.
The accuracy of the ratio of primary or of scattered radiation with and
without grid is also 4% .

4.5 Scattered radiation as measured by Stargardt and Angerstein

The measuring conditions are very similar to those at the authors work
place. In fact, both sets of conditions are obtained from an I EC
standard on measurement of properties of anti scatter grids (I EC, 1978).
A major difference between these standard conditions and Stargardt
and Angersteins set up is that the focus is now placed at a distance of
4 m from the detector. No statement on the accuracy is made in the
publication from which the data are borrowed (Stargardt and
Angerstein, 1975).
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5. ENERGY TRANSFER, ENERGY FLUENCE DETECTION
EFFICIENCY

The concept of energy fluence detection efficiency (EDE) is introduced
here as a last step in the description of the energy transfer in the X-ray
system.
The EDE is a property of the image receptor. It is defined as the
fraction of the energy fluence incident on the image receptor that is
absorbed in its radiation sensitive layer. In this layer the absorbed
energy is converted into light (or other useful forms of energy such as
electrical charge in Xerography or chemical energy in non screen film).
The usefulness of the concept of EDE rises from the fact that many
X-ray systems need a constant amount of light per image (radiography)
or per unit of time (radioscopy).
A description of the EDE will complete the results of the previous
chapters and lead to a full description of the energy transfer in the
X-ray system.
This claim really will be valid only when the efficiency of the energy
conversion process in the image receptor is constant. This certainly is
not completely true. A few examples are: self absorption of light
generated in an intensifying screen may vary with the tube voltage; the
film speed will vary with the exposure time because of the reciprocity
law failure. No attempt will be made to correct for such effects.

For the more usual conditions of imaging in X-ray systems, the
influence of these effects is reasonably small. Stevels (1975) estimates
the light self absorption in screens at 20-40% . Richter (1981) shows for
H number of modern X-ray films of the types that are designed for use
with intensifying screens, that the reciprocity law holds within 30%
for exposure times between 2 ms and 1.0 s.

5.1 A simple case for description of EDE

The assumptions introduced in chapter 2 and 3 allow a simple deriva-
tion of the energy fluence detection efficiency (EDE) of many image
receptors. It is recalled here that the scattered radiation was assumed to
have the same spectral distribution as the attenuated primary radiation
and that for calculation of its absorption in a flat image receptor it is
sufficient to know the enorgy fluence detection efficiency for
perpendicularly incident radiation (thin detector approximation,
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eq. 3.3.2). In the present and subsequent chapters, this quantity will
therefore be denoted shortly as EDE, without subscript.
When the presence of a grid is assumed, so that the energy fluence is
denoted with a primed symbol, the energy density in the image
receptor is given by

i = V EDE 5.1.1

An image receptor will be considered to be characterised by its (flat)
sensitive layer with thickness Xj. At the X-ray source side, a window
may be present with thickness x w . The energy fluence detection
efficiency will in some circumstances (see below) be adequately
described with the assumption that the energy fluence attenuation
equals its absorption. In that case, again assuming the presence of a
grid,

F \I>' - * "
r w * *

EDE = 5.1.2

Fw is the transmission factor of the window and V is the energy
fluence of the primary radiation after the image receptor.

Eq. 5.1.2 will be valid only when no significant amount of secondary
radiation escapes from the image receptor. This means that escape both
of scattered radiation and of characteristic radiation have to be
negligible. Although in the typical image receptor the photo effect
dominates so strongly that scattering can be neglected, escape of
characteristic radiation is often significant. The magnitude of this
process is described in the next paragraph.

5.2 Escape of characteristic radiation

In the usual image receptor absorption takes ptace at atoms that have a
K binding energy EK within or slightly below the energy range of the
diagnostic X-ray spectrum, 25 keV (Cd) to 69 keV (W). In these cases,
characteristic K radiation, predominantly Ka radiation with energy
EK , is generated with a high yield YK . Values for EK EK and YK are

tabulated in table IV for some typical image receptor materials.
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To show the influence of the position in the X-ray spectrum of the
K-absorption edge, the so calculated values of EDE are presented in
fig. 5.2 and fig. 5.3 as function of EK/T. Further assumptions for this
case are: the escaping quantum energy has a value equal to 0.84 x the K
binding energy; the attenuation coefficient changes by a factor 7 at the
K-edge; Fw = 1 (no window attenuation) and YK = 0.88.

The curves in fig. 5.2 are obtained for patients with a filter value
t T p xp = 1.2 (a thick patient). In fig. 5.3, t T p xp = 0.15 (a thin patient).
Each patient is combined with four image receptors with values
t T i Xj = 0.2, 0.4,0.8 and 1.6 (for E > EK). For a given detector

material, EK is defined and a change in the horizontal axis corresponds
to a change in the maximum quantum energy T. In that case the filter
values t T p xp and t T i x . in figs. 5.2 and 5.3 remain constant because of

adaptation of xp and x ;.
When the value of EK/T is small, the entire X-ray spectrum lies at
energies above EK . In that case, the value of EDE in figs. 5.2 and 5.3 is
high and almost constant. The slight decrease in EDE for values of
EK/T between 0.2 and 0.6 in fig. 5.2 or between 0.2 and 0.3 in fig. 5.3
is due to an increasing probability of escape of characteristic radiation.
A further increase in E K / j causes a more rapid drop in the EDE. This
continues until all spectral energies lie below the K binding energy
(EK = T). When T is smaller than EK , the image receptor will have a
constant low value of the EDE, the large absorption coefficient above
the K-edge in the detector will not be used at all.

It is instructive to think of figs. 5.2 and 5.3 as describing at a constant
tube voltage and filter the result of moving the position of the K
binding energy through the spectrum. For that purpose fig. 5.3 (solid
lines only) is presented again as fig. 5.4. Each of the curves now relates
to a certain tube voltage and describes a set of image receptors made
from hypothetical materials that differ in K binding energy. The tube
voltages indicated next to each curve have been given such values, that
the attenuation coefficient t T i changes with a factor two between

adjacent curves. The thickness of an image receptor of a given material
on each curve will then be constant.
This approach is illustrated in fig. 5.4 The hatched lines connect points
on each curve describing examples of image receptors of realistic
materials and of practical thickness. Each hatched line therefore
describes the EDE of a possible image receptor. In general EDE is seen
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The probability of escape Pesc of the characteristic radiation f rom the
image receptor wi l l be a funct ion of the absorption thickness of the
image receptor for this radiation, so for example for K a radiation

Pesc = Pesc a

Swank (1973A) presents values of EDE and QDE (quantum detection
efficiency) for various image receptor compositions and thicknesses and
various quantum energies, calculated with a Monte Carlo method.
Compton interactions and L radiation escape are neglected. From
Swanks data, Pesc can easily be obtained for any given quantum energy
E above the K binding energy with the relation

E K
EDE = (1 - Y K Pesc - y ^ > QDE 5.2.2

In f ig. 5.1 the obtained values of Pesc are plotted as a funct ion of
t K ,Xj. Fig. 5.1 shows that eq. 5.2.1 can be replaced wi th sufficient

accuracy by

Pesc = exp j - 1 . 1 (tKaiix.y-*\ 5.2.3

5.3 EDE in the general case

With the assumption that eq. 5.2.3 is accurate, the EDE can be
calculated once the X-ray spectrum and the thickness and absorption
coefficient of the image receptor are known:

5.3.1

For the idealised case that the image receptor absorption coefficient j
changes wi th E " 2 7 S , and that the X-ray spectrum has the cosine shape 3
as given in eq. 2.4.5, EDE is obtained by numerical calculation of •
eq. 5.3.1, using eq. 5.2.3 for Pesc. This idealised case wi l l give a ?j
reasonably accurate description of EDE for real cases because of the |
reasonable accuracy of eq. 2.4.5. J
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Figure 5.1 Escape probability of characteristic radiation Pesc, shown as a
function of the image receptor thickness xj.

The horizontal axis weights this thickness with the attenuation
coefficient t K o | .
Results are derived from calculated data of Swank (1973).
Data points: + ZnCdS A LaOBr D CaW04 O Csl

X Gd202S
Solid line is according to eq. 5.2.3.
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Figure 5.2 Energy fluence detection efficiency of image receptors shown as a
function of the relative position of their K-binding energy in the
X-ray spectrum for a large filter value tx p x p = 1.2.

A comparison is shown of results according to eq. 5.5.1 to 5.5.5
(solid lines) and those obtained by numerical integration of
eq. 5.3.1 with assumptions as described in the text (hatched
lines).
Parameter is the filter value of the image receptor, t-r jX-,

-.: \
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Figure 5.3 As figure 5.2, but case of a small filter value, t T p x p = 0.15.
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to decrease with increasing T, but this decrease halts for values of
EK /T near 0.6.

5.4 Experimental values of EDE

No published experimental material on the absolute energy detection
efficiency was found. This can be explained partly from the rather
limited use of the concept of energy fluence for problems of diagnostic
X-ray imaging and partly from the fact that it is difficult to measure the
EDE directly. More common are values regarding the X-ray tube load
required to obtain a specified density for a specified combination of
intensifying screens, radiographic film and filter (proposed by Zweig,
1981).
In a separate experiment (Proper, den Boer, 1982), the attenuation
V/V of X-radiation was observed for some (pairs of) intensifying
screens at various tube voltages. The filtration was kept always at a
value t T x = 0.66. (For thin filters then the filter thickness is twice the
half value layer HVLj , ) . Filters of aluminium, copper and molybdenum
were used.
The results of these experiments are shown in fig. 5.5, for BaFCI,
CaWO4 and Gd2O2S screen pairs. They are plotted as (1 - ^ " / ^ ' )
versus the X-ray tube voltage. The plots so obtained do not represent
the energy fluence detection efficiency, but differ from that only
because of the escape of characteristic radiation. (Escape of scattered
radiation is neglected.) With this in mind, a comparison between model
and experiment can be obtained.
In fig. 5.5 this is done by displaying calculated values of (1 - * " / * ' ) for
each of the screen pairs. The calculations were made with use of the
model equations of paragraph 5.5, in which Pesc was put equal to zero.
For each of the cases shown, the correspondence between experimental
and calculated values is good.

5.5 Description of EDE in the model

Although the numerical integration of eq. 5.3.1 over the appropriate
cosine shaped X-ray spectrum provides in a reasonable estimate of EDE,
this integration is not used in the model.
Instead, connection is sought with the description given in eq. 5.1.2
in which * ' and >£" are solved using the concepts of chapter 2. This
method is accurate where K-edge effects play no role. Where these
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Figure 5.4 A repetition of figure 5.3 with the added condition that along
each solid line T is constant.

The hatched curves connect values of E K / T that belong to typical
image receptor materials. The values of T are chosen so that along
each hatched curve the thickness of the image receptor material
remains constant and has a practical value.
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effects do influence EDE, the following approach is chosen.

— The energy fluence is divided in two fractions both with an effective
energy Ee f f given by eq. 2.4.4. These fractions, f L and fH , are
assumed to represent the energy fluence of quanta with an energy
below or above the K-edge of the image receptor.

— The intensity of these fractions is obtained by integration of the
product E dN/dE from 0 to EK and from EK to T respectively,
in which dN/dE is given by eq. 2.4.5. Hence

when EK < 2 Eeff - T : f L = 0 , 5.5.1a

when2E e f f -T<E K <T : fL - —— (cosö <EK- Eeff) +
2t> E ef f

0E K s in0(E K -E e f f )+0E e f f - | - ) 5.5.1b

and
whenEK>T : fL = 1 5.5 l c

Further, 6 = ~ ——— andfH = 1 -fL.
2 T " Eef f

— The interaction with the X-radiation in the image receptor is
described with two coefficients t T H and t T L valid for quantum
energies above and below the K-edge, and both proportional to E"2 • "
(Formally therefore the value t T L exists even when T > EK).
Values for t 1 0 0 L and t 1 0 0 H of various image receptor materials are
given in table I.

— The EDE of the image receptor is the sum of two terms

E D E = f L E D E L + fH EDEH 5.5.2

— The quantity EDEL follows from eq. 5.1.2, in which Fw and ^ " are
calculated from the attenuation equation 2.3.1, the image receptor
being characterised by the attenuation coefficient t T L .

— The quantity EDEH follows in an analogous way, now using for the
image receptor the coefficient t T H . Moreover, now a correction for
escaping radiation is applied, so that, in approximation to eq. 5.2.4
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Figure 5.5
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Experimental and calculated values of the attenuation I ' " / * ' in
intensifying screen pairs for X-ray beams filtered with a filter
value tTpXp = 0.66.

x BaFCI (Philips Azuray II)
+ Gd202S (3M Trimax alpha 16)
O CaW04 (Philips Universal)

The calculated values are according to eq. 5.5.1 to 5.5.5, where
Pesc is put equal to zero. The screen thicknesses are taken from
table V. To facilitate comparison with figure 5.6, the vertical axis
is shown in inverted direction.
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1 E « a

EDEH = — (Fw * ' - * " ) (1 - YK Pesc - — ) 5.5.3
* ceff

— The value of Y K , the yield for generation of Ka radiation is taken
equal to

Y K = 0.88 5.5.4

- The ratio E« /E K is assumed (see table IV) to have always the value

EK /EK = 0.84 5.5.5

Using this approximation, the EDE is calculated for the cases of
fig. 5.2 and shown in this figure.

However crude this approximation may seem, fig. 5.2 shows that it
describes reasonably well the transition of EDE with the position of the
K-edge in the spectrum. For a K-edge position with EK /T > 1, it was
already noted that the present approximation should be more accurate
than the numerical integration over cosine shaped spectra. Fig. 5.6
compares calculated values of EDE for some screen pairs. In addition,
this figure shows, as in fig. 5.4, the corresponding calculated values of
(1 . \jr"/^r') / obtained by putting in eq. 5.5.3 Pesc = 0.

5.6. Enhancement of radiation contrast

In conjunction with the discussion on energy fluence detection
efficiency, it is still necessary to consider the influence of the detector
properties on the contrast in the image. i
In thin image receptors the absorption of the low energy part of the 1
X-ray spectrum is predominant. This effect enhances the radiation
contrast for details that are also showing predominant absorption in the
low end of the X-ray spectrum. With the formalism developed in this
chapter, the radiation contrast enhancement term RCE can easily be =
written out. ]
The change A I in the energy density absorbed in the image receptor
because of a change A ^ ' in the incident energy fluence equals j

AI = Fw A * ' - A * " j
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Figure 5.6 Calculated values of the energy fluence detection efficiency of
intensifying screen pairs for X-ray beams filtered with a filter
value tTpXp= 0.66 (lower curves only).

x Gd202S, 2 x 0.161 mm
+ BaFCI , 2x0.126 mm
O CaW04 , 2 x 0.084 mm

For each example, the upper curve shows the results of neglecting
the escape of characteristic radiation. These curves are identical
to the ones given in figure 5.5.
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^"signifies as before the energy fluence in the X-ray beam that has
passed through the image receptor. The equation can be rewritten with
eq. 5.1.2 to define the image contrast. For Fw = 1:

Al
= + ( ) 5.6.1

I ^ ' EDE ty' * ' >£"

The term image contrast is used here to distinguish from the concept
radiation contrast defined in paragraph 3.10.
In eq. 5.6.1 the bracket expression always is larger than zero as attenua-
tion always goes together with hardening of the beam. Hence the image
contrast A l / I is always larger than the radiation contrast
Eq. 5.6.1 can be used to calculate RCE that is defined from:

Al
= (1 +RCE) 5.6.2

For very efficient image receptors * " goes to zero and RCE = 0.
The same holds for cases where A ^ " / ^ " = A ^ ' / * ' . These are cases of
details with s » t e f f , cases where heavily filtered radiation enters the
image receptor or cases where the K-edge of the image receptor or
detail material plays a role.
Relatively high values of RCE can occur for thin image receptors and
for details with s « t e f f . In this case, working out of eq. 5.6.1 with
eq. 2.3.1 and eq. 2.4.4 leads to a simple approximation (no K-edge
effects)

0.19
RCE = 5.6.3

(2 t T x)0-63

The summation sign includes all materials passed by the beam before it
enters the image receptor input screen.
For more realistic image receptors, RCE is lower than indicated in
eq. 5.6.3. Fig. 5.7 shows RCÉ as a function of tT i Xj for some represen-
tative values of 2 t T x. In this figure, the calculations are based on
eq. 5.6.1, in which values of ^ are obtained from eq. 2.3.3. Both for
the detail and for the image receptor, the value of s was considered
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Figure 5.7 Radiation contrast enhancement RCE versus image receptor filter
value t-j-jXj

Calculated values according to eq. 5.6.1.
Conditions for calculation are: - sp < tp

— sj < teff,i
— no K-absorption edge effects
— no image receptor window

Parameter is the filter value t-rpxp.

I
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negligible. Further, K-absorption edge effects and absorption in the
image receptor window were neglected. Non neglect of such effects
usually will lower the value of RCE.
In the range of practically occurring patients, 0.2 < tT p xp < 0.6 and
practical image receptors, 0.1 < t T j xs < 1.5, therefore, RCE will have
values ranging from 0 to 0.35.

5.7 Discussion

In this chapter the energy fluence detection efficiency EDE of the
image receptor is introduced as the final step in the description of the
energy transfer in the X-ray system. The usefulness of the concept was
pointed out already in the introduction to chapter 5. Many systems
operate under the conditions of constant energy density I absorbed per
image.
The EDE is shown to be described well by the attenuation of the radia-
tion in the image receptor, when a correction is applied related to the
escape of characteristic radiation. This correction depends on the
escape probability, which could be estimated from the literature (see
fig. 5.5). The correction will be maximal when the peak of the X-ray
spectrum coincides with the position of the K-edge. Fig. 5.6 illustrates
this. Fig. 5.6 also shows a relatively high EDE for the Gd2O2S screens.
This value is not only due to the larger thickness of these screens in the
example shown, but also to a favourable value of the attenuation
coefficient of these screens.
The dependance of EDE on the quantum energy leads to enhancement
of the radiation contrast as described in paragraph 5.6. The enhance-
ment term RCE can be described well with the concepts of chapter 2.
In fig. 5.7 its value is shown. For thin image receptors it has a
considerable influence on the contrast, for thicker image receptors and
heavy filters and also for tube voltages above the K-edge of the image
receptor, its value is low.
Further use of the quantity EDE will be made in chapter 7.
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6. MODULATION TRANSFER

6.1 Introduction

The shadow image generated in the X-ray system is a record of the
spatial modulations in the energy density absorbed during the irradia-
tion time in the radiation sensitive layer of the image receptor. In a
noise free system, these modulations in turn are all generated by the
detail structure of the object. Noise in X-ray systems will be discussed
in the next chapter.
In the process of transfer from the absorption difference associated
with a detail to the modulation of the energy density in the image
receptor and then to the final image, the system will not behave ideally.
The image will be unsharp.
To study the transfer of modulations, the concept modulation transfer
function (MTF) is very convenient. The MTFcan be defined in one or in
two dimensions (Dainty and Shaw, 1974). It is the normalised Fourier
transform of the response of any system on a detail that is a mathe-
matical line or, respectively, a mathematical point.
Use of the concept of modulation transfer is in fact allowed only under
condition of spatial invariance of the system properties (called iso-
planatism) and under condition of linearity of the response with regard
to the magnitude of the radiation contrast (corresponding to an image
receptor gradient that equals 1). In practice, for small modulations of
not too low spatial frequency, both conditions are fulfilled approxi-
mately.
The MTF visualizes the transfer of modulations as a function of their A

spatial frequency. Always geometric magnification of the shadow image
and often subsequent optical or electron optical demagnification occur
in the X-ray system. Therefore the spatial frequencies refer to a
particular plane only. 1
The modulation transfer in an X-ray system is usually nearly equal to
one for low spatial frequencies. For higher frequencies, the modulation
transfer diminishes, the value of the MTF decreases to reach zero at
some frequency. Sometimes its value increases again above that
frequency. The MTF then approaches its final zero value in an
oscillating manner.

All this of course is a formal way of stating that the image of the X-ray J
system is unsharp. It is easy to list the conditions that will avoid such >!
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unsharpness. These are:

1) a point like focus,

2) an infinitely short exposure time or a complete absence of relative
motion of the object, the focus and the image receptor,

3) a perfect collection to a single point of the light (or other converted
type of energy) that is generated per X-ray quantum absorbed in
the image receptor and perfectly sharp further conversion processes
if any (e.g. light to f i lm density or light to photo electrons and these
photo electrons after acceleration again to light in an image
intensifier).

In the real case none of the conditions 1 to 3 will be obeyed. The focus
size, the irradiation time t, r r and the rate of movement of the detail will
be finite and will give rise to what is commonly called focus unsharp-
ness and movement unsharpness. Further, in the energy conversion
process in the image receptor the absorbed energy will be spatially
distributed around the point of impact of each of the X-ray quanta; this
is called image receptor unsharpness.
The description of the total unsharpness (us) of the system from focus,
movement and image receptor unsharpness (Uf, u m and Uj) is not
straightforward. The concept unsharpness lacks a precise definition.
When, especially in older literature, an X-ray system is described in
terms of unsharpness, a summing rule is used:

n n n,1/n
Us = (u f + U m + u , ) 6.1.1

Values for n between 1 and 3 are suggested in the literature. In fact, n
will vary depending on the case, 't Hoen (1981) summarises the
situation. i
In chapter 11 of this thesis, the noise equivalent aperture width will be
used to define the unsharpness. The use of this term is introduced by
Schade (1954) and suggested also by Wagner (1977). Such a definition :

of unsharpness of course remains arbitrary.
Use of MTF's for a description of unsharpness removes the arbitrariness.
For each source of unsharpness an MTF can then be defined and the
system MTF will by definition be the product of these MTF's. |

Formally it is necessary to include also the MTF caused by the |
scattered radiation. The decrease of the modulation depth caused by |
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scattered radiation however has a constant value for all frequencies of
interest with a possible exception for details situated very near to the
image receptor, as can occur eg. in mammography (Friedrich and
Weskamp, 1978). For the purpose of the model, the influence of scatter
radiation is accounted for as a factor reducing the radiation contrast
(eq. 3.10.1).

6.2 Model description

In the model a one dimensional MTF will be used to describe the sharp-
ness of the system in a direction that is perpendicular to the X-ray
beam axis and that will be called the z direction.
Although usually the plane of reference for the system MTF is taken to
be the plane of the detail, for the development of the model, it is of
interest to take instead for this plane the sensitive layer of the image
receptor. In chapter 7 it will turn out that the definition of the noise is
logically given also in this plane and in the calculation of the window
signal to noise ratio in chapter 8 it is necessary for signal and noise to
be defined in the same plane. Reverting back to the plane of the detail
simply is reached by scaling with the geometric magnification.

The details are assumed to be bar shaped, perpendicular to the z
direction, parallel to the image receptor and sufficiently long to allow a
one dimensional treatment of unsharpness. The cross section of the
details is assumed to have a width zd , the excess attenuation is constant
over the cross section. Their velocity vd is in the z direction and is
constant during the irradiation time. The focus is assumed to have in
the z direction a constant intensity over its width, z f .
The focus unsharpness and the movement unsharpness will both be in-
fluenced by the geometric magnification M. When df j is the distance to
the image receptor and d f j is the distance to the detail, both measured ;j ; '
from the focus, then M = dfj/dfd- T

The modulation transfer function of the X-ray system in the plane of "
the image receptor, MTFs(dj), can now be written (see eg. Metz and
Doi, 1979):

siri7rp(M -1) zf sin n v M t i r r vd

MTFS (dj) = — — MTFj 6.2.1
s IT i> (M - 1) zf n v M t j r r vd '
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In the ideal case of a perfect system MTF, the modulation in the image
receptor plane has a lateral extent equal to the lateral detail size zd
times the geometric magnification. Further, in that ideal case, the
modulation depth is given by the image contrast A l / I , defined in
eq. 5.6.2.
In the real case, the bar shaped detail will be represented in the image
by a response, that from now on will be called the image modulation w.
w is obtained as the inverse Fourier transform OF

M of the product of
the system MTF and the frequency spectrum of the detail

sin (irvMzd) Al )
MTF.(dj)Mzd — f 6.2.2

s l nvMzö I

An interesting aspect of eq. 6.2.2 is that after integration of w(z) over
the entire z-axis it defines a parameter, which will be denoted with the
zymbol Z and which describes the image contrast integrated over the
width of the detail, the detail image contrast content:

Al
Z = M zd — 6.2.3

Note that Z increases with the geometric magnification. For most X-ray
systems eq. 6.2.2 represents a linearisation that is valid only for details
that are small in size and in radiation contrast.

A complete discussion of the properties and the use of modulation
transfer functions is given in many textbooks such as Bibermann
(1973), Dainty and Shaw (1974). Metz and Doi (1979), cited earlier in
this paragraph, review the use of the MTF theory in the description of
X-ray systems.
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7. NOISE

7.1 Introduction

The shadow image obtained in the X-ray system represents the details
of the imaged object in an imperfect way. Already it has been stated
that the modulation caused by a detail is blurred during its transfer to
the image plane, it now has still to be discussed that there are also
(Sturm and Morgan, 1949) modulations in the image plane that are not
related to any detail. These modulations are usually called noise.

The following noise generating mechanisms can be distinguished

1° random fluctuations in the density of X-ray quanta absorbed in the
radiation sensitive layer of the image receptor,

2° random fluctuations in the energy of visible light (or other
converted form of energy) collected per absorbed X-ray quantum,

3° non stochastic causes such as (lateral) inhomogeneity in the energy
conversion process e.g. from technological flaws in screens or line
patterns on TV monitors.

The entire situation is quite complex.

Motz and Dick (1981) have explored experimentally the probability
distributions of the energy of visible light generated in intensifying
screens and have shown that these distributions will increase the
quadratic noise by 20% (CaWO and BaFCI) to 30% (other screens,
such as rare earth screens). These data may reflect properties that can
be influenced technologically. Motz and Dick also show that the
average number of light quanta per incident X-ray quantum in these
screens is large (200-2000). In some image receptors however, the
screen is coupled to a fi lm plane by an optical system transmitting only
a small fraction of the light quanta, in which case the energy density of
the collected light will become noisier (Albrecht, 1965).

The noise will be spatially filtered (blurred) by all transfer stages to
which it is subject. The first transfer stage occurs in the radiation
sensitive layer of the image receptor. This stage usually causes
considerable blurring of the quantum noise.

High frequency noise may yet be present in the final stage of the image.
This occurs when the noise is generated at a later stage. Examples of
such high frequency noise are graininess due to porperties of the fi lm in
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images made with f i lm screen combinations and electronic noise in
image intensif ier television systems.
Another aspect of the noise types of these examples is that they are not
related to the X-ray quantum density.
To limit the discussion in this thesis, only the X-ray quantum density
fluctuations, the first of the noise generating mechanisms mentioned
above, will be dealt with. This limitation means the neglect of ail other
noise sources. It will be clear that such neglection is not really allowed;
so the estimates of the noise based on the X-ray quantum density
fluctuations will not be fully realistic.
However it is believed that in most cases the estimated noise will differ
from the real noise by a factor that is not very variable and that even in
important cases (screen fi lm combinations, Barnes, 1982} is not much
lower than one. So the quantum density fluctuation estimate of the
noise will give the right ranking of the images regarding to noise. Only
when the quantum noise becomes very small {large energy fluence per
image), the noise from other causes will dominate and the estimate of
the noise from the quantum density fluctuation will become meaning-
less.
In the following paragraphs, first the noise model will be developed for
a sharp imaging system and then the influence of the unsharpness will
be brought into account.

7.2 Noise in efficient sharp image receptors

Let a mono energetic X-ray source be operated under stable conditions
so that the mean of the quantum density in a given plane is N\j,. The
mean value of the radiant energy B passing through an aperture with
area a in that plane then is N ^ E a in which E is the quantum energy.

The probability distribution of the radiant energy for this case follows
straightforwardly from the Poisson probability distribution of the
quantum density. For a sufficiently large number of quanta, the
probability, distribution of the radiant energy hence is Gaussian with a
variance

var(F)=E2 N^a 7.2.1

The left hand side of this equation can be described in words as the
quadratic noise of the X-ray beam passing through the sampling
aperture. When an image is made with this X-ray beam and with an
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image receptor that is ideally sharp and efficient and that is placed in
the plane of the aperture, then comparison of the quadratic noise of the
X-ray beam to the square of the energy that has passed through the
aperture defines the square of a signal to noise ratio for the so obtained
image:

7.2.2
(SNR)2 E 2

Schade (1975) calls this SNR the signal to noise ratio for the grey scale.
It is a measure for the minimum grey scale difference in the image that
is observable through the aperture a.
For poly energetic radiation the total variance of the radiant energy
passing through the aperture a is the sum of the variances of the
number of quanta in each incremental energy range in the X-ray
spectrum, each weighted with the square of that energy:

var(£) = a / E 2 — - - dE 7.2.3
dE

Arid now, in analogy to 7.2.2, we obtain for the square of the signal to
noise ratio:

7.2.4
NECty a

( / E — — aE)2

at

In this way a noise equivalent incident quantum density is defined.

It is now interesting to see how this noise equivalent incident quantum
density NEQ^ relates to the effective quantum density Neff defined in
eq. 2.4.7. To inspect this, it can be noted that X-ray spectra can be
approximated with a cosine shaped distribution as given by eq. 2.4.5.
Using that in eq. 7.2.4 results in

I - Ceff 2

e f f + 2 E e f f
2 - 8 ( — )

7.2.5

T2-2TEef f+2Eef f
2-8(
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Fig. 7.1 shows the ratio NEQ^ /N e f f as a function of Eef f/T.
turns out to be nearly equal to N e f f for all practical spectra (Ee f f /T >
0.6). This further means that for practical X-ray spectra the quadratic
noise can be written as

var(E) = Eef f
2 N e f f a 7.2.6

7.3 The concepts of detective quantum efficiency and noise
equivalent quantum density

For not completely efficient image receptors the grey scale signal to
noise ratio in the image will be smaller than for efficient image recep-
tors. The detective quantum efficiency, DQE, is defined {Dainty and
Shaw, 1974) as the pertinent measure of the performance of the image
receptor. It equals the ratio of the square of the grey scale signal to
noise ratio obtained in reality and that obtained in the idea? case.

Here the concept DQE will be used in a restricted sense. It will be used
to describe the effect on the grey scale signal to noise ratio of in-
complete absorption in a perfectaly sharp image receptor, in this
restricted sense, DQE is defined by

DQ6. = £ J isL
E2 var (I a}

la is the energy that passes through the aperture with area a and that is
absorbed in the image receptor, var(Ia) is the variance in la.

In analogy with eq. 7.2.4 it is further possible to rewrite eq. 7.3.1 as

DQE = NEQ/NEQ^ 7.3.2

This equation defines NEQ, the noise equivalent density of quanta
absorbed in the image receptor. (A more general description of NEQ
relates this quantity to all inoise sources in the image, see e.g. Dainty and
Shaw, 1974 and also Doi et al, 1982.) Both quantities, DQE and NEQ
are important characteristics of the image receptor performance.
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Figure 7.1 Ratio of the noise equivalent density of incident quanta and the
effective quantum density Neff for cosine shaped X-ray spectra,
shown as a function of Eeff/T.

Calculated values according to eq. 7.2.5.
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7.4 Detective quantum efficiency in a simple case

For mono energetic radiation with quantum energy E, when no escape
of secondary radiation occurs, the probability distribution of the
absorbed energy I a is found to be Gaussian, similar to what was noted
in paragraph 7.2 for the radiant energy. Therefore, analogous to
eq. 7.2.1:

var(Ia) = E2 Nr a 7.4.1

Substitution of this result with eq. 7.2.1 into eq. 7.3.1 shows that in
this case

DQE = EDE 7.4.2

7.5 Detective quantum efficiency in the general case

For polyenergetic radiation, in analogy with eq. 7.2.4, the inverse of
the noise equivalent quantum density of absorbed radiation equals

1 dNi dN, ,

With this and with eq. 7.2.4 and 7.3.1 we find that

EDE d N * ; dN,

' E ™ ( ' E d T d E

From the right hand side of this equation it is easy to indicate qualita-
tively when DQE will be larger than EDE and when it will be smaller.

When the image receptor K-edge lies outside the X-ray spectrum, then,
for thin image receptors and especially for wide (weakly filtered) •
spectra, the mean energy of the spectrum of the absorbed radiation lies ••
at a lower quantum energy than that of the incident radiation. I
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The ratio of the integrals of dN^/dE in eq. 7.5.2 will therefore be
relatively large. This means that the ratio between DQE and EDE will
be larger than one.
As an example, the ratio DQE/EDE is calculated numerically from
eq. 7.5.2, assuming an image receptor characterised by an absorption
coefficient varying with E"2-75 and an incident X-ray spectrum
described by eq. 2.4.5. The results are given in fig. 7.2. The ratio
DQE/EDE is displayed as a function of the total filtration,
characterised with the product tT p xp.

When the image receptor K-edge lies within the X-ray spectrum, the
high energy part of the spectrum is detected with good efficiency.
In the incident beam this part contains relatively few quanta, so now
DQE will become smaller than EDE. The effect is counteracted to some
extent by the escape of radiation after absorption of high energy
quanta.
An illustration is given in fig. 7.3, where the results of numerically
calculated values of DQE/EDE are displayed against the ratio EK/T. An
image receptor is assumed in which the absorption coefficient varies
with E"2-75, but with an increase by a factor 7 at the K-edge. The X-ray
spectrum is described by eq. 2.4.5. The curves in fig. 7.3 describe cases
of thin as well as thick image receptors. For a thin patient and a thin
image receptor, the influence of the escape radiation as described by
eq. 5.2.3 is made visible by showing the results as calculated with and
without inclusion of this effect. For thick image receptors, the decrease
of the ratio DQE/EDE that occurs for values of EK within the spectrum
is not very pronounced. This can be understood as for these image
receptors the difference between the detection efficiency for the low
and the high energy part of the spectrum will be relatively small.

7.6 Model description of DQE

Fig. 7.2 and 7.3 show that the ratio DQE/EDE usually is somewhat
larger than one. A deviation from this ratio by more than 20% of the
value one does not occur unless the value of t T i xs is below 0.4 and
then only when tT p xp is below 0.15 and when EK > T. These are
conditions that are not likely to occur together.

Values tT i X; < 0.4 of image receptors occur only at high effective
quantum energies, but then EK « T. So e.g. for a set of thin BaFCI
screens, 0.1 mm each, a value tT i x, = 0.4 is reached at a quantum
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energy of 74 keV, corresponding to an X-ray tube voltage of 120 kV
filtered by 300 mm water. Values of t T p xp below 0.15 also occur
usually only at high X-ray tube voltages (e.g. 120 kV and 250 mm
water). The examples illustrate that the combination of al! three condi-
tions is unlikely.
From this discussion as a useful approximate relation for a broad class
of beam filtrations and image receptor thicknesses, one can write with
an accuracy better than within 20% that

DQE = EDE 7.6.1

Also, with eq. 7.3.1 and eq. 7.2.5, one can write with about the same
accuracy

NEQ = EDENe f f 7.6.2

These last relations provide a direct estimate of the quantum noise in
the image from knowledge of EDE and Ne f f , which were obtained in
chapters 5 and 3. In the model calculations, eq. 7.6.1 and eq. 7.6.2 will
be used to obtain NEQ.

7.7 Noise in inefficient unsharp image receptors

So far, the quadratic noise was given for a sampling aperture with area
a. In the description of the signal to noise ratio (chapter 8), it will be
assumed that the image is sampled with long apertures in the image
receptor plane that have a width za and a length ma za, with a length to
width ratio ma » 1.
In the case of a perfectly sharp image receptor, the quadratic noise
var(I a) in the image, seen through such an aperture is, in analogy to
eq. 7.2.1 given by

var(Ia) = Eef f
2 NEQmaza 7.7.1

za~. This result is not true foras the area of the aperture now equals ma <-a
an unsharp image receptor. In such a receptor, the noise observed in
small sampling apertures is influenced significantly by quanta absorbed
outside the aperture but sufficiently close to it, so that part of the
energy of these quanta, after conversion, reaches the sampling aperture.
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Figure 7.2 DQE/EDE versus filter value t j p x p .

Values are calculated by numerical integration of eq. 7.5.2 for
cosine shaped x-ray spectra. The K-edge of the image receptor
lies outside the X-ray spectrum.
Parameter is the filter value tTjXj
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The consequence is that in unsharp image receptors, the noise in the
image is lower than in a sharp system. The unsharpness filters out the
noise, the effect is noticeable especially for small aperture widths.

Only an approximate calculation of the quadratic noise in this case will
be presented. An exact calculation would be more involved and is
considered to be not justified in view of the rather coarse assumptions
in chapter 8 where the results of this paragraph will be used again.

The effect of the noise filtering in the image receptor can be described
in good approximation following Schade (1954). The image receptor
can be characterised by its noise equivalent aperture width

1
Zeq =

2 / ° ° MTFj2 dv
0

7.7.2

j is the modulation transfer function of the image receptor.

For the long sampling aperture introduced in this paragraph, the noise
filtering takes place in one dimension only. The quadratic noise
transmitted through the long aperture hence becomes equal to

var(Ia) = ma z NEQ
2 2

+ Z e q

=eff 7.7.3

7.8 Discussion

In this chapter approximate expressions are derived for the important
quantities NEQ, the noise equivalent density of absorbed quanta and
DQE, the detective quantum efficiency. NEQ determines the noise level
in the image (see eq. 7.7.3); DQE relates this noise level to what could
be reached with an ideally efficient image receptor placed in the same
X-ray beam.
It is very fortunate that DQE can be put equal to EDE (eq. 7.6.1).
This namely means that all X-ray systems operating at constant
absorbed energy density I per image, operate also at a noise equivalent
quantum density NEQ that depends only on the effective quantum
energy Ee f f . This result makes it possible to carry out the discussions in
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Figure 7.3 DQE/EDE shown as function of the relative position in the
X-ray spectrum of the K-binding energy of the image receptor.

Values are calculated by numerical integration of eq. 7.5.2 for
cosine shaped X-ray spectra.
Parameters are the object filter value tx px p and the filter value
above the K-edge of the image receptor, tTjXj |H
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chapter 11 in a particularly clear fashion: at a given tube voltage,
patient and geometry, the noise equivalent quantum density remains
constant when the product of X-ray tube load per image and EDE of
the image receptor is constant.

The full significance of the energy transfer calculations is now visible.
From the energy density transferred to the image receptor and the
effective quantum energy, the quantum noise (e.g. eq. 7.7.3) can be
calculated directly.
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8. WINDOW SIGNAL TO NOISE RATIO

8.1 Introduction

The choice of the operating conditions of the X-ray system influences
the properties of the image that is obtained. These conditions can be
called good when they lead to images containing a maximum amount of
information. The information in the image will increase when more
details of relevant nature have a chance to become detected. This still
rather vague statement can be interpreted as a correspondence between
image quality and the detectability of details that are relevant.

So, for comparison between X-ray systems, the detectability of certain
arbitrarily defined details can be regarded as a measure of the imaging
performance of these systems. The trueness of the measure depends on
the relevance of the arbitrarily chosen details.

In this work, an isolated detail with a low contrast, shaped as a short
bar will be considered such a relevant detail. The sense of the adjective
short will be explained in paragraph 8.2.

Bar shaped detans of which the radiation contrast is small are common
objects in a patient, possibly the best example is the contrast filled
artery. Bar shaped image details of other origin, such as from structures
in bone as well as object details of which the image is a disk or larger
contours that project as an edge of course also occur.

Optimisation of detectability of details of other shape, e.g. disks, will
lead to slightly different results because of differences in the way the
modulation of these details is transferred.

The principal descriptor for perceptibility of a detail in an image is
generally accepted to be the detail signal to noise ratio (Rose, 1948,
Hay and Chesters, 1977, Schnitzler, 1973 and many others). The term
detail signal to noise ratio, however, is cornered by Schade (1956).
The meaning of this term will be discussed in paragraph 8.2.

In publications on detail perceptibility, usually eye properties are
inferred from perception experiments and the detail signal to noise
ratio is defined including assumed properties of the eye. It is beyond
the scope of this work to describe such properties of the eye.

Therefore a technical definition of the detail signal to noise ratio will be
chosen in paragraph 8.2. This technical definition will be shown to be
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relevant to the visual perceptibility of details. This is discussed in
paragraph 8.3. The so defined concept is called window signal to noise
ratio and it is used in this thesis as the property of choice to describe
the imaging performance of the X-ray system.

Other properties, such as contrast, brightness, dynamic range, noise
level, distortion, will not be considered systematically. To some extent,
depending on the availability of means to process the image, these latter
properties can be changed and adapted to suit the observer. The
window signal to noise ratio on the contrary is a property of the image
that cannot be improved by image processing.

8.2 Definition of the window signal to noise ratio

Schade (1956) defines a detail signal to noise ratio without invoking
properties of the eye. This concept provides an objective measure of the
possibility of detecting a detail in a noisy scene. The crucial point of
Schades quantity is that the detector sampling aperture coincides in size
and in shape with the detail.

The signal is the increment in the response of the detector when its
aperture is shifted from the surround of the detail to the detail itself.
The noise is the standard deviation of the system response when
observed through this aperture. It therefore is the root of the quadratic
noise as defined in chapter 7.

Starting from Schades concept, a detector will be proposed here that is
suitable for the detection of bar shaped details (the choice made in the
previous paragraph). The sampling aperture of the detector will be
assumed to be rectangular.

It is first noted that Schades definition is not yet sufficiently precise.
The aspect that has to be added is the choice of the location of the
sampling aperture when observing the surround c the detail. To cover
this aspect, it is plausible to assume that the detector is provided with a
second aperture, immediately adjacent to the detail aperture.

For the moment, this choice will be adhered to arbitrarily, but in
paragraph 8.3 it will be shown that it is related to results of perception
research. In addition it will be assumed that the surround aperture has
two lobes, each with the same area as the detail aperture, one on each
side and both weighted with a factor — |. The set of apertures as a
whole acts as the detector. Fig. 8.1 shows the resulting geometry of the
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Figure 8.1 Perspective sketch of the spatial distribution of the response factor
of the detector that is used in the definition of the window signal
to noise ratio.
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detector aperture set.

A second problem in the definition of the detector aperture is the
choice of its length. As does Schade, we will assume that the aperture is
adapted optimally to the size of the detail. Schades choice is that length
and width of the detector aperture are both adapted independantly to
their optimum value. Here we will take a more cautions view.

It will be assumed that the length to width ratio me of the detector
apertures is constant. The conceptual consequence is that the detector
can now be thought to have only one single set of apertures and that
adaptation of the aperture size to its optimurr value can be reached by
changing the magnification at which the image is inspected. me will be
assumed to be sufficiently large to allow a one dimensional treatment
of the unsharpness. On the other hand, me is thought to have a realistic
value, one that is not in conflict with eye properties as could be
inferred from perception research.

A conceptual difficulty arises regarding the length to width ratio of the
image of the detail. When this ratio does not have the value me , a
complete f i t between the detail and the detector detail aperture cannot
be obtained. The length of the image of the detail is M md zd , where M
is the geometric magnification, md is the length to width ratio of the
detail and zd is the width of the detail.

When the imaging system forms an unsharp image of the detail, the
length to width ratio of the image will be lower than m d . For long
details (M md zd > me ze) an increase in the unsharpness will not lead
to a decrease in the detectability ('t Hoen, 1981) until the length to
width ratio of the detail image has become equal to me. In this sense
one can also define a short bar shaped detail, one for which
M md zd < me ze. When in paragraph 8.1 relevant details are described,
details that are short in this sense are intended.

When the width of each aperture of the detector is ze, the detected
signal S is the product of the average absorbed energy density I and the
integral of the value of the modulation of the detail w(z), as given in
eq. 6.2.2. This integral is weighted with a factor + 1 in the area of the
central aperture and a factor —gin the area of the outer apertures.
In formula:

. oo
S = IM md zd ƒ w(z) v(z) dz 8.2.1
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in which v(z) = + 1 for |z| < \ ze and v(z) = — | for \ ze <lzj< - jz e .

Integration along the length of the detail generates the factor M md zd.
md is assumed to be sufficiently large so that unsharpness along the
length of the detail can be neglected.

The detected noise is taken equal to the root of the variance of the
energy detected by the central aperture only. Unsharpness of the noise
is accounted for in the approximation of eq. 7.7.3. (Actually this
definition of noise is not consistent. Signal and noise should be
processed by the same apertures. For the noise, this involves weighting
of the contributions from the detail aperture and the surround
apertures. For sharp noise, this consistent approach increases the noise
by a factor 1.5. For unsharp noise, convolution of the line spread
function has to be carried out first; no simple analogon for eq. 7.7.3
can be reached. Apart from the factor 1.5, the difference between the
consistent and the approximate treatment will remain small.)

In the terminology of chapter 7, the noise becomes

Vvar( la) = JE2 me ze NEQ\/ze
2 + zeq

2 8.2.3

As signal and noise are defined both in the same plane, the plane of the
image receptor, the value of WSNR as defined in this chapter can there-
fore be written as

WSNR = max| 2 ( - ) 8.2.4
V var(I a)

8.3 Some results of perception research

To obtain a feel for the practical significance of the concept of window
signal to noise ratio for cases where the image is observed by the eye, it
is of importance to discuss some results of perception research. Signal
to noise ratios have been used since Rose (1948) introduced the
concept. i
Rose defined the signal to noise ratio in the retina of the eye of the |
observer. The eye is regarded as an "ideal pick up device". In that .^
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description the only noise source is the statistical fluctuation in the
quantum density of visible light quanta that reach the retina. Percep-
tion is possible when the signal to noise ratio exceeds a threshold value.
Roses work provided an encouraging match to the results of psycho
physical experiments on perception of low contrast details with sharp
edges; notably the results published by Black wel I (1946).

The definition of the signal to noise ratio in the retina is by more recent
authors replaced by a definition of the same concept at receptive fields
located behind the retina. Various properties of the visual system, such
as the range of sizes of the receptive fields available, the unsharpness or
the internal noise can be taken into account. In that way, the results of
perception experiments could be described much better than was
possible with Roses model.
Such descriptions are given for example by Blackwell (1963), Campbell
and Robson (1968), Hay and Chesters (1977), Schnitzler (1973) and
't Hoen (1981).

For description of the perceptibility of unsharp details two approaches
will be compared.
Hay and Chesters (1977) formalise this problem by assuming receptive
fields in the visual system. Each field defines a retinal area with a
central stimulus region surrounded by an inhibition region. The recep-
tive fields are optimised for detection of details with an angular size
between 1 and 10 m rad. This description is supported by the results of
Hubel and Wiesel (1977) who collected micro biological evidence
demonstrating the existence of receptive fields of various sizes and with
a shape that is adapted to the detection of bars and of edges of various
orientations.
Use of the concept of receptive fields implies that the scene in the
image is scanned with the brain or with the eye. The signal becomes
equal to the convolution of the scene luminance distribution and the
receptive field response factor.

't Hoen (1981) describes the eye as an unsharp gradient detector.
The detectability of a detail depends on the luminance gradient in the
scene that exists after spatial filtration with the modulation transfer
function of the eye. This modulation transfer function is an
exponential function of the spatial frequency with a characteristic
frequency of C.3 to 1 mrad"1, depending on the detail type.

The receptive field concept of Hay and Chesters becomes comparable
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to the unsharp gradient concept of 't Hoen

— when each central stimulus region is adjacent to and equal in area to
the associated inhibition region and

— when the detection criterion is the peak value of the convolved
signal.

The latter condition reduces the convolution to a simple integration
over the area of the receptive field of the product of the receptive field
response factor and the detail modulation. The first condition then
describes that detection is on the spatial gradient of the signal distribu-
t ion.
None of these two conditions are in contradiction with the published
results on receptive fields of the visual system. With these additional
conditions, the receptive field description becomes also very com-
parable with the detector introduced in paragraph 8.2.

In a number of important aspects, the description of detectability as a
value of WSNR is more abstract than the available descriptions of
perceptibility (in terms of properties of the visual system). Such aspects
often regard the shortcomings of the visual system: its unsharpness or
the range of sizes of its receptive fields and its internal noise as well as
the influence on these properties of the brightness of the image.
However, as noted before, these shortcomings of the visual system can
in principle largely be overcome by adjusting the brightness, the optical
magnification and the contrast amplification of the image.

One other aspect in which perceptibility escapes the description as a
window signal to noise ratio is the ability of the eye to integrate the
detail signal in time, 't Hoen (1981) reviews that situation. In this
thesis, the discussion is limited to perception of still images.

8.4 Window signal to noise ratio in the case of perfect modulation
transfer

In eq. 8.2.3 energy transfer, modulation transfer and detection are
combined in such a way that the influence of the energy transfer alone
is not clearly demonstrated. Therefore, eq. 8.2.3 will be written out for
the case of perfect modulation transfer. In that case the modulation
w(z) is constant over the projected width M zd of the detail. The width
ze of the elementary detector will become equal to M zd so that
eq. 8.2.1 and eq. 6.2.2 reduce to
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S = — md M2 zd
2 Eeff NEQ 8.4.1

The root of the quadratic noise in eq. 8.2.2 becomes (there is no noise
filtering)

V var(I a? = E p f fVm e NEQ* M zd 8.4.2-eff v Ine

Combining these equations and using the concept of image receptor
contrast content (eq. 6.2.3) leads to

md
WSNR = Z - p VNEQ 8.4.3

In this equation many X-ray system parameters are implicitly present.
These can be made visible by writing out eq. 8.4.3, but first, in
paragraph 8.5, the influence of unsharpness on WSNR will be worked
out using as an example Gaussian unsharpnesses. Then in paragraph 8.6
some expressions will be generated to bring out various X-ray system
parameters that together determine WSNR.

8.5 Window signal to noise ratio in the case of Gaussian line spread
functions

To obtain insight in the influence of a less than perfect modulation
transfer on the value of WSNR, in this paragraph, as an example, the
case will be treated of a system that will be used to image a detail with
a Gaussian distributed X-ray absorption with a characteristic width Xd.
The line spread functions of the system are also Gaussian with
characteristic widths Xa and Xf. Xa belongs to the shadow image, it in-
cludes focus unsharpness and movement unsharpness; X, beiongs to the
image receptor.
These three characteristic widths together define a fourth one, Xr, that
describes the system response function:

Xr = >/xd
2 + Xa

2 + Xj2 8.5.1
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Further, the detail image contrast content Z will be assumed to be
constant. Hence, the modulation w(z) is given as

z
Xr 2Xr

2

The distinction between Xa and X, is important because Xf acts as a
noise filter. For the Gaussian case, the noise equivalent aperture width
defined in eq. 7.2.2 is given as

zeq = 2 V ? Xj 8.5.3

As a result, the window signal to noise ratio as given in eq. 8.4.3 is now
replaced by

WSNR = Z - ~ V7ÏËQ1 2\fa

maxi
2e

V
8.5.4

Fig. 8.2 illustrates eq. 8.5.4 for some cases. This figure shows three
curves representing WSNR as a function of Xd /X r . In the upper curve
there is no shadow image unsharpness, Xa = 0. In the middle curve
shadow image unsharpness and image receptor unsharpness are equal,
Xj = Xa. In the lower curve, for the case in which the image receptor
unsharpness is zero, Xf = 0.

Moving up along each of the curves means that the total unsharpness
Xs = \ / X j 2 + Xa

2 becomes smaller relative to the detail width parameter
Xd . The value of Xd

 2 /(X,2 + Xa
2 ) is indicated for the central curve,

curve b in fig. 8.2.

The curves of fig. 8.2 can be regarded as members of a larger family of
cases, governed by the condition that a constant ratio between \-f and
Xa exists.

For sufficiently small Xd , and for a constant ratio Xj/Xa, fig. 8.2 shows a
proportionality between WSNR and Xd/Xr
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VNEQ ~r~ 8.5.5
r

The value of the proportionality constant c is close to 1 but it depends
on the ratio of X j / \ a .
An increase in the ratio Xj/Xa means an increase in the degree of noise
filtering. The figure shows that this noise filtering has a marked
favourable influence on WSNR. When a given system unsharpness is
dominated by the image receptor unsharpness (Xj/Xa » 1), the
window signal to noise ratio is higher by a factor 1.36 than when the
same system unsharpness is dominated by the shadow image unsharp-
ness (Xj/Xa « 1). Only for large details, Xd

2 > Xa
2 + Xj2 , this factor is

closer to one.

When in a system the image receptor unsharpness is increased from a
negligible value to a value that completely dominates the unsharpness,
keeping the shadow image unsharpness and the detail size at a constant
value, WSNR will depend on Xd/Xr as indicated with the hatched curves
in fig. 8.2 for the examples that Xd = | Xa and Xd = Xa. The latter case
is shown more clearly in fig. 8.3.

Fig. 8.3 shows WSNR as a function of Xd/Xr for two cases. In the first
Xa = Xd and X, is varied, in the second X, = Xd and Xa is varied. In the
region where the unsharpness Xa and X; are of comparable magnitude
(0.6 < Xa/Xj < 1.6), fig. 8.3 shows that the window signal to noise ratio
changes much faster with Xa than with Xj. When the slopes of the two
curves of fig. 8.3 are called 7j and ya, defined as

9 WSNR , . 3 WSNR
7 I a n d ?a = a > A I 8.5.6

X j = c

then, in fig. 8.3, at the cross point of the curves, the value of the ratio
of 7j and 7a can be found and equals

7j
— (Xa - Xj) = 2.5 8.5.7
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WSNR 10r

1.0

Figure 8.2 WSNR depends on the ratio of the detail width Ad and the system
response width x r , but for each value of Xd/Ar, it still depends on
the relative magnitude of the image receptor unsharpness X; and
the shadow image unsharpness Xa.

All unsharpnesses and the detail profile are Gaussian and in each
case X denotes the characteristic width.
WSNR is normalised with the factor I/Z V NEQ ( m d / V ^ ) (see
text).
To give an impression of the relative value of the characteristic
width of the detail compared to that of the system unsharpness
\ / X j 2 + Aa

2 , values of Xd2/< Xj2 + Xa
2! are indicated along the

curves.
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The cross point in fig. 8.3 represents the case that all three parameters
Xd, Aa and Xj are equal. Other similar sets of curves could also be
drawn, e.g. the curves for Xd = m \ 3 and Xd = m Xj. Such curves can be
easily sketched in fig. 8.2. If done so, it would again be visible that
WSNR depends heavier on Xa than on Xj. The ratio 7j/7a at the point
where A,- = Xa turns out always, for not too large details, to have a value
nearly equal to the one given in eq. 8.5.7.

The large value of 7j/"ya as expressed in eq. 8.5.7 is an important result.
This outcome of course depends on the choice of the definition of the
window signal to noise ratio. Although this choice, as made in
paragraph 8.2 is arbitrary in some aspects, the value of yjya will be
larger than one for almost any definition of the signal to noise ratio,
and will therefore depend only slightly on the definition that is chosen.

8.6 WSNR and system parameters

In the first paragraphs of chapter 8, it was argued that the window
signal to noise ratio WSNF is a valid descriptor of the image quality in
an X-ray system. In paragraph 8.4 it was shown in principle how WSNR
is related to X-ray system parameters for a "sharp" system, and in
paragraph 8.5 it was shown how these relations become in the case of
an unsharp system. The discussion in paragraph 8.5 was limited to the
example of Gaussian unsharpnesses. Eq. 8.5.5 was obtained for the case
of a constant ratio between shadow image unsharpness and image
receptor unsharpness.
Nevertheless eq. 8.5.5 will in chapter 11 be argued to be valid also for
many practical X-ray systems. Therefore, this equation will here be re-
written to bring out more explicitly some X-ray system parameters.
First the factor Z is written out using eq. 6.2.3, leading to

md AI , Xd2

WSNR = c —. M VNEQ - — 8.6.1
Vme I Xr

Replacing NEQ with eq. 7.6.2 and eq. 2.4.7:

NEQ = - — EDE 8.6.2
Eeff

gives
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Figure 8.3 Another presentation of part of figure 8.2, illustrating the
difference between the consequence on WSNR of a change in Xj
only and that of a change in Xa only.

This difference shows up as a difference in slope of the two
curves in this figure. One curve describes a case for which Xa >s
constant, the other a case for which Xj is constant.
Values of Xa/Xj and Xj/Xa are indicated along the curves.
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WSNR = c ~, V — - V EDE M — - 8.6.3

# can be written out further with eq. 2.3.3 to show the influence of
the tube voltage T/e, the distance of focus to image receptor d f u the
patient attenuation factor * / * o and the electrical charge in the X-ray
tube, the product of tube current J and irradiation time t j r r

J lirr 2.1 >P
* 5 T — 8.6.4

d f i 2

Eq. 8.6.3 can finally be used to show the influence of the scattered
radiation by replacing A I/I with eq. 5.6.2 and eq. 3.10.1 to eq. 3.10.3,
giving

md p
WSNR = c - 7 = — — (1 +RCE)

8.6.5

In this equation the factor V ^ p V ^ p 7 V1 +^ s 7^ p ' can be called the
quantum detection efficiency shown by the grid. It is discussed in
paragraph 3.10.

8.7 Discussion

The concept Window Signal to Noise Ratio (WSNR) is derived from
Schades detail signal to noise ratio and differs from that in a number of
aspects. These are:
1° The apertures that define WSNR are long. The details are long also;

their unsharpness plays a role in one dimension only.

2° WSNR is based on a set of apertures. In this way the comparison
between the detail and the surround is formalised. Two surround
apertures with length and width equal to that of the detail aperture
are located immediately adjacent to the latter.
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3° The length to width ratio of the apertures that define WSNR is
constant. Optimum adaptation of the aperture to the detail size is
reached by scaling length and width in the same degree rather than
independantly.

4° The detail for which WSNR is obtained is shorter than the length of
the apertures.

5° Whereas the signal is processed by all three apertures, the noise is
processed only by the central aperture.

With the definition that is so described, the value of WSNR was
inspected for cases of sharp and unsharp details (paragraphs 8.4, 8.5
and 8.6). The role of many parameters of the X-ray system that were
already known from chapters 1 to 7 was made visible. The role of
blurring of the noise was shown to lead to a preference for image
receptor unsharpness; a point that will be worked out further in
chapter 11.

A scaling factor, m d / \ /m e , remains in the expressions for WSNR. This
factor cannot be decided upon within this thesis. This means, that when
the perceptibility of details has to be predicted, an appropriate choice
for the value m d /Vm e has to be made.
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9. RADIATION EXPOSURE OF THE PATIENT

9.1 Introduction

A description of the radiation exposure of the patient requires not only
knowledge of the total value of the X-radiation energy that is absorbed
in his body, but also of the distribution of this energy over the various
tissues and organs. Only then the risk to the patient can be obtained. Jn
ICRP publication 26 (1977), the effective dose equivalent HE is
defined from the average dose equivalent per organ HT and the fraction
of the total risk for that organ wT as

HE = 2 wT HT 9.1.1

where summation is carried out over all organs.

The quantity HE is then used as the quantity that is proportional to the
health detriment of the irradiated individual and it is concluded that
HE is to be limited as far as reasonably possible.

(The use of the assumption of proportionality between effective dose
equivalent and health detriment is based on the constraint that always
the dose equivalent in any organ remains below a limit that is associated
to the threshold value for direct effects of the X-radiation.)

A valid determination of HE is outside the scope of the model
developed in this thesis. In the model the patient is represented by a
homogeneous layer of water with one isolated detail; no organs are
assumed. Moreover, the number of images required per investigation
and the size of the X-ray field for each of these images do not follow
from the model but are determined by medical reasons.

As a consequence in this thesis, for the description the radiation
exposure of the patient the effective dose equivalent HE cannot be
used. Instead in the following an effective dose equivalent indicator
aE HE will be introduced. This indicator will be used to describe the
radiation exposure to the patient per single image. As will be discussed,
the proportionality factor aE can reasonably be assumed to be
independent from the X-ray system parameters.
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9.2 Model description

The following assumptions are made

a) The effective dose equivalent is proportional to the total value of
the radiation energy absorbed in the patient.
The assumption means that

— The dose equivalent is proportional to the absorbed dose with a
proportionality factor that is independent of quantum energy,
energy fluence or energy fluence rate. For X-radiation this factor
is generally assumed to equal one (ICRP 1977}.

— It is indifferent how the absorbed dose is distributed in the
patient, i.e. the organ risk for deep organs is not significantly
different from that for superficial organs. For very weakly
filtered radiation, this statement may be untrue as the entrance
skin then will absorb a significant fraction of the radiation. In
practical X-ray systems, standardisation of the X-ray beam filter
will prevent the occurrence of this situation (IEC, 1982).

— The absorbed doses occurring in practice remain below the thres-
- holds for direct effects of radiation. These threshold levels indeed
are not usually reached in X-ray diagnosis. Den Boer and Mohr
(1976) give an estimate of the maximum doses that will occur in
angiographic investigations, a diagnostic procedure that is apt to
lead to a large patient exposure.

b) The number of images per investigation nor the field size per image
depend on the window signal to noise ratio obtained in each of the
images.

c) The X-ray field size that is given from medical reasons is its size in
the plane where the X-ray beam leaves the patient, the patient exit
surface. Any other plane in the patient could have been considered
as the proper choice for this plane, but the choice presented
facilitates the discussion as it governs the relative density of
absorbed energy of scattered radiation in the image receptor,
(see chapter 3). The consequence of this assumption is that with
changing geometric magnification the X-ray field in the plane of the
image receptor is not constant.
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d) The energy absorbed in the patient is proportional to the energy
incident on the patient. This assumption holds only when the
fraction of the radiation energy escaping from the patient is in-
dependent of the radiation quality. The factor by which the radia-
tion is attenuated in the patient usually is quite large so that the
radiation energy emitted from the exit surface of the patient is a
small fraction of the incident energy only. However, the energy
escaping from the patient by backscatter is a considerable fraction
of the incident energy (up to 30%, Zieler, 1961). Especially from
the last reason the assumption d remains somewhat debatable.

e) The energy incident on the patient is porportional to the energy
fluence of the X-radiation, when this energy fluence is not
attenuated in the patient and when it is defined in a properly
chosen reference plane. Use of assumption c means that the plane
where this energy fluence has to be defined is the patient exit
surface.

All assumptions together establish the energy fluence of the un-
attenuated radiation in the patient exit surface, * o ( d f p ) as a quantity
that is proportional to the effective dose equivalent H E :

tfo(dfp) = aE HE 9.2.1

From the discussion of the assumptions it has become clear that the
proportionality factor aE is to a reasonable extent independent of the
X-ray system parameters other than the X-ray field size. The value of
the proportionality constant can not be found. When changing X-ray
system parameters in order to influence the window signal to noise
ratio, the resulting change in the effective dose equivalent therefore can
be represented mathematically as
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9.3 Discussion

The energy f luence per X-ray image of the radiation that is not
attenuated in the patient, measured in the exit surface of the patient
^o (dfP )< is proposed as an indicator for the radiation exposure of
the patient.

Its use lies in the possibility to inspect the result of changing of X-ray
system parameters on the radiation exposure of the patient. Together
with the relation between X-ray system parameters and image quality,
as derived in the first chapters of this thesis, \^o (dfp) can be used to
establish a balance between radiation risk to the patient and image
quality. In this way >PO (dfp) will be used in paragraph 12.5.

\

11T



PART II DESIGN OF X-RA Y SYSTEMS FOR OPTIMUM IMAGE
FORMATION

10. TECHNOLOGICAL LIMITATIONS

10.1 Introduction

To characterise todays X-ray systems, mainly two technological
determined relations should be regarded. These are:

the loadability of the X-ray tube for a given focal spot and

the efficiency of the image receptor for a given unsharpness.

The design problems resulting from these relations are easily illustrated:
For a large energy transfer and hence a low quantum noise, a large
X-ray tube loadability and an efficient image receptor are desirable.
However, these features can be obtained only by choosing a large focal
spot and an unsharp image receptor, which is disadvantageous for the
modulation transfer.
A compromise will have to be found between quantum noise and un-
sharpness. This compromise is the one that leads to the maximum
image quality (maximum window signal to noise ratio) obtainable.
The compromise will be influenced because of the concern for the
protection of the patient against X-radiation. The technological
relations mentioned above will be inspected closer in this chapter.

10.2 X-ray tubes

The basic limitation of X-ray tube design is the technically permitted
rate of heat dissipation in the anode where heating takes place by the
incidence of the electron beam at the focal spot. The electron current
density in this spot therefore is limited. Hence the cross sectional area
of the electron beam at the anode is decisive for the total X-ray tube
current available. The projection of this area in the direction of the
X-ray beam becomes the effective area of origin of this X-radiation, the
focal spot size z f . By choosing a small angle aa n of the anode surface
with the X-ray beam axis, the focal spot size can remain small even
when the cross section in one direction of the electron beam is large.

In the further discussion, only the case of rotating anode X-ray tubes
will be considered. In these tubes, the rotation of the anode d;sk leads
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to an efficient redistribution of the dissipated heat over a circular path
on the anode, the focal track. The temperature of the focal spot, the
focal track, the anode disk, the bearings of the rotating anode and
finally of the entire X-ray tube in its housing all have a limit value. Each
of the heat capacities involved as well as the cooling time constants are
important, and limit in various ways the intensiveness of use of the
X-ray tube.
For a single X-ray tube loading and a short loading time, only the focai
spot temperature is of importance. Strictly speaking, this time should
be shorter than the time needed for one revolution of the anode disk,
usually about 0.01 s. In practice, during the first few revolutions the
cooling off of the focal track is rapid and up to loading times of 0.1 s
the loadability i.e. the allowed X-ray tube power P(zf, t j r r ) decreases
only slowly with the irradiation time and can in practice be regarded as
constant. In this case, the loadability P(zf, t i r r ) is independent of time.
As was shown by Oosterkamp (1939) the short time loadability
depends on the dimensions of the focal spot and the anode angle aa n as

f
P(z f,t i r r) = P(zffo) * 10.2.1

a
a an

For focal spots smaller than 0.3 mm the exponent of zf decreases
gradually to about 1.0 (Braun, 1975).

For single loadings with a longer loading time, the focal track tempera-
ture is a second limiting factor for the loadability. For such loading
times, the loadability will decrease more rapidly with increasing irradia-
tion time and as a second effect the increase of the loadability with the
focus size will become less pronounced than as given in eq. 10.2.1.

Therefore in the more general case, in the neighbourhood of some
reference focal spot size z r e f and a reference irradiation time t r e f , the
available X-ray tube load will become equal to

f irr
P(z f , t i r r ) t i r r = P(zref , t r e f ) < — ) { — ) 10.2.2

zref Vef

The values of p and q are 3/2 and 1 for short irradiations but will
become lower with increasing irradiation time. Eq. 10.2.2 is useful
in the discussion of chapter 11.
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A third limiting factor for the loadability is the temperature of the
anode disk as a whole. This factor is important mainly when a large
number of loadings is required. A main design characteristic therefore is
the allowed heat content of the anode, which for modern tubes is of
the order of 300 kJ.

A set of curves relating the allowed tube current versus loading time of
a modern rotating anode X-ray tube of Philips is given in fig. 10.1.
Typical is the upper limit of the current, as dictated by the maximum
emission of the cathode. Also typical is the reduction of the maximum
available current at tube voltages below 70 kV. This is due to build up
of space charge around the cathode at these low tube voltages.

Fig. 10.1 holds for a focus with a nominal size of 1.2 mm and an anode
angle of 11°. The short time loadability can be read off and has a value

P(1.2,0) = 110kW 10.2.3

Rapid series of loadings occur in cine radiography. In this mode of
operation, usually 50 loadings per second are given, each of a few milli-
seconds. The run time is about 10 seconds. The available tube load
could be obtained again from loading curves as fig. 10.1, in which now
a loading time has to be assumed equal to the total of loading times in
the cine run. But, in reality, because of the distribution of the loading
over the runtime a somewhat h'jher tube current is available. For
typical cine run conditions the particular form of eq. 10.2.2 becomes

2 f i.o t i r r o.s
P 3 3 ( ) W 1024Pt- 33(7T) W 10-2-4

In this equation P t i r r is in kJ, zf in mm and t i r r in ms.
In cine radiography, the series of loadings usually are programmed in
the high voltage generators that are used in combination with the X-ray
tubes. These generators are designed to exploit as fully as possible the
available loadability. Although many generators still carry limitations in
the available programs, a specialized modern generator such as the
Philips Optimus M 200 is able to exploit fully the loadability of the
X-ray tube for a cine run. The system treated as an example in chapter
12 is equipped with such a generator.
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After intense use of the X-ray tube during a more complex type of in-
vestigation of a patient, the temperature of the X-ray tube as a whole
may limit the allowed load of the X-ray tube. This aspect and any other
long term limits to the loadability of the X-ray tube will not be
considered further.

Values for shorttime loadability and the shape of the loading curve
depend on the construction of the X-ray tube, anode angle, anode
material and diameter etcetera. These aspects are reviewed e.g. by Haiti
e.a. (1978).
One aspect that influences both the loadability of the X-ray tube and
the unsharpness of the image is the distribution of the intensity in the
focal spot. The nominal size of the focal spot describes insufficiently its
properties. The following should be kept in mind:

— Where the angle of the anode surface with the beam axis (the anode
angle) is typically of the order of 10-13 degrees of arc only, the
length of the focal spot depends strongly on the direction of view.

— Along the beam axis, the length of the focal spot is about 1.4 times
its width. This width can be up to 1.3 times the nominal focal spot
size. Both factors are specified in an international standard (IEC,
1981).

— The X-ray tube design usually leads to a radiance distribution in the
focal spot as shown in fig. 10.2 for a typical case. Across its width
two rather sharp maxima in the intensity are visible, this distribu-
tion is usually called a camel back distribution. Across the length,
the focal spot intensity distribution is flat, falling off near the sides.
This difference in intensity distribution provides the rationale
behind the choice of the value 1.4 for the length to width ratio of
the focal spot as the resulting unsharpness of the image will then be
roughly equal in both directions.

— A growth of the width of the focal spot occurs in some X-ray tubes
at low tube voltage and high tube current. (Ardran, Crooks, 1971.)
The focal spot shown in fig. 10.2 shows such an effect.

— Intensity distributions other than the camel back distributions have
been proposed and are shown to be more favourable for loadability
(Oosterkamp, 1974) and hence interesting for system design
('t Hoen, 1981). However, X-ray tubes behaving in such a
favourable way are not commonly available.
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Figure 10.1 Allowed X-ray tube current J versus irradiation time t j r r for
various X-ray tube voltages Vt. The X-ray tube described in this
figure is of Philips, type SRO 33/100. Focal spot size is 1.2 mm,
rotational velocity of the anode 9600 rpm, mean anode load
100W.
Data as published by the manufacturer.
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In the discussion above some aspects of the X-ray tube related to image
formation are mentioned. These aspects can be summarised as follows:
The short time loadability of an X-ray tube is determined by the
nominal size of the focal spot with eq. 10.2.1 and 10.2.2. For longer
loading times, the allowed heat content of the X-ray tube anode poses a
second limit.
Generators that permit utilisation of the X-ray tube to this limit are
available for practical use. The nominal focal spot size is to first order
an indicator of the sharpness in the image plane. With some reserve
therefore, eq. 10.2.1 and eq. 10.2.2 relate loadability and sharpness.

10.3 Image receptors

The basic choice of X-ray image receptor design is the trade off
between sharpness and detective quantum efficiency. This design in-
cludes the choice of the material used for conversion of X-radiation
into light (or other secondary type of energy) and the method of prepa-
ration of the desired radiation sensitive layer of this material so that a
suitable transfer of the converted energy to an X-ray fi lm or other
storage or display medium is realized.

A secondary design aspect of an image receptor is its speed G ;. Usually,
this speed is regarded as the cascade of a conversion factor G x , the
conversion of X-radiation energy fluence into a secondary energy
density and a speed G r e c of the storage (or storage and display)
medium, so that

G, = GxG rec 10.3.1

G r e c is the inverse of the density of the secondary type of energy
required to meet the dynamic range limitations of the recording
medium. So e.g. for fi lm it is the amount of light required for optical
density 1 and for TV cameras it is the brightness required for the design
level of the signal current.

The usefulness of eq. 10.3.1 stems from the observation that where for
a given technology of the radiation sensitive layer G x may be difficult
to vary, variation of G r e c is usually easier.
In the following paragraphs two important classes of image receptor
will be inspected: intensifying screens and image intensifies.
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Figure 10.2 Intensity distribution in the focal spot of an X-ray tube.

The figure represents a number of scans, 50 fim apart, obtained by
scanning with a microdensitometer over a pinhole radiogram of
the focal spot taken at 50 kV and 400 mA.
Approximate size of the focal spot is 1.2 x 1.3 mm2.
The combination of low tube voltage and high current has caused
considerable blooming. At 75 kV and 200 mA, the same focal
spot had a size of 0,8 x 1.1 mm2, hence the nominal value of the
focal spot size according to I EC (1981) is 0.6 mm.
X-ray tube type: Philips SRO 31/100.
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10.4 Intensifying screens

Until 1975 the material of choice for intensifying screens was CaW04.
In 1972 however Buchanan et al (1972) announced the possibility of
using rare earth oxysulfides for this purpose. Since that time screens
based on various phosphors have become available. Stevels (1975) lists
characteristic data of a number of potentially interesting phosphors;
most of these are now used for production of screens by various
manufacturers. Some others have come into use also. The screens are
made typically by settling from a suspension of phosphor powder and a
suitable binder onto a paper or metallic substrate followed by sub-
sequent drying (Stevels, 1975).

Table V lists properties of a variety of screens. The first column lists
values of the mass thickness of single screens. This mass thickness is
derived from measurement of attenuation of gamma radiation in the
screen. The method of measurement is discussed in paragraph 4.3.
Values between 30 and 80 mg/cm2 occur.

The second column lists the corresponding thickness of the screens,
derived by dividing with the specific density of the screen material and
allowing for a grain packing density of 60% . This packing density
typically is 50-60% by volume. Stevels (1975) assumes 50% , Morlotti
(1975) uses a value of 60%, Barnes (1982) quotes a range from 50-60%.

The MTF of the screen-film combination depends upon screen thick-
ness, light absorption and light scattering in the screen, light reflection
at the substrate and on the thickness of the protective layer as is usually
present on top of the screen. Swank (1973B) gives an excellent review
of these influence factors. In practice only the screen thickness can be
varied at wil l . For the other factors not much freedom of choice will
exist.
Light absorption and light scattering are determined largely by the size
of the grains in the phosphor powder (Hamaker, 1947). The choice of
the grain size is limited. Too large grains will cause grain noise in the
image, too small grains suffer from excessive light scattering. In
practice, the grain size always is a few microns (e.g. Morlotti, 1975).
Sometimes the light absorption is influenced by adding a dye to the
binder.
The shape of the MTF of screen pairs is typical. Burgess (1978) shows
that a large number of screen MTFs can be approximated as
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MTF = 0.5 erfc (asc In IVIM) 10.4.1

The value of ai!X varies only slightly, between 0.6 and 0.8 for the
screens observed, v i is the frequency for which the MTF has a value 0.5.

Values of v i taken from Burgess (1978) are presented in table V. The
values for the screens with the brandname Philips are derived from MTF
measurements obtained by the author (1982). Fig. 10.3 shows the MTF
of some Philips screens and the approximation of eq. 10.4.1 to these
MTFs.
For all screen pairs in table V the half value frequency P I of the MTF
is in practice roughly inversely proportional to the image receptor
thickness xt (note that x, is twice the screen thickness). Using an
assumption of Rao and Fatouros (1978), the MTF of the fi lm can
usually be regarded as ideal. This can be written in formula as

Xj vi = constant 10.4.2

Values of Xj v\ are listed in table V. Their average is 0.32. Systematic
deviations from this average with screen thickness are not evident in the
table. A similar remark has been made by Bouwers and Oosterkamp al-
ready in 1936 who suggested proportionality of screen unsharpness
and screen speed.
The speed of the screen-film combinations is listed in the next column
of table V. The values are borrowed from Martens (1981), but they are
expressed in the units used in this thesis, nJ/mm2.

The EDE is calculated for each screen according to chapter 5 for an
X-ray beam of 90 kV, filtered with 30 mm Al , corresponding to the
conditions used by Martens. For the calculation the measured values of
mass thickness of the screens were used. It can be noticed from the
table that for each type of screen the values of the speed differ by a
larger factor than those of the ED E. Hence, the most sensitive screens
are having the highest yield of visible light (emitted light energy density
per absorbed X-ray energy density) and the combinations of fi lm with
such screens give images with the lowest quantum density.

Table V gives the values of the noise equivalent quantum density for
each case, calculated according to eq. 7.6.2. Adaptation of the value of
NEQ to the wish of the user remains of course possible in principle by
adjusting the speed of the fi lm that is used in combination with the
screen..
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In summary, the results shown in table V show that for a given type of
phosphor, the highest speed is reached in practice by increasing the
yield of visible light as well as by increasing the energy fluence detec-
tion efficiency EOE and hence the screen thickness | xs. According to
eq. 10.4.2 this last measure goes at the cost of a porportiona! decrease
of v\, the half value frequency of the MTF of the screen pair.

Noise equivalent aperture of screens

The noise equivalent aperture with zeq (eq. 7.7.2) of screens with an
MTF as given by eq. 10.4.1 is calculated by Burgess (1978), For the
typical shape of screen MTFs, his results obey the approximate relation

ze q = 10.4.4

It can be remarked that combination of eq. 10.4.3 and 10.4.4 leads to

Zeq " 10.4.5

a first order approximation in which for the proportionality constant 0
a value 0.50 can be used.
Doi e.a. (1982) present an extensive collection of data on MTFs and
Wiener spectra of film screen combinations. These data indicate that
the use of the value of zeq from eq. 10.4.4 will lead to an overestimate
of the noise filtering in the screens. A more correct estimate would be
obtained by using values of zeq that are smaller by a factor between 1.5
and 2.
The reason for this discrepancy is indicated qualitatively with the
following argument:
Eq. 10.4.4 derives zeq from the MTF of the screens. This MTF is the
convolution of the average point spread function of the screen for
X-ray quanta. However, the point spread functions for the individual
X-ray quanta are not all equal. In particular, quanta that are absorbed
in a portion of the screen that is close to the film will lead to a very
narrow point spread function. Such quanta will result in the presence of
high frequency noise on the film. The total noise will be equal to the
quadratic addition of the noise generated by quanta absorbed in the
different portions of the screen. As a consequence, one has to be
careful to use zeq obtained in eq. 10.4.4 as a measure for the noise
filtering obtained in the screens.

-4
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Figure 10.3 Modulation transfer functions of some intensifying screens.

Experimental data are represented by symbols:
x Philips micro
+ Philips ultra
O Philips Azuray I I I

The solid lines are approximations to these experimental data,
using eq. 10.4.1. In that equation, for a ^ a value 0.71 is chosen
and for f y2 a value as indicated along each curve.
The experimental data are obtained by scanning with a micro-
densitometer the radiographic image of a tungsten wire with a
diameter of 80 /xm.
The X-ray tube voltage was 75 kV, the X-ray beam filter 1.5 mm
Cu.
The screens were mounted in a normal hinged cassette.
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10.5 Image intensifies

In its usual form an electronic image intensifier contains a conversion
screen, a photo cathode, an electron-optical lens system and a
secondary screen, all together in a vacuum envelope. The conversion
screen is usually made by vapour deposition ing of Csl. When irradiated,
this screen illuminates the photo cathode which then will emit electrons
that are accelerated and imaged electron-optically to the secondary
screen (see e.g. W. Kühl, J.E. Schrijvers, 1977). The brightness of the
image on the secondary screen is high because of

a) the electron-optical demagnification and

b) the gain reached by acceleration of photo electrons.

Table VI lists some characteristic properties of typical image intensi-
fiers. First of all, the detective quantum efficiency DQE as stated by
the manufacturer is listed.
From this, the thickness xf of the conversion screen is derived (column
two of table VI). This was done using the results of chapter 5; the
vacuum window was represented by 2 mm soft glass and the packing
density of the Csl was assumed to be 100% . The calculation was made
for a tube voltage of 75 kV and a filter of 1.5 mm Cu, being the condi-
tions for which the DQE was specified.

The conversion factor G x is a measure for the density of visible light I,
emitted per unit incident energy fluence:

i,
Gx = EDE — 10.5.1

This definition is similar to the one standardised by IEC (1977). In that
standard, instead of the incident energy fluence I EDE, the exposure
rate in the plane of the input screen is used and instead of emitted
energy density of visible light, the luminance is used. Conversion from
the dimensionless G x in eq. 10.5.1 to the standardised G x (IEC) is
possible for any given X-ray beam, for a given colour of the light
emitted by the secondary screen and assuming that the angular distribu-
tion of this light is Lambertian. For an X-ray beam generated at 75 kV
and filtered with 1.5 mm Cu and for a secondary screen made from an
S 20 phosphor (as is the case in all of the examples of table V),

GX(IEC) ( C d S , ) = 6.6 10^G x 10.5.2
* juR m 2 A
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Values of Gx (IEC) as stated by the manufacturer are given.
The MTF of image intensifies will depend on the; thickness of the con-
version screen, on the design of the electron optics and on that of the
secondary screen. The shape of the MTF differs considerably from that
of screen film combinations. A characteristic aspect is the rapid fall off
at low frequencies, often called the low frequency drop, LFD. It
usually has a value between 0.05 and 0.20. At frequencies above the
region of low frequency drop, the MTF of the image intensifiers in
table VI can be described reasonably well as

MTF = 0-LFD) jexp-{0.77i»/i>i)1'4{ 10.5.3

Values of LFD and v { are listed in the table.
Fig. 10.4 shows the MTF of the 14" image intensifier named in table VI
for three modes (three entrance field sizes) as given by the
manufacturer. In addition, the corresponding MTFs according to
eq. 10.5.3 are presented as drawn lines.

The value of v i can be seen in the table to depend on the screen thick-
ness. To inspect how this dependance is, the product x, v\ is calculated.
The values of this product are reasonably constant. They still depend
somewhat on the diameter of the entrance field of the image intensifier.
For the 9'710" mode, values of Xj vi range from 0.16 to 0.26; for the
5"/6" mode from 0.22 to 0.29. For a given mode, the limited data
permit to assume, just as for screens, that

X: vi = constant 10.5.4

In summary, the image intensifier conversion factor Gx and the
half value frequency of its MTF, v | are both strongly correlated to
the thickness of the conversion screen as described by eq. 10.5.1,
10.5.3 and 10.5.4. The situation is analogous to that for screen film
combinations.
The data of table VI do not allow a generalisation to every commer-
cially available image intensifier, the data may depend on manufacturer
and year of make. Nevertheless it is believed that the data presented are
indicative for all modern image intensifiers.
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Noise equivalent aperture width of image intensifies

From an MTF as given in eq. 10.5.3, the noise equivalent aperture width
z e q , as defined in eq. 7.7.2 can be calculated numerically and equals

In this equation the low frequency drop appears. For use in the
approximation in eq. 7.7.3 and hence in the model, this low frequency
drop should not be carried as it doos not filter the noise but rather
reduces it by a factor that does not depend on the sample aperture.
In calculating from the MTF a value for the unsharpness, the low
frequency drop should also be left out of consideration.

For use in the model therefore the value of zp_ becomes

0.85
ze_ = 10.5.6

e C I Mi

At the same time the quadratic noise has to be reduced with a factor
(1 - LFD)2 and the contrast with a factor (1 - LFD).
With eq. 10.5.6 and 10.5.4, analogous to case of intensifying screens,
one can write as a first approximation

10.5.7

in which for a 9" /10" mode a value 0 = 0.25 can be used and for a
5'76" a value j8 = 0.31.
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MTF =123 LFD=O OA
;lO"mode,Vi/2 =106 LFD =0.05
'U"mode,vi/2 =0.92 LFD =0 0.6

spatial frequency

Figure 10.4 Modulation transfer functions of a 350 mm diameter image
intensifier for its three modes of use.

The circles indicate the typical values as given by the
manufacturer; the solid lines are according to eq. 10.5.3, in
which values of v</2 and LFD are used as indicated along the
curves.
Image intensifier type: Philips XG 2013.
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11. THE SEARCH FOR THE OPTIMUM X-RAY SYSTEM DESIGN

11.1 Introduction

A very important factor in the optimisation of the X-ray equipment
certainly has always been the common practice of radiologists, who of
course are strongly motivated to use their equipment to the best level
of performance available. Examples of actions that are aimed at optimal
use of the equipment are: restriction of field size, compression of the
patient to decrease patient thickness and distance from the patient to
the image receptor, injection of contrast media, choice of direction of
projection, choice of moment to take the radiogram.

Also more complex strategies in the use of X-ray systems have been in-
vented. An excellent example is the doctoral thesis of Ziedzes des
Plantes (1973), in which the technique of tomography as well as that of
subtraction of X-ray images is proposed.

In cooperation with the industry, the radiological community has been
active in developing practical (optimal) choices for X-ray tube focal
spot size (loadability and sharpness) and for image receptor conversion
screen thickness (efficiency and sharpness). To a large degree a common
opinion has arisen also regarding the choice of the grid ratio, the focal
spot to fi lm distance and the geometric magnification.

At the same time, in the technical literature, the design of X-ray
systems has often been analysed. This analysis has aided in under-
standing the optimisations undertaken by the radiologists and has
served as a guide in situations where practical radiologist experience was
still lacking.
Nevertheless, as a full descriptive model for X-ray image formation as
presented in Part I of this thesis has not yet been available, the
published analyses of X-ray systems necessarily always have been
partial. Some of their results will be reviewed in the following
paragraphs where a step by step analysis of the X-ray system optimisa-
tion is presented. Compilations of earlier optimisation studies are given
by Wagner e.a. (1974), Wagner (1977) and 't Hoen (1981).
The use of the model implies that the parameter to be optimised is the
window signal to noise ratio WSNR.

To obtain an orderly study of the influence of the various factors that
govern WSNR, eq. 8.5.5 is always used. Although strictly speaking it is
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valid only for an example case, Gaussian unsharpness and Gaussian
distribution of the modulation of the detail, it is highly indicative for
the behaviour of WSNR in the general case. It is therefore rewritten in
approximate form as:

M — VNËQ1 zd
2

WSNR -s- 11.1.1
zr

Note that the factor \ d has been replaced by zd ; Xr by zr and that the
constants c and md fy/me have been left out. The quantity Z occurring
in eq. 8.5.5 is written out here with help of eq. 6.2.3.

In the analysis in the subsequent paragraphs, one or more factors of
eq. 11.1.1 are kept constant. This is done by freezing a number of
system parameters. It is assumed that the parameters of the patient
(detail size and position, patient thickness and absorption) and the
X-ray field do not change.

When e.g.

— the geometric magnification M

— the focus to image receptor distance d f f and

— the tube voltage or maximum quantum energy T are constant,
then it follows that A l / I is constant. This can be inspected for instance
in eqs. 8.6.1 to 8.6.5; those equations represent worked out versions of
eq. 8.5.5 and hence of eq. 11.1.1 and make visible various X-ray system
parameters.

When in addition the product of the energy fluence detection efficiency
EDE and the effective quantum density N e f f is constant, then also NEQ
is constant. Here eq. 7.6.2 is used:

NEQ = Neff EDE 11.1.2
(7.6.2)

In the analysis it will always be assumed that the X-ray tube is fully
loaded. This is a logical assumption; when the X-ray tube is not fully
loaded, either the irradiation time will be longer or else the quantum
density will be lower than necessary.
In the present and the following chapter the usual convention will be
followed of defining the unsharpnesses in the plane of the detail.
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The factor zr contains the system unsharpness and consequently i t can
in analogy with eq. 6.1.1 be written from the system unsharpness us

and the detail size zd as

zr
n = us

n + zd
n 11.1.3

Some other unsharpnesses in the plane of the detail will be used as well.
us is built up from shadow image unsharpness ua and image receptor
unsharpness u ;:

us
n = ua

n + uj" - 11.1.4

and ua in turn is built up from focus unsharpness u f and movement
unsharpness u m :

ua
n = u f

n + u m
n 11.1.5

11.2 Focus unsharpness versus movement unsharpness

As a first step in the system optimisation, an analysis of an X-ray
system in terms of focus unsharpness and movement unsharpness will
be given. The minimum shadow image unsharpness that will be shown
to arise is a trade off between these two unsharpnesses. It coincides
with the optimum for WSNR when all other factors governing WSNR
remain constant. With eqs. 11.1.1 to 11.1.5 these factors follow as
M A I / I , NEQ and u (. To keep these factors constant, as shown in
paragraph 11.1 the system parameters M, d f j / T, N e f f and EDE have to
be kept constant. In these circumstances N e f f is determined fully from
the X-ray tube load. This is the crucial point in the present paragraph.

It is recalled that the X-ray tube will be assumed to be operated at full
loadability, which, according to paragraph 10.2 depends on the focus
size z f . When then the focus size is changed, the X-ray tube current will
change. The tube load is kept constant by changing the irradiation time
and hence the movement unsharpness. The problem of optimising
between focus unsharpness and movement unsharpness is posed by this
statement.
The large number of boundary conditions means that the scope of the
analysis is limited. In later paragraphs of this chapter, the problem of
optimising focus unsharpness versus movement unsharpness appears
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again in the wider scope of the more complex problem of optimising
the other X-ray system parameters as well. Many earlier authors have
carried out analyses of the same problem. The argument originally used
by Bouwers and Oosterkamp (1936) will be followed.
When t i r r is the irradiation time, uf is the focus unsharpness, um is the
movement unsharpness and zf the focus size, then, within the boundary
conditions stated before and for a constant detail velocity vd ,

um = t i r r vd 11.2.1

uf * zf 11.2.2

and from eq. 10.2.1 (singleshort irradiation times):

t i r r * zf -3 /2 11.2.3

This gives:

-3/2
um * uf 11.2.4

The shadow image unsharpness ua is obtained from um and uf with the
summing rule of eq. 11.1.4. Combining that with eq. 11.2.2 and
eq. 11.2.4 and requiring

-— - 0 11.2.5
3uf

results in a condition for minimum shadow image unsharpness

uf
n : um

n = 3:2 11.2.6

This shows the approximate equality of um and u f. In a more detailed
analysis, 't Hoen (1981), using the maximum gradient of the modula-
tion as a criterium, obtains once more this rule for um and u f.
Although eq. 11.2.6 is derived under many boundary conditions, the
equation describes the (conditional) optimum of WSNR. This equation
applies to all cases where the movement of the detail can be described
by a constant velocity. In some fields of diagnostic imaging the details
may have a very low velocity. Bone imaging is a typical example.
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' t Hoen assumes as boundary condition for such cases a fixed irradia-
tion time of 0.1 s.

11.3 Minimisation of the system unsharpness by adaptation of the
magnification

When the image receptor unsharpness is considered next to focus un-
sharpness and movement unsharpness, one can again derive conditions
for the minimum system unsharpness. Such analyses are described in
the literature (e.g. Wagner, 1974) and usually involve adaptation of the
geometric magnification to suit the case.

However, a minimum of the system unsharpness is not a goal in itself,
instead rather the maximum of the window signal to noise ratio has to
be obtained. Moreover it is not indifferent at what magnification the
system operates. There are a priori reasons that make that certain
magnifications are preferable above others. For these reasons, analyses
of the type indicated above are dangerous. Three effects play a role:

a) The degree of filtering of the quantum noise as governed by the
relative value of the contribution from image receptor unsharpness
and shadow image unsharpness (paragraph 8.5).

b) The detail image contrast content, as governed by the geometric
magnification (paragraph 6.2), and

c) The relative intensity of scattered radiation, governed also by the
geometric magnification (chapter 3).

The consequences of effect a) will be introduced in paragraph 11.5;
effects b) and c), determining the choice of the geometric magnifica-
t ion, will be treated in paragraph 11.6.

Experimental support for the existence of effect a) can be found in the
work of Holland (1977) who showed an increase in the visibility of
small details in film-screen radiograms, when the MTF of the screen
film combination was degraded by placing Mylar foils between fi lm and
screen.
Doi and Imhoff (1977) were the first to demonstrate experimentally
for a rare earth screen the importance of effect b), the increase of the
detail image contrast content with the geometric magnification.
The same effect is demonstrated by Wagner e.a. (1981). These authors
describe a perception experiment with disk shaped details with a
diameter between 0.5 and 4 mm, magnifications between 1 and 5 and
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dominant quantum noise. Scatter radiation could be neglected and
focus unsharpness was kept minimal by using a micro focus X-ray tube.
The threshold contrast was shown to decrease proportional to the
geometric magnification.

Discussions of effect c), the influence of scattered radiation, are found
in various publications. An example is treated in the next paragraph.

11.4 System optimisation, an example of an analysis of a mammo-
graphy system

The case of a mammography system is treated by Muntz (1979). He
assumes Gaussian unsharpnesses, following Wagner (1977). In the
analysis of Muntz emphasis lies on the choice of magnification and of
patient to image receptor distance. A grid is not used.

The scope of the analysis is limited as only one image receptor is
considered, a mammography screen/film combination with a noise
equivalent aperture width zeq = 0.17 mm. Also the tube voltage is not
considered and (for the main argument) only one irradiation time is
used, t i r r = 1.2 s, so that the influence of motion unsharpness is
constant. The motion unsharpness is subsequently neglected.

The focus to image receptor distance d f f is adapted to X-ray tube
output in order to keep the irradiation time constant. Three X-ray
tubes are used for which the X-ray tube output increases with the focal
spot size z f . zf = 0.15, 0.3 and 0.6 mm (real values). The effects b) and
c) of paragraph 11.3 are taken into account.

The scatter radiation is modelled and shows a minimum value at a
geometric magnification M « 1.6 for a large range of values of d p j . This
minimum is more favourable for larger values of d p j . The optimum
trade off between unsharpness and increase of the detail image contrast
content is reached at a geometric magnification M = 2.6; 1.4 and 1.1
for the respective focal spots and for a detail size zd = 0.17 mm.

One of the main conclusions of Muntz is that "systems with a larger
focal spot (around 0.3 mm) appear to have at least as good a
performance (at M = 1.4, this authors note) as very small focal spot
systems.

The analysis of Muntz is reported here in some detail as it combines the
influence of a large number of aspects. Yet, as pointed out above, the
analysis is not complete as some other aspects are neglected. So for
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instance, the use of a grid is not discussed (Friedrich, Weskamp, 1978).
In paragraph 11.5 the example discussed here will be taken up again.

11.5 Optimisation of the distribution of unsharpness

Boundary conditions are:

constant magnification,
constant focus to image receptor distance,
constant NEQ,
constant tube voltage and
constant patient, detail and X-ray field.

't Hoen (1981) offers an analysis in which the distribution of unsharp-
nesses is inspected in X-ray systems that are already optimised regarding
shadow image unsharpness. This means that eq. 11.2.6 is respected.
His approach will be used here also.

In addition to 't Hoen starting points some simple relations between
image receptor thickness, quantum detection efficiency and sharpness
will be used in the analysis. The analysis will result in an instructive
(approximate) rule for the optimum distribution of unsharpness
between focus, movement and image receptor.

As a first step, the analysis will be presented as a minimum unsharpness
analysis. Then it will be shown that the filtering of the quantum noise
in the image receptor leads to an optimum for the sharpness distribu-
tion that differs from the distribution for minimum unsharpness.

Relations between image receptor thickness, unsharpness and detection
efficiency

a) The relation between the image receptor thickness x, and the
energy fluence detective efficiency EDE was treated in chapter 5.
For the present approximate analysis it is sufficient to assume more
coarsely

EDE = h -exp( -U:X i ) { 11.5.1

b) Within the boundary conditions of this paragraph, NEQ is constant
and hence (eq. 11.1.2), the product N e f f EDE is constant. When the
relative intensity of scattered radiation is also constant, N e f f is
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determined only by the X-ray tube charge. This leads with
eq. 10.2.2 for a fully loaded X-ray tube to the condition

z f
p t j r r

q EDE = constant 11.5.2

In preparation of the discussion of paragraph 11.6 and 11.7,
eq. 11.5.2 is rewritten for the case of single short irradiations to
make visible the role of the focus to image receptor distance dfi and
the anode angle a a n . With eq. 10.2.1 then:

3/2 1
t i r r EDE —n = constant 11.5.3

d f i
2 sinaan

c) As a measure of the unsharpness of the image receptor in its own
plane, the noise equivalent aperture width ze q , defined in eq. 7.7.2
is taken. No proof of the validity of this choice is given. As dis-
cussed in chapter 6 already, no single parameter describes validly
the unsharpness. Nevertheless, the same choice is taken also by
Wagner (1974). Also recalculation of the results of this chapter in
chapter 12 indicates that no serious mistake has been made.

Values for zeq of intensifying screens and image intensifiers were
discussed in paragraphs 10.4 and 10.5 and a simple relationship
with the image receptor thickness x; was suggested already there.
According to that suggestion it will be assumed that

zeq = y 11.5.4

A numerical value for 0 for intensifying screens follows from
paragraph 10.4 (0 - 0.50) and for image intensifiers from paragraph
10.5 (for 9" /10" mode /} = 0.25 and for 5 " /6 " mode 0 = 0.31. V

Minimum system unsharpness, single short irradiations

To start with, focus and movement unsharpness u f and um will be re-
written from paragraph 11.2 but now the influence of the energy
fluence detection efficiency EDE will also be made visible. In addition,
for reference in paragraph 11.6 and 11.7, the factors M, d f j and sin aa n

are carried. Hence :•%
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and, with eq. 11.5.3

m +-TZ d f i 2 s>naan 11.5.6
3 / 2z f
3 / 2 EDE

In the case of optimum shadow image unsharpness, use can be made of
eqs. 11.2.5 and 11.2.6 to eliminate zf and obtain for the shadow
image unsharpness

M - 1 3 / S 2/$

u_ -r EDE"2/S (——-) (dfi2 s ina .J 11.5.7
a • i_i^i_ \ ; i-Ti an . i * a n

Further, the unsharpness arising from the image receptor u; is related to
Xj (and M) as

where eq. 11.5.4 is used.
The total system unsharpness us is obtained from u; and ua with the
summing rule given in eq. 11.1.4 as

n n 1/"
us = (ua + u,- ) 11.5.9

The condition for minimum system unsharpness is reached by
combining eqs. 11.5.7, 11.5.8 and 11.5.9 and by the requirement

= 0 11.5.10

This results (with M, d f , and aan constant and with eq. 11.5.1 for
EDE) in

n n
u i : u a =

Mi x-, i 5
„ 11.5.11
2
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The bracket expression will be called a E D E :

aEDE = exppijXj-

aED E n a s a value approaching one for small EDE and decreases for
larger EDE.
Combining finally eq. 11.5.11 with eq. 11.2.6 leads to a condition for
minimum unsharpness that can be written as

u f" : u m
n . U i n = 3 : 2 : 2 a E D E 11.5.13

Some numerical examples of systems obeying this minimal unsharpness
condition are given in table VI I . In this table, equations 11.2.1,11.5.5
and 11.5.8 are used to convert from unsharpness to irradiation time,
focus size and image receptor thickness. To reach the nominal (IEC}
focus size, a dividing factor *.4 is incorporated. In the examples the
parameter n has a value 2, aE D E = 0.8 (which is reasonable as will be
argued in paragraph 11.8) and, for the first two examples, 0 = 0.50
(intensifying screen pairs). The example of the fourth line is a case of
cine radiography and will be introduced below.

The movement unsharpness and the geometric magnification are chosen
to f i t practical application circumstances. The first two lines describe a
case of stomach investigation. A moderate detail velocity of 8 mm/s has
been assumed ('t Hoen, 1981). A practical irradiation time of 50 ms is
chosen. With these choices the system is determined. The resulting
focus size and image receptor screen thickness denoted in the table are
not very typical for practical systems. The image receptor thickness
(twice the screen thickness) is lower than most of the values given in
Table V and the focus size is larger than used in practice.

The third line of Table VII describes the example of mammography of
paragraph 11.4. The value of um is now chosen to obtain the correct
magnitude for z f . The obtained value of um is not unreasonable for the
movement unsharpness in mammography. No value of xf is obtained:
usually in mammography a single intensifying screen is used instead of
a pair of screens, the value of 0 for a single screen is not known to the
author. The value of ze is smaller than the one stated in paragraph
11.4.

137



In conclusion, in the examples given, use of the minimum sharpness
condition leads to proposed system designs that are reasonably close to
practical designs, but the image receptor unsharpness appears to be some-
what on the small side and the focus size is larger than used in practice.

Optimum unsharpness distribution, single short irradiations

Instead of requiring a minimum unsharpness, now a maximum of
WSNR will be required. In analogy to eq. 11.5.10 this will be obtained
by relating all variables involved to the image receptor thickness,
followed by the requirement that

dWSNR
- = 0 11.5.14d X j

The only new effect that comes in is the filtering of the noise.

Use wil l be made of the description of this noise filtering in paragraph
8.5. To defend this use, it wil l have to be demonstrated that with
respect to noise integration, the case described there, Gaussian un-
sharpness and Gaussian detail, characterises also the general case.
Although such a demonstration is not obtained, it can be noted that
practical MTF's are not overly different from Gaussians (Wagner,
1974). Moreover, large differences between the Gaussian case and
reality, if existent, wil l become apparent in the discussion of the results
of chapter 12 where the same assumption is not made.

To use paragraph 8.5, some of its terminology has to be adapted.
Eq. 11.1.2 already defines a system response width zr in analogy to Xr.
Further the ratio Xa/Xj in fig. 8.3 now becomes the ratio ua/Uj.
Finally in paragraph 8.5 the differential quotients ya and y-t were
defined; these definitions now become

Ta =
8 WSNR
a zd/zr

a WSNR

U: = C

11.5.15

Using chain differentiation, ya and yx can now be worked into - •
eq. 11.5.14; for example <
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dWSNR

ax,
dWSNR

3 zd/zr

u.

With this, eq. 11.5.14 can be replaced by

dWSNR

3x.
dWSNR

n-1

d^^'z.

n 1 dua
1 dx;

The solution of this equation resembles eq. 11.5.11

11.5.16

11.5.17

«in : EDE 11.5.18

Eq. 11.5.18 then is the condition for optimum unsharpness. Writing out
for u f and um gives

n . ., n . ., n
:um : u i = T

.. n . .,u f : u
m

11.5.19

In paragraph 8.5 it was shown that the factor yalyt is roughly equal to
2.5 when ua and u,- are equal. This is exactly what happens when in
eq. 11.5.18 a E 0 E = 1 and?,/?! = 2.5.

It can therefore be concluded that in the optimum unsharpness condi-
tions the shadow image unsharpness and the image receptor unsharp-
ness are about equal and are described by eq. 11.5.18 with for the
factor Yg/Yj a value 2.5.

Table VII shows the changes in system unsharpness and image receptor
unsharpness that result from changing from the minimum to the
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optimum unsharpness condition. An ad hoc reduction of the focus and
the movement unsharpness with a factor 1.25 has been introduced to
obtain practical values of the focus size. The image receptor unsharp-
ness and hence its thickness then grow with a net factor 1.3.

For the stomach investigation (first two lines) now the screen thickness
corresponds to ultra or to Azuray II (see table V) and the focus size has
a more practical value. For the mammography case, the screen un-
sharpness as well as the focus size correspond to the value cited from
Muntz (1979) in paragraph 11.4.
In conclusion, the optimum unsharpness condition leads in the
examples given to system designs that are more close to practice than
the designs obtained from the minimum unsharpness condition.

Long irradiation times, cine radiograph/

When long irradiation times are involved or when the summed total
time of the irradiation is long, the X-ray system is governed by eq.
11.5.2. The exponents p and q, indicating how the available X-ray tube
load depends on the focus size (zf) and the irradiation time (t j r r) have
for typical cine radiography conditions the values as noted in paragraph
10.2 : p = 1 and q = J.
Rewriting of eq. 11.5.2 leads to an equation for the motion unsharp-
ness that replaces eq. 11.5.6:

um
q = 11.5.20

zf
pEDE

In a derivation that runs parallel to the one given above, the condition
for minimum unsharpness can now be shown to become

u f
n : u m

n : U i
n = p : q : a E D E 11.5.21

The derivation for the optimum unsharpness condition runs also
parallel to the one shown before. This condition now becomes

u f
n : u m " : U j

n = p : q : - L a E D E 11.5.22

It remains possible to use for the factor yjy^ a value 2.5.
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So, the decrease of the exponents p and q that goes together with in-
creasingly long irradiation time or cine run time leads to a relative
decrease in focus unsharpness and movement unsharpness when the
optimum unsharpness condition is established.

As an example, a case is described in table VII in which n = 2; p = 1;
°.= | ;aEDE = 0.8 and M = 1.5. The parameter values are representa-
tive for cine radiography with a thick, efficient image receptor. The
large magnification is inevitable for oblique (cranio caudal) directions
of the X-ray beam, in such directions the body of the patient tends to
make smaller magnifications impossible.

In the table the case corresponding to the minimum and to the
optimum unsharpness condition both are described. As in the other
examples, the movement unsharpness is not the same in both cases but
differs by an ad hoc factor 1.25. The image receptor is a Csl image
intensifier for which the value of /3 (relating unsharpness to thickness)
has been taken equal to 0.25.

The system parameters given in table VII for the condition of optimum
unsharpness correspond closely to practical values.

11.6 Optimisation of the geometric magnification

Boundary conditions are:

optimum unsharpness distribution,

constant focus to image receptor distance,

constant NEQ,

constant tube voltage and

constant patient, detail and X-ray field.

The effects that determine for which geometric magnification the
window signal to noise ratio obtains its highest value were listed already
in paragraph 11.3. They were stated there as the influence of the
geometric magnification on the detail image contrast content and its
influence on the relative intensity of scattered radiation. These In-
fluences will be studied under the boundary condition of optimum un-
sharpness distribution as obtained in paragraph 11.5.

The discussion will be restricted to cases of single short irradiations and
of thin image receptors, for which EDE = n xs and aE D E = 1. In such
cases, the elimination of x-. from eq. 11.5.7 and eq. 11.5.8 with help of
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eq. 11.5.19 is simple and the substitution of the obtained expressions
for Uj and ua in eq. 11.5.9 gives for the system unsharpness

3/7 s/7 - 2/7
u s -MM-1) M"5/7 (d f i

2 sinaan) 11.6.1

This equation shows that under the condition of optimum unsharpness
distribution, the system unsharpness us has become a function of M, d f f

and sinaan. Within the boundary conditions of this paragraph d f , and
sin aan are constant, so us is a function of M only.

In the remainder of the analysis as a first step the combined influence
of system unsharpness and detail image contrast content will be treated.
The influence of the geometric magnification on the scattered radiation
will be ignored and instead described separately in a second step of the
analysis. Finally the two steps will be combined.

System unsharpness and detail image contrast content

In paragraph 8.5, the example case of Gaussian unsharpnesses and
Gaussian detail modulation was used to show the influence of unsharp-
ness on WSNR. As in paragraph 11.1 it will be assumed again that the
Gaussian example is indicative for the general case.

Eq. 11.1.1, shows already in the desired way the influence of the
geometric magnification and of the system unsharpness (hidden in the
factor z r , see eq. 11.1.3). Realizing that in that equation the neglect of
the influence of scattered radiation results in a constant value of A I/I
and that then within the boundary conditions of this paragraph also
NEQ is constant, the following special form of eq. 11.1.1 is reached:

WSNR * M 11.6.2
/

Eq. 11.6.1 and eq. 11.6.2 can now be combined. A normalised value
zd * of the detail size zd is introduced as

zH* = — 11.6.3
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where us is the unsharpness at a magnification M = 4/3 (at this
magnification, WSNR will turn out to be minimal for small details).

Doing so leads to

Mzd*2 V 1

WSNR -5- — : 11.6.4
3/7 / 7 j /J1.97(M-1)3/7 + z d * n ] 1 / n

A graphical representation of eq. 11.6.4 is shown in fig. 11.1 with M as
the independent variable.

For small values of zd * , WSNR indeed has a minimum for M = 4/3.
This minimum is at first sight somewhat surprising. One should realize
however, that at very small magnification, the focus size will in the
optimum case be very large. The loadability is then sufficiently large to
suppress the movement unsharpness and to allow a thin and sharp, but
inefficient image receptor.

At larger magnification for all detail sizes, WSNR increases about
proportional to M. In this region of M the optimum unsharpness is
about constant. The screen thickness x, therefore will also increase
proportional to M. Of course, then, from a certain moment on, the in-
crease in the detection efficiency will become less than linear with x,;
eq. 11.6.1 will no longer hold and as a result, the increase in WSNR will
flatten off.
Note that in the discussion of optimisation of the geometric magnifica-
tion as given both by 't Hoen (1981) and Muntz (1979), the image
receptor is not adapted to the magnification. Hence these discussions
are not easily comparable to the present one. The advantage of the
present discussion is that in the design of the system the choice of the
magnification can be made first from independent arguments, after
which the unsharpnesses can be chosen to satisfy the condition of
optimum unsharpness distribution.

Scattered radiation (no grid)

In the second step of the analysis of the optimum geometric magnifica-
tion, the variation of the relative amount of scattered radiation with the
magnification will be discussed. The net influence of this variation is
wanted, which means that eq. 11.6.1 has to remain valid.
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Here a difficulty arises. Eq. 11.6.1 is derived from results of paragraph
11.5. The boundary condition of constant NEQ was used to obtain
eq. 11.5.3 (and eq. 11.5.2) assuming a constant relative intensity of
scattered radiation. Now this is no longer true, it has to be realised that
eq. 11.5.3 is valid only under condition of constant NEQp, constant
noise equivalent density of absorbed primary quanta (see note at the
end of this paragraph). Eq. 8.6.5 can be used to show how the net
influence of the scattered radiation on WSNR is at constant NEQp.

When no grid is present, the quantities # p and * s appear without
primes only and the applicable special version of eq. 8.6.5 becomes

WSNR * (1 + -T- ) 11.6.5

To inspect the influence of magnification on eq. 11.6.5, some results of
chapter 3 will be used.
Neglecting Rayleigh scatter, eq. 3.4.7 can be used to express the scatter
radiation as a function of M and d f ; . The simplest case arises when the
detail is situated at the rear surface of the patient.

Then:

WSNR -i- (1 + M 2 d P sin2^m)-2 11.6.7

with

These equations are displayed in fig. 11.2 for some values of R/df-t and
* c ( d p ) / * p ( d p ) . Fig. 11.2 shows a maximum in WSNR at a value of
M ~ 2. This is the usual result, also given e.g. by 't Hoen (1981) and by
Muntz(1979).
For large values of the field radius (R/d f j > 0.2) a minimum in WSNR
occurs at a rather small magnification and the maximum at M » 2 has
almost disappeared. This minimum occurs for a value of y?m « 60°.
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Figure 11.1 WSNR/zd as function of the geometric magnification.

Shown is the combined influence of the unsharpness and the
detail image contrast content. The unsharpness distribution is
optimized according to eq. 11.5.13. The curves describe the case
of thin image receptors, according to eq. 11.6.4.
Parameter is the ratio of the detail size z<j andïïs, the system
unsharpness at M = 4/3.
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This means that seen from the image receptor the distance to the beam
exit surface of the patient that acts as the source of scattering is still
very small and the scatter radiation intensity is still not decreasing with
increase of this distance. Figs. 3.5, 3.6 and 3.7 also show this effect for
small d p j .
Addition of the Rayleigh scatter term will decrease WSNR at larger
magnifications, especially for small values of ^ C / ^ R .

Scattered radiation, case of a grid

When an anti scatter grid is entered between the patient and the image
receptor; the situation alters drastically. Eq. 11.6.5 is now replaced by

WSNR * (-——TT— 11.6.8
1 + * 7 * '

As in the case without grid, relations between ^ p , * s , * p ' and * s ' on
the one hand and R, d p j and the grid ratio r* on the other hand can be
obtained from chapter 3. The relations are somewhat more complex
than for the case without grid; they will not be written out again.
Rayleigh scatter can not be neglected now. For a detail situated in the
rear surface of the patient, for a grid with ratio r* = 10 and for
# c / # p = 5, R/d f i = 0.15, xp = 180 mm and * p ' / # p = 0.6, WSNR is
calculated as a function of M. Fig. 11.2 shows the result. The example
describes a case of heavy scatter and a large ratio grid.

From fig. 11.2 it is visible that the value of WSNR now decreases
monotonously with the geometric magnification so that the smallest
magnification is always the best. Comparison with the curve repre-
senting WSNR versus M for the same example without grid shows that
the grid is of advantage for magnifications up to M = 1.6.

The conclusions for the example are indicative for the results of the use
of other grids in other cases. The largest improvement in WSNR will be
obtained for an ideal grid, in which case the bracketed expression on
the right hand side of equation 11.6.8 has the value 1. For real grids,
this expression will be lower than 1. As discussed before, it is the OQE
shown by the grid. Measured values of this quantity are shown in table
I I I . The table shows that high ratio grids have the largest value of
DQE. Such grids therefore should be preferred whenever practicable.

146



WSNR

Figure 11.2 WSNR as function of the geometric magnification; influence of
scattered radiation.

Calculated values, according to eq. 11.6.6 and 11.6.7 (no grid,
solid lines) and to eq. 11.6.8 (case of a grid, hatched line).
The detail is situated at the exit surface of the scattering object.
Parameters are: R/dfj, the ratio of the X-ray field radius and the
focus to image receptor distance and *s (dp)/*p (dp), the ratio
of scattered to primary radiation at the exit surface of the
scattering object.
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Total influence of magnification

For cases without grid and for magnifications below M = 1.3, the
effects expressed in figs. 11.1 and 11.2 counteract each other. For large
details or small unsharpness, Ud/ü~s large), small field radius (R/d f j

small) and large scatter contribution * s / * p , an increase of the magnifi-
cation has a favourable effect on WSNR. Examples are detail mammo-
graphy (small R, small unsharpness), cerebral neurography (small R,
large * s / * ), thorax surveys (large details, large d f i , see for example
Miller, (1980)).
For the other extreme case, (small details or unsharp system, large field
or small scatter contribution) a magnification as close as possible to 1.0
is preferable. Contact radiography is a typical example. For cases with a
grid, magnification is of interest only for very large details (large values
ofzd / [Ts).

A word of caution is required regarding the choice of the starting points
when discussing cases with a varying amount of scattered radiation.
The assumption was adopted that NEQp, the noise equivalent density
of quanta of the primary radiation absorbed in the image receptor was
constant. As a consequence the speed G, of the image receptor as well
as the total noise equivalent quantum density NEQ changes with the
relative amount of scattered radiation.

The analysis given earlier in paragraphs 11.5 and 11.6 remains valid
when the assumptions regarding image receptor thickness and unsharp-
ness are unaltered. Using eq. 10.3.1 this means for a given type of image
receptor, the required change in G; is obtained by a change in G r e c .

11.7 Optimisation of the focus to image receptor distance

Boundary conditions are: ^

optimum unsharpness distribution,

constant magnification,

constant NEQ, :

constant tube voltage,

constant patient, detail and X-ray field. . ; • •>

The analysis runs parallel to the one for optimum magnification. )
Again eq. 11.6.1 and eq. 11.6.2 can be combined. Now a normalised J
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value zd * * of the detail size for constant magnification is introduced as

zd** = r^- 11.7.1
us

where Us is the system unsharpness at a focus to image receptor
distance of 1 m and an anode angle aa n = 14° (an arbitrary choice
representing a fairly normal case). This now gives

M z, * * 2 77

WSNR 4- — 11.7.2
[ 1 .5 (d f i

2 s ina a n ) 2 / 7 " + Z d * * n ] 1 / n

For small details eq. 11.7.2 shows a decrease of WSNR with d f j as
d f j " 4 / 7 . A factor 2 for d f s corresponds then to a factor 0.67 in WSNR.

(For special purpose equipment, operating only at large d f f, the anode
angle aa n can be adapted to d f f. This can be formalised by allowing

«an = JJ7

For the usual values of a a n , tan aa n « sin aa n and one can easily
inspect from eqs. 11.7.2 and 11.7.3 that now for small details WSNR
decreases with d f ; as

WSNR -5- d f j "2/7 11.7.4

A factor 2 increase in d f i corresponds now to a factor 0.82 in WSNR.)

When no grid is used, and when the magnification is constant the
relative intensity of the scattered radiation reduces with increasing d f ; .
This can be seen in eqs. 11.6.6 and 11.6.7 and also in fig. 11.2 where
the parameter R/d f i is altered.

For large field radius, large scatter fraction and not too small magnifica-
tion a factor 2 in d f i corresponds to a factor of about 1.4 in WSNR.
Therefore in such cases, the total influence of d f i on WSNR almost
disappears.
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For not too small details, large field radius and large scatter fraction as
well as for the special purpose equipment obeying eq. 11.7.3, an
increase in d f l may even be favourable for WSNR. An example of this
situation is the case of thorax surveys (without grids), where values of
d f i up to 3 m are used (Greenspan, 1980). It should be noted that
various other arguments for a large focal spot to f i lm distance for chest
radiography are used also (e.g. Miller, 1980).

For case with a grid, the favourable influence of an increase in df] on
the scatter radiation is always small so that the increase of unsharpness
with d f j dominates. Therefore, when a grid is used, the focus to image
raceptor distance should, wherever practicable, be taken as short as
possible.

11.8 Optimisation of the noise equivalent density of absorbed quanta

Boundary conditions are:

optimum unsharpness distribution,

constant magnification,

constant focus to image receptor distance,

constant tube voltage and

constant patient, detail and X-ray field.

In paragraphs 11.5 to 11.7, the noise equivalent density of absorbed
quanta NEQ. or more precisely that of the absorbed primary quanta,
NEQp was Kept constant. It was shown that at constant tube voltage,
constant patient, detail, X-ray field and NEQ, the system unsharpness,
when distributed optimally between focus, movement and image
receptor, is determined fully by the magnification and the focus to
image receptor distance.

A change in the value of NEQ will in the same conditions therefore lead
to another system unsharpness; that again, for that NEQ is optimally
distributed. So a decrease in NEQ will go together with a decrease of
movement unsharpness (irradiation time t j r r ) , focus size zf as well as of
image receptor thickness Xj. The necessary adjustment of the image
receptor speed can be realised by an appropriate increase in G r e c , the
speed of the storage medium (e.g. radiographic film) belonging to the
image receptor. One set of interrelated values of NEQ, t i r r , zf and xs

will lead to the highest WSNR.
A*
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In the analysis that follows for convenience not NEQ but x: will be
regarded as the independent variable.
First, just as in paragraph 11.5, eq. 7.6.2 and eq. 10.2.2 are called up,
now to show that

NEQ + z f
p t i r r

q EDE 11.8.1

As in paragraph 11.6, the applicability of eq. 11.1.1 is claimed, in
which now M and Al / I remain constant.
Combining these results gives for WSNR, the proportionality

z f
p t j r r

q EDE
WSNR * . -. zd

2 11.8.2
1 - 1 l/n a

EOE is related to x, with the approximate equation 11.5.1:

EDE = J1 -expUWJ

The system unsharpness us is subject to the condition of optimum un-
sharpness distribution, eq. 11.5.22, which leads to

u s
n = U j n J ( p + q ) _ + 1 j 11 .8 .3

The product z f
p t j r r

q can, using the optimum unsharpness condition,
be rewritten as

^ f P t i r r
q ^ i P + q a E D E ^ 11.8.4

In eqs. 11.8.3 and 11.8.4 u{ will as usual be taken to be proportional to
x r Finally, the ratio 7a/7j will be regarded as constant. Taken together,
and substituted in eq. 11.8.2,. for n = 2 and 7a/7j = 2.5, this leads to
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P +q
i i v , v f* * M _

-L~) o-EDE J i -exp(-M,x,) j
V-Pzó' 4+p+q

WSNR 2 ^ zd

U: X: 2 p + Q

' " a E D E
11.8.5

Eq. 11.8.5 gives WSN R2 as a function of ti, xja After taking the square

root and dividing by v z d
 p q, this function is shown graphically

in fig. 11.3 for cine conditions (p + q = 1.5). In the figure characteris-
tic values of nt 0 zd are chosen for each of the curves. A maximum
value of WSNR occurs for nt x, «» 1.7, corresponding to an image
receptor efficiency of about 80% .

An important aspect of fig. 11.3 is that the detail size has relatively
little influence on the curves, the highest WSNR is obtained at about
the same /ij xf for detail sizes ranging from 0 < Mm 0 zd < 1. The remarks
made by Beekmans e.a. (1981), relating the optimum image receptor
thickness to the detail size therefore are not supported by the present
conclusions.
Finally it should be remarked that a value p + q = 1.5 holds over a
limited range of cine conditions only.

For single shot conditions, p + q = 2.5 and a maximum value of WSNR
would not be found in a plot like fig. 11.3. Instead WSNR would
increase indefinitely, even when the EDE of the screen is completely
saturated. This outcome must mean that the limits of validity of eq.
11.8.5 are surpassed. Reasons for this can be:

— the irradiation time can no longer be regarded as short, the X-ray
tube operates in the descending part of the loadability curve and
p + q < 2.5,

— the quantum noise has decreased to a level at which it is no longer
the dominating noise source,

— the details in the image can no longer be regarded as isolated,
overlap occurs because of the increased unsharpness.

The analysis of this paragraph has for cine conditions resulted in an
absolute value of the optimum image receptor thickness ju, X;.
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Figure 11.3 WSNR versus image receptor thickness/ij xj.

Calculated values according to eq. 11.8.5 for the case of cine
operation of the X-ray equipment {p + q = 1.5)
Parameter is the weighted detail size M ix\ 0 zd.
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For single shot conditions, the system is thought to operate near the
limits of validity of eq. 11.8.5. Qualitatively this shows that the value
of Mj Xj should in those conditions be high.
With the optimum unsharpness conditions, eq. 11.5.21, now also, at
least for cine conditions, absolute values for the focus size and the
movement unsharpness follow.
From the present analysis no absolute values can be obtained for the
irradiation time t i r r and the noise equivalent quantum density NEQ.
Determination of t i r r requires knowledge of the detail speed and
determination of NEQ requires knowledge, among other factors, of t i r r
and of the attenuation factor of the X-radiation in the patient and
hence of the patient thickness. The discussion of the values of t i r r and
NEQ to be selected in the design of the X-ray system therefore is post-
poned to chapter 12.

11.9 Optimisation of the X-ray tube voitage

Boundary conditions are:
constant unsharpness distribution,
constant magnification,
constant NEQ,
constant focus to image receptor distance and
constant patient, detail and X-ray field.

When the X-ray system is optimised according to the previous
paragraphs, the tube voltage is still left out of consideration. Although
with a change of the tube voltage many of the factors determining
WSNR change, an approximate analysis is possible.

For such a first insight, it is sufficient to consider eq. 8.5.5 to be
applicable and to inspect its representation as in eq. 8.6.5. In that
equation the factors V * p /E e f f and A * p / ^ p are the crucial ones.
Neglect of the change of any of the other factors (the validity of which
is argued below), leads to

/P p

WSNR = V — - —— 11.9.1
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In this equation V ^ p increases with the tube voltage for two reasons.
Firstly, the attenuation of the energy fluence in the patient, * p / * o ,
decreases with V t and secondly, at constant energy dissipation in the X-
X-ray tube, the unattenuated energy fluence * o increases with V t as
V ^ 1 . Both effects can be found in eq. 2.3.3 and both are shown
graphically in fig. 11.4 for the example of a 300 mm thick absorber of
water.
On the other hand, A ^ p / # p decreases with the tube voltage. This can
be seen by realising that, for small contrasts,

x d

Eq. 2.4.1 gives ixeff xd as a function of the factor 2 (tT x) and of the
attenuation coefficients t T d and sd. Of these variables 2 (tT x) and
t T d depend on the tube voltage. Fig. 11.4 shows Meff versus Vt for
cases of a small and of a large value of t T d / s d .

Further, there is a, not very strong, increase of Ee f f with V t as shown in
eq. 2.4.4 and for the example in fig. 11.4. Eq. 11.9.1 can be rewritten
to show each of the factors shown in fig. 11.4:

WSNR - V — -— (teff + sd)xd 11.9.3

The resulting value of WSNR, also displayed in fig. 11.4 shows a
maximum and a minimum for large tT d /sd (angiografin details) and a
monotonous increase with V t for small tTd/fcd (bone details).

Eq. 11.9.1 was derived from eq. 8.6.5 by neglecting a number of
factors, that also change with the tube voltage. These factors are RCE,
V * p V* p ' , 1/V 1 + * s ' / * p " and EDE. The rate of change of each of
these factors is relatively low and for practical situations usually the
rate of change for all these factors together roughly is between V t '

o s

and V T ° , depending on tube voltage. X-ray field size, patient thickness,
geometry, magnification, grid type and ratio and image receptor type
and thickness. When all these factors are carried, the behaviour of
WSNR with tube voltage remains similar to that shown in fig. 11.4.
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The value of the tube voltage where the maximum occurs (the optimum
tube voltage) and the conditions that determine when an optimum tube
voltage exists will be illustrated further for the example where eq.
11.9.3 describes sufficiently all influences of the tube voltage on WSNR.
In this equation each factor in the right hand side can be expressed as a
function of 2 t T x using eqs. 2.3.3, 2.4.1 and 2.4.4:

/ TÖA6 l -0.63 '
- V tT p exp j - 3.2 (2 tTx) j - sxp j 2 (2 tTx)

-0.37

11.9.4

The condition for WSNR to be maximal can then be found by differen-
tiation to 2 tTx and requiring

dWSNR
d 2 (tTx)

= 0 11.9.5

Eq. 11.9.5 can after somewhat laborious mathematics shown to be
satisfied when

4 (2 tTx)
0.63

1.10 -ad 2sx + V(1.10- ad 2 sx) - 0.64 ad 2 sx

11.9.6

The optimum tube voltage follows from 2 t T x with eq. 2.4.4. The
factor ad in eq. 11.9.6 is a constant that depends only on the ratio of
the attenuation coefficients of detail and patient:

2 t 100* 0 0 *

Ssx
11.9.7

Eq. 11.9.7 is worked out in fig. 11.5, where the optimum tube voltage
is displayed as a function of the thickness of the patient. Values of the
attenuation coefficients of patient and detail are taken from table I.
The patient is assumed to consist of water only. The attenuation
coefficients of the detail are net values because the detail material
replaces the surrounding medium. The sums 2 tTx and 2 sx are 'i
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(angiografin)

100 200 300 kV

Figure 11.4 WSNR and the factors of which it is composed according to eq.
11.9.2, shown as a function of the X-ray tube voltage Vt.

Two cases are shown. One holds for a detail composed of
angiographin (t^rjo = 0.043, s = 0.01). The other case holds for a
detail of cortical bone (t^x) = 0.0044, s = 0.01). In both cases,
the details are immersed in water. The thickness of the patient is
300 mm.

157



assumed to have only one term each. These terms are t T p x p and sp x p ,
the assumption amounts to a neglect of all other filters.

Fig. 11.5 describes cases in which the detail is composed of air, bone or
of iodine based or barium based contrast medium. Above a patient
thickness of 32 mm, no optimum voltage exists for details of air. This
means that for all practical cases for air-details (or details of tissue in
air, such as nodules in long tissue), the WSNR will increase monoto-
nously with tube voltage. This observation corresponds to applicatory
practice of thorax imaging. In this practice often use is made of high
tube voltages. 150 kV is a commonly used value. Some equipment is
even used at 350 kV (Miller, 1980).

For imaging of bone (and other calcium containing details) fig. 11.5
indicates an optimum tube voltage for patient thicknesses up to
250 mm. This range includes the values met in mammography
(30 - 70 mm). The tube voltages indicated in the figure for this range
(38 - 55 kV) are somewhat higher than the values used in the existing
practice of mammography but taking into account the decrease of the
efficiency of the image receptor with increasing tube voltage would lead
to lower values for the optimum tube voltage.

For imaging with contrast media, the values for the absorption coeffi-
cient above the K-edge were taken. This means that the optimum tube
voltage as predicted by eq. 11.9.6 will be valid only for tube voltages
above 50 kV (iodine) or 55 kV (barium).

Fig. 11.5 shows that an optimum tube voltage in the sense of eq. 11.9.6
exists for all practical patient thicknesses. The values for BaSO4 are
somewhat lower than those for angiografin.

The optimum tube voltage depends only mildly on the patient thickness
for thicknesses above 150 mm. For the range of patient thicknesses
encountered in angiography (iodine contrast) of thorax and abdomen
(xp = 150 - 350 mm) the optimum tube voltages are indicated in
fig. 11.5 to lie in a region from 66 to 93 kV. These voltages are indeed
the ones that generally are used in the medical practice for angiography.

The approximate nature of fig. 11.5 is stressed. The hatched line is the
optimum voltage as calculated with the full model of this thesis for the
specific case of image intensified cine angiography. This case is dis-
cussed more fully in chapter 12.
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Fisure 11.5

O 50 100 150 200 250 300 350 mm

Optimum X-ray tube voltage for some detail types, shown as
function of the thickness of the patient.

Values are calculated according to eq. 11.9.6. All cases are for
details immersed in water.
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11.IC Discussion

In this chapter a step by step analysis is presented in which the
optimum operating conditions of an X-ray system are derived using
WSNR as the optimisation criterium. In a number of instants, the rela-
tions between the X-ray system parameters are simplified. This is for
example the case for unsharpness (eqs. 11.3.1 to 5), the relation
between EDE and image receptor thickness (eq. 11.5.1) whereas the
dependance of EDE on the X-ray tube voltage is neglected.

The analysis starts in paragraph 11.2 along a line of thought indicated
by earlier authors. In this line of thought, a full loading of the X-ray
tube is assumed and use is made of relations between X-ray tube
loadability, irradiation time and focus size (eqs. 10.2.1, 10.2.2).

The next element in the analysis, introduced in paragraph 11.5, is the
assumption of proportionality between the thickness of the image
receptor and its sharpness. In addition use is made of the approximate
equalness of the energy density absorbed in the image receptor and the
noise equivalent density of absorbed quanta NEQ. Using these assump-
tions, five conditions are obtained that govern the maximisation of the
window signal to noise ratio.

The first of these conditions, obtained in paragraph 11.5, is an
optimum unsharpness distribution, in which account is given for the
effect on WSNR of the filtering of the quantum noise in the image
receptor. It is shown that the unsharpness distribution differs between
single shot and cine radiography.

The second condition regards the optimum magnification and is dis-
cussed in paragraph 11.6. This condition is reached while keeping the
unsharpness distribution at its optimum, implying a focus size and an
image receptor thickness that depend on the magnification. (In the
design of X-ray equipment this is of course possible.) In addition, the
influence of the magnification on the relative intensity of scattered
radiation is discussed.

The third condition (paragraph 11.7) regards the optimum focus to
image receptor distance, again with the proviso of maintenance of the
optimum unsharpness distribution.

The fourth condition (paragraph 11.8) describes under the same proviso
the optimum value of NEQ. It is demonstrated that this is equivalent to
a description of the optimum energy f luence detection efficiency of the |
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image receptor.
The fifth condition finally gives, as described in paragraph 11.9, the
optimum X-ray tube voltage, depending on the type of the detail and
the thickness of the patient.

All these conditions have a quantitative basis; use is made of several
relations developed in the first part of this thesis. Together the condi-
tions fully describe an X-ray system that could therefore be regarded as
an optimum system.

Yet a number of restrictions apply. Most of the conditions are derived
from an approximate analysis. Even where relations from the first part
of this thesis are used in full, it should be remembered that these too
are approximations, valid for the abstract case of homogeneous
absorbers.

Further it should be noted that in the analysis of this chapter, the
patient was assumed to be fully defined, including the size of the detail,
its type and velocity, the size of the X-ray field and the number of
radiograms required in the interest of the investigation. In reality the
patient is to a considerable extent an unknown. Therefore, in the design
of a real X-ray system, the variability of the patient has to be taken into
account. This will be taken up again in the next chapter.
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12. PRACTICAL DESIGN OF X-RAY SYSTEMS

In chapter 11, approximate conditions were derived that describe the
design of X-ray systems in which WSNR is maximised for a completely
defined patient, detail and X-ray field. Some additional steps are
necessary to establish the applicability of these conditions for the
practical design of X-ray systems intended for use in a range of situa-
tions. These steps will be illustrated for the example of a system for
cine-angiography.

12.1 Example of a cine-cardiographic system

Angiography is the radiological technique of imaging of blood vessels
by injection of a contrast liquid in these vessels. Suitable contrast
liquids based on iodine are available. Usually the iodine concentration is
about 300 mg per cm3 of the liquid. Often a catheter is entered in the
patient, its tip is moved through a large vessel to a position upstream
from the region of interest. The contrast is then injected through the
catheter. It is medically important to restrict the amount of contrast
medium injected to a minimum. These circumstances lead to the
strategy of taking a high number of radiographs in a short time
immediately after the contrast injection. The technique of choice then
is cine-angiography. The cine camera is coupled to an image intensifier.

Cardiography is an angiographic technique aiming at the cardiac vessels.
The free projection of these vessels requires a high degree of freedom of
rotation of the X-ray beam direction. Directions oblique to the long
axis of the patient are important (Bergmans, 1976).

To establish such projections the equipment has to be designed to allow
a sufficiently large free distance between the X-ray source and the
image receptor. As a result of this large distance and as the heart vessels
are situated deep in the body, these oblique projections lead to a rather
large value of the geometric magnification.

12.2 Optimal design for a characteristic situation

The above sketch motivates an inspection of the optimal system design
for the following characteristic situation:

: • )
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Focal spot to image receptor distance dfl = 900 mm

Geometric magnification M = 1.5

X-ray field radius at the image receptor R = 115 mm

Patient thickness xp = 350 mm

Detail velocity vd = 125mm/s

Cine frame frequency 50 s"1

Cine run time 12 s

For this situation, some of the system parameters can still be chosen to
meet optimum conditions as defined in chapter 11. These conditions
are:

— optimum unsharpness distribution (paragraph 11.5)

— optimum image receptor thickness (paragraph 11.8)

— optimum X-ray tube voltage (paragraph 11.9)

The geometric magnification and the focus to image receptor distance
were regarded as the necessary consequence of the use of an oblique
projection direction. For the grid ratio, chapter 11 suggest that the
highest ratio reconcilable with the system design has to be chosen.
This ratio wil l be assumed to be 10.

A first estimate of the remaining system parameters for optimum
WSNR wil l be obtained from chapter 11. The optimum X-ray tube
voltage follows from fig. 11.5 and is 93 kV. A value M; * I = 1 .7 (as
follows from fig. 11.3) can be used to calculate Xj. At 93 kV, 350 mm
water and for a Csl image receptor this results in Xj = 0.6 mm. The
values of the irradiation time and the focus size finally follow from the
optimum unsharpness distribution rule (eq. 11.5.22, where aE D E now
equals 0.4). This leads to zf (IEC) = 3.4 mm and t i r r = 9 ms.

A second estimate of the same remaining system parameters can be
calculated using the full model described in chapters 1 to 8. This calcu-
lation is carried out for an X-ray tube and an image intensifier with
characteristics as described in chapter 10. A computer program is used
to obtain WSNR. The maximum value of WSNR is found by trial and
error. The result is now a tube voltage of 88 kV; an image receptor
thickness of 0.5 mm Csl, a focus size of 1.8 mm (IEC) and an irradia-
t ion time of 4.5 ms.

163



The calculation with the full model confirms the existence of an
optimum for WSNR. The obtained parameter values however, are not
always close to the ones calculated with help of chapter 11. Specifically
the focus size and the irradiation time are about 2 times lower when the
full model is used as a basis for optimisation. For the focus, this factor
is partly explained by the fact that in the full model the intensity
distribution in the focus is assumed to be flat. Such distribution is un-
favourable for unsharpness ('t Hoen, 1981). The same argument applies
to the movement unsharpness. With this explanation in mind, a
reasonable agreement between the calculations according to chapter 11
and to the full model can be noted.

12.3 Optimal design for more than one situation?

Paragraph 12.2 describes the design that maximises WSNR for a
particular situation. Other situations would demand other, different
sets of system parameter values to maximise WSNR. Adjustment of the
system parameters to their optimum value for each new situation is
usually not possible in practice.

Three examples of the difficulties involved are: the image receptor
thickness can not be varied; the focus size can be selected, but usually
in one X-ray tube only two foci are available; and adjustment of the
irradiation time to match the derail velocity requires knowledge of
this velocity, which is usually not available at the time of the irradiation.

Therefore, optimisation of the system usually will be possible for one
situation only. It is reasonable to take for this situation an unfavourable
one, one for which the WSNR will be low. Such an situation exists when
the patient is thick and the detail velocity is high. The situation defined
in paragraph 12.2 can be considered as a relevant unfavourable situation
for cine angiography. So, the system described in that paragraph could
be argued to be the system of choice for cine angiography. Yet an im-
portant feature of that design, its optimisation for WSNR, has not yet
been fully exploited. This is discussed in the next paragraph.

12.4 The role of other performance aspects

When the X-ray system is operated at parameter values for maximum
WSNR, a slight change in the parameters involved will to first order not
influence the value of WSNR. This property can be exploited and the
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parameter values involved can be shifted to favour other performance
aspects of the X-ray system. The distance over which these parameters
can be allowed to be shifted depends on the sharpness of the maxima of
WSNR.
Fig. 12.1 shows WSNR as a function of the values of tube voltage,
image receptor thickness, focus size and irradiation time. In each case
the maximum is shown to be rather flat.

Table VI I I compares the optimal cine angiographic system of paragraph
12.2 with a Poly-C system of Philips. The systems are both used in the
situation that is defined also in paragraph 12.2. The systems differ
only in the values of the parameters given in the table. Some
performance aspects of both systems are indicated.

Although the differences in parameter values between the systems are
considerable, WSNR differs by only 8% . Going from the system for
maximum WSNR to the Poly-C system, the unsharpness has decreased
considerably. The noise impression (grey scale signal to noise ratio,
see paragraph 8.1) has increased, but to a level that is usually
considered as still acceptable (10 MR per frame is a commonly used
value).

In conclusion, the flat character of the maxima of WSNR in the design
of X-ray systems allows a significant freedom of choice for other
performance aspects without much loss of WSNR. In a practical design
of X-ray systems one will have to exploit this possibility.

The design of the Poly-C system can be characterised as a design that
approaches the optimum for WSNR but with a shift in the system
parameters that favours a decrease in unsharpness.

Other systems may exist in which it is desirable to select a design that
favours another performance aspects, e.g. noise or contrast. With regard
to WSNR, the conclusion is that, whatever performance aspect is
favoured, it still is necessary, at least for an unfavourable case (thick
patient or rapidly moving detail), to choose a design that leads to
values of WSNR close to the maximum.

12.5 Radiation protection of the patient

In chapter 9 a parameter expressing the patient radiation exposure was
developed which can be considered to be proportional to the risk for
the patient. This parameter is ^ o ( d p ) , the unattenuated energy fluence
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in the plane of the rear surface of the patient per X-ray image.

Reduction of ^ o ( d p ) to the lowest value that is reconcilable with image
quality is a necessity in a responsible system design. One should realize
that reduction of radiation exposure of the patient not always goes at
the cost of the image quality. Examples of technical nature are
adequate shielding of all leakage radiation of the X-ray source and
correct alignment of the X-ray field to the image recpetor. In such cases
no compromise needs to be made.

More difficult are the cases where reduction of the patient radiation
exposure does go at the cost of a decrease in the image quality.
Ultimately, the responsibility for the choice in such cases lies at the
radiologist. The choice that (s)he has to make will be influenced by the
severity of the diagnostic problem and the loss of image quality on the
one side and by the level of the radiation risk to the patient on the
other side. In other words, the radiologist has to balance costs and
benefits of any additional radiation exposure.

The availability of a single quantity proportional to the patient risk as
well as a single quantity expressing the image quality, both developed in
this thesis, makes it possible to describe this balance in clear way, as a
balance between two quantities only. Yet, image quality and radiation
risk to the patient are from a physics point of view essentially in-
comparable concepts. Hence the moment at which the balance is
reached can not be indicated within the scope of this work.

Table IX compares the consequence of stepped changes in various
system parameters that might be considered for reduction of the
radiation exposure of the patient. The resulting reduction in image
quality is indicated as the relative change in WSNR; the obtained
reduction in patient exposure is indicated as the relative change in

*oWp>-
The first examples given apply to the system designed for maximum
WSNR as defined in paragraph 12.2. They describe the steps necessary
to convert this system into the Poly-C design.
The second set of examples applies to the Poly-C design and describes
the consequences of further steps. In all examples except the last one, it
is assumed that the system will be operated at full loading of the X-ray
tube.

For the first examples, stepping from the system for optimum WSNR
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WSNR as a function of some system parameters for a system
designed near the optimum obtainable value of WSNR.

The system is described in paragraph 12.2 and 12.3.
Relative values on both axes
t j r r in ms; zf in mm; xj in mm; Vt in kV
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to the Poly-C, the table shows a considerable decrease - 5 ^ Q / ^ _ L

and only a slight decrease - 5 WSNR/WSNR. These steps, which were
understood in paragraph 12.4 to be desirable for a decrease of the un-
sharpness, turn out to be interesting also for the purpose of radiation
protecion of the patient.

From the second examples, all regarding parameter steps associated
with a 5% change in WSNR, a decrease of the X-ray tube voltage is
shown to be the most effective step for a further reduction of the
patient exposure. Reduction of the X-ray tube load is the least effective
step. Further it can be noted that by combining steps reduction of
patient exposure can be reached even without decrease of WSNR.

An example of this is a decrease of the X -ray tube filter thickness below
2.5 mm Al , together with a decrease of the X-ray tube voltage below
88 kV. (This example cannot practically be implemented as a filter of
2.5 mm Al is obligatory in most countries. The reason behind this is the
limitation of the entrance skin dose to the patient, this dose changes
fast with the X-ray tube filter thickness.)

In practice, the system parameters used in the Poly-C system are not
changed with any of the steps suggested in table IX. This is indicative
for the current consensus regarding the balance between patient
exposure and image quality in the applicatory field of cine cardio-
graphy. It appears that there is little room for a decrease of the patient
exposure as soon as this is in conflict with the quality of the image in
the unfavourable case of a thick patient.

Fig. 12.2 shows the value of WSNR as a function of X-ray tube voltage
for the Poly-C system for a number of patient thicknesses.

For thin patients, WSNR is shown to be much larger than for thick
patients. This suggests that for thin patients a value of WSNR further
below the maximum available one can be accepted in the benefit of
patient radiation exposure reduction.

In paragraph 12.3 it was noted that it is difficult to optimise the system
for maximum WSNR in each new situation. This difficulty remains in
the present problem; it is also difficult to reach the cost benefit balance
that might be defined for each situation.

The design of an X-ray system therefore is not restricted to the task of
optimising image quality in balance with patient radiation exposure for
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Figure 12.2 WSNR versus X-ray tube voltage for an angiographic cine system.

The components and the geometry of the system correspond to
the Philips Poly-C system, as described in paragraphs 12.2 and
12.3.
The detail for which WSNR is defined consists of undiluted
angiografin; its width and thickness both equal 0.5 mm.
The solid lines apply to the case in which the system is operated
with a fully loaded X-ray tube; the hatched line connects the
points on these fines that correspond to an image receptor speed
of 1 0 J I R per frame.

WSNR is calculated using the model developed in chapters 1 to 8
and the description of the X-ray tube and the image intensifier
given in chapter 11.
The values of WSNR are absolute, except for the factor ,/rn^/n\dl

which still depends on the length to width ratio of the detail, md

and that of the detector, me.

s
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an unfavourable situation. It also regards the tracking of this balanced
optimum for any other situation that might occur within the applica-
tion region for which the system is specified.
The design problems concerning such tracking, be it automatical or
manual, cannot be systematically discussed within the scope of this
thesis. Moreover it is not likely that the balance between image quality
and patient radiation exposure can ever be described objectively and
quantitatively.

However, some qualitative remarks can be made. These remarks will
show some aspects of the problem adressed above.
a) The increase in WSNR with decreasing patient thickness shown in

fig. 12.2 (at constant tube voltage) is due to the increase in energy
density absorbed in the image receptor that then occurs.

b) When in the example described in that figure it is required as an
additional constraint that the energy density absorbed in the image
receptor has to be constant for every patient thickness, then the
X-ray tube voltage will decrease with decreasing patient thickness as
indicated with the hatched line. For the example, the values of
WSNR obtained under that constraint for the different patient
thickness are not very much lower than the maximum obtainable
values. For thin patients, the patient radiation exposure is reduced;
for very thick patients, on the contrary, it is increased. When such
thick patients are not occurring, the additional constraint will be
an interesting measure for radiation exposure reduction.

c) System designs in which the image receptor speed is constant often
automatically keep constant the absorbed energy density. Such
systems are relatively simple to build. (In systems with an intensi-
fying screen as image receptor, it is even difficult to realise anything
else than such a constant speed.)

d) When the image receptor speed is constant, and when variation of
the X-ray tube voltage can not be allowed as a means to control the
absorbed energy density (e.g. when the X-ray tube voltage would
otherwise decrease to an unacceptably low level, e.g. associated
with a too large range of grey levels in the image), then the logical
control parameters are the irradiation time or the X-ray tube
current.

e) Both a decrease of the irradiation time or of the X-ray tube current
mean that the X-ray tube is not fully loaded any longer. In these
cases it is therefore interesting to decrease also the focus size. In the
present day technology this feature can be realised to some extent
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by using a second (small) focus usually available in the X-ray tube.
The remarks given apply to the example described in fig. 12.2.

With these remarks the discussion on radiation protection of the
patient has to be closed. The problem of radiation protection in
diagnostic X-ray systems is illustrated. It is not solved. That is the
task of the radiologist, together with the X-ray equipment designer
and, hopefully, the governmental authorities involved in protection
of the public against unwanted radiation.

12.6 Discussion

The practical design of X-ray systems has been illustrated with the
example of a cine cardiographic system. Optimisation for WSNR for an
unfavourable situation was carried out first by using the conditions
derived in chapter 11 and then by using the full model of chapters
1 to 8.
The two results were compared and concluded to be in reasonable
agreement. It was shown that the flat character of the obtained
optimum can be employed to allow some shift of system parameters
away from their optimum. In the example such a shift was desirable for
a decrease of the unsharpness of the system.

The design of a system that is actually existing, the Poly-C system,
could be fully understood as a design optimized for maximum WSNR
including such shifts in the focus size and in the irradiation time.

When it is assumed that in this design the balance between image
quality and radiation exposure to the patient is reached, the previous
conclusion shows that in the example given not much decrease in image
quality is accepted in behalf of the patient radiation exposure.

So far, the argument was concentrated on the imaging task of the
system for an unfavourable situation. It was remarked that in other
situations the need of adaption of the system parameters poses another
design problem. It was suggested that in this design aspect again the
balance between image quality and patient exposure is important.
For thin patients it was shown to be practicable to sacrifice some image
quality potentially available in the benefit of the patient radiation
exposure.
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The entire argument can be applied also to other X-ray systems. The
examples given in chapter 11 showed already qualitatively that for
many cases actually existing X-ray system designs can be understood in
terms of maximisation of WSNR. It is therefore plausible that the con-
clusions obtained for the example of cine cardiography broadly
speaking hold also for other X-ray systems.

This hypothesis has not been tried out, the purpose of this chapter was
only to show how the practical design of an X-ray system can be
assisted by the model developed in this thesis.

A more complete proof of the succes of the maximisation of WSNR in
various types of X-ray equipment can only be based on practical ex-
perience involving alternative designs. This clearly is beyond the scope
of this study.

When in the design of X-ray systems for new diagnostic problems the
optimisation rules as developed in this thesis are used, it can be
expected that the results will provide additional clarity and guidance to
the designer. In the period of trial that eventually will follow a new
design, the results of this thesis can be used to interpret the comments
that the user may make on the imaging performance of this design.

With the advent of X-ray tubes with improved loadability or image
intensifiers with an decreased unsharpness for the same detection
efficiency, the discovery of new diagnostic tasks is likely to occur.

With the advent further of possibilities of digital image processing of
radiographic images, it will become less necessary to shift away the
system parameters from the point corresponding to maximum WSNR.
At present such a shift is often wanted to obtain for the image that is
displayed a match to the observers viewing possibilities. With digital
image processing, such matching can be obtained at wil l , leaving it
possible to select X-ray system parameters solely for maximal WSNR.

With regard to radiation protection, the model developed in this thesis
provides a framework for a further public discussion on the balance
between image quality and radiation exposure to the patient. The re-
commendable reduction in radiation exposure can with help of this
model be described in a more relevant way as the associated decrease
in image quality can be quantified.
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SUMMARY

1. General aspects

The discussion of image formation in part I of this thesis results in a
number of relations between the X-ray system parameters on the one
hand and properties of the X-ray image on the other. The three
principal aspects considered are:

— energy transfer

— modulation transfer

— noise.

The analysis of energy transfer describes how the radiation energy is
transferred from the X-ray tube to the input screen of the image
receptor. The irpportance of such an analysis stems from the fact that
in many instances the transferred energy density is critically limited
because of the finite radiation flux that can be generated in the X-ray
source, the finite irradiation time available and because of the design
constraints on the thickness and hence the detection efficiency of the
image receptor.
The analysis of the modulation transfer describes the unsharpness of
the details in the image. X-ray systems are often critically limited in the
transfer of modulations with high spatial frequencies because of the
finite size of the focal spot of the X-ray tube, because of the movement
of the details during the irradiation time and because of the finite width
of the line spread function of the image receptor.

The noise in the X-ray image is a somewhat loose term describing the
fluctuations in the density of the transferred energy that are not
correlated to details in the object. Analysis of these fluctuations will
reveal their cause, structural inhomogeneity in the image receptor or
statistical uncertainty of the transferred energy density. The latter
cause is often of critical influence as the transferred energy density is
carried by only a small number of X-ray quanta.

Once formed, the X-ray image is intended to be displayed and inspected
by an observer. The imaging conditions can be called good when a
maximum amount of clinically relevant information is offered to the
observer. In its generality this problem of maximisation of the amount
of information is difficult to describe. Yet it is possible to describe the
signal to noise ratio of details in the X-ray image as a function of F|
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contrast, unsharpness and quantum noise.

This signal to noise ratio can be regarded with good reasons to be of
major importance for the image quality. Tentatively therefore, the
quality of the image can be identified with the value of the signal to
noise ratio of relevant details. With that in mind, the optimisation of
the X-ray system has become possible, its criterium is the maximisation
of this signal to noise ratio.

In part II of this thesis, optimisation rules according to this criterium
are developed. Application of these rules indeed leads for various
examples to realistic designs of X-ray systems. With such examples, in-
directly the value of the criterium of maximisation of the signal
to noise ratio is demonstrated. Yet the limits of the validity of
this optimisation also become visible. In particular, the aspect of
radiation protection of the patient is introduced.

2. Summary per chapter

Chapter 2 describes the generation and attenuation of X-radiation.
The description is given in terms of energy f luence of the X-radiation.
This turns out to be of major advantage above the more traditional
description in terms of exposure. Closed, orderly expressions are
obtained, based on experimental results. The effective quantum energy
and the effective quantum density are defined and related to the X-ray
tube voltage and the filter value.

The terminology introduced in this chapter is useful throughout the
thesis. It provides a language in which all aspects of the energy transfer
in X-ray systems can be expressed.

Chapter 3 describes the generation and attenuation of scattered
radiation. The object in the X-ray beam that acts as scatter source is
regarded as homogeneous. With that restriction the discussion in this
chapter results in a complete experimentally based parametric descrip-
tion of the energy density of scattered radiation absorbed in the image
receptor. Parameters are the X-ray tube voltage and the geometric
conditions of the X-ray field and of the anti scatter grid. Compton and
Rayleigh scattering are shown to require separate attention. The
description makes it possible to define the radiation contrast in a case
of mixed primary and scattered radiation.
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Chapter 4 reviews the experimental methods that were used in the
experiments supporting the results of chapters 2 and 3.

Chapter 5 finalises the discussion on energy transfer by describing the
energy fluence detection efficiency of the image receptor. The descrip-
tion holds for every material that can be used to make the image
receptor input screen, even when it contains atoms species that have a
K-binding energy within the range of X-ray quantum energies occurring.
The effect of enhancement of the radiation contrast in the image
receptor is described quantitatively.

Chapter 6 treats the modulation transfer. The discussion of this matter
in the scientific literature is complete. The subject is summarised only,
but in addition to this, the detail image contrast content is presented as
a separate quantity of interest.

Chapter 7 discusses the quantum noise in the image. It is argued that
other noise sources, although not always negligible, can be left out of
the discussion. The approximate equality of the detective quantum
efficiency DQE and the energy fluence detection efficiency EDE is
established. This important result allows a simplification of the
discussion in part II of this work.

Chapter 8 introduces the choice of the signal to noise ratio as the
optimisation criterium. A precise definition of this quantity is given.
With that definition, the quantity is called window signal to noise ratio:
WSNR. The choice of its definition is defended from published results
of perception research. The relation between WSNR and contrast, un-
sharpness and noise are presented. The example of Gaussian unsharp-
nesses is used to illustrate the important effect of filtering of the
quantum noise in the image receptor.

Chapter 9 introduces a measure of the patient radiation exposure that
relates with a considerable, but carefully defined abstraction, the
relative change in the unattenuated energy fluence to the relative
change in the radiation risk to the patient.

With chapter 9, part I of the thesis closes. A description of the physics
of image formation is obtained. Its validity is discussed and supported
with experimental data. It is characterised by the use of a set of closed
orderly relations that together establish a language suitable for the
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problem at hand. The description relates properties of the X-ray image,
in particular the window signal to noise ratio, to parameters of the
X-ray system.

Chapter 10 introduces some technologically determined relations that
exist today in X-ray systems used in practice. The first of these rela-
tions describes the loadability of the X-ray tube versus the size of its
focal spot. The second relation is between the thickness of the image
receptor entrance screen and the image receptor unsharpness. A simple
linear relation is proposed.

Chapter 11 gives a step by step analysis of a system optimisation that is
based on the criterium of maximisation of the window signal to noise
ratio. Simplified relations between WSNR and X-ray system parameters
are used. The results of earlier work of several authors are discussed.
Optimisation rules for X-ray system design are established.
These are:

— optimum unsharpness distribution (distinguished from minimum
unsharpness, which is shown to be not optimal)

— rules for geometric magnification

— rules for focus to image receptor distance

— optimum unsharpness level (or optimum energy fluence detection
efficiency of the image receptor)

— optimum X-ray tube voltage.

These rules are shown to depend on the mode of use of the X-ray
system; cine radiography and single shot radiography are used as typical
examples.
Application of these rules in a number of examples is shown to lead to
realistic designs of X-ray systems. This result proves indirectly the value
of the optimisation criterium used.
It should be noted that the discussion in chapter 11 is artifically
restricted. The properties of the object that represents the patient are in
this chapter assumed to have fully known values.

Chapter 12 repeats the discussion of system optimisation for the more
practical case in which a range of values of the patient properties can
occur. The same optimisation criterium is applied, but now the full
description is used of the relations between WSNR and the system para-
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meters, as developed in part I. The discussion applies to the example of
cine cardiography.
It is again shown that the maximisation of WSNR is a valuable
criterium. But now in addition it is visible that other image characteris-
tics play some role as well. Moreover, the protection of the patient
against unnecessary X-radiation is shown to play a role in practical
system design. However, for the example in discussion, it is found that
for difficult imaging situations the protection of the patient is not cause
for accepting an image quality lower than the maximum available.

The final conclusion is that the concept of maximisation of the window
signal to noise ratio, as developed in this thesis, can be used as a tool
aiding not only the design of X-ray systems for new diagnostic
problems, but also assisting the public discussion on protection of the
patient against unnecessary radiation.
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SAMENVATTING

1. Algemene aspecten

De bespreking van de beeldvorming in deel I van dit proefschrift resul-
teert in een aantal relaties tussen de röntgensysteem parameters aan de
ene kant en eigenschappen van het röntgenbeeld aan de andere.
De drie belangrijkste aspecten die worden behandeld zijn:

— energie overdracht

— modulatie overdracht

— ruis.

De analyse van de energie overdracht beschrijft hoe de stralingsenergie
vanuit de röntgenbuis wordt overgedragen naar het scherm van de
beeldontvanger. Het belang van zo'n analyse komt voort uit het feit dat
in veel gevallen de overgedragen energiedichtheid kritisch begrensd is
wegens de eindige stralingsflux die door de röntgenbron kan wordert op-
gewekt, de eindige bestralingstijd die beschikbaar is en wegens de rand-
voorwaarden in het ontwerp van de dikte en dus van de detectie-
efficiency van de beeldontvanger.

De analyse van de modulatieoverdracht beschrijft de onscherpte van de
details in het beeld. Röntgensysternen zijn vaak kritisch begrensd in de
overdracht van modulaties met hoge ruimtelijke frequenties wegens de
eindige afmetingen van de focusvlek van de röntgenbuis, de beweging
van de details tijdens de bestralingstijd en wegens de eindige breedte van
de lijnspreidingsfunctie van de beeldontvanger.

De ruis in het röntgenbeeld is een enigszins losse omschrijving van de
fluctuaties in de dichtheid van de overgedragen energie die niet gecorre-
leerd zijn met details in het object. Analyse van deze fluctuaties zal hun
afkomst verraden, structurele inhomogeniteit in de beeldontvanger of
statistische onzekerheid in de overgedragen energiedichtheid. De laatste
oorzaak is vaak van kritisch belang daar de overgedragen energiedicht-
heid door een slechts gering aantal röntgenkwanta wordt getranspor-
teerd.
Als het röntgenbeeld eenmaal gevormd is, is het bestemd om te worden
getoond aan en onderzocht door een waarnemer. De afbeeldingsom-
standigheden kunnen goed genoemd worden als een maximale hoeveel-
heid klinisch relevante informatie aan de waarnemer wordt aangeboden.
In zijn algemeenheid is dit probleeem van de maximalisatie van de
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hoeveelheid informatie moeilijk te beschrijven. Hef is evenwel mogelijk
om de signaalruisverhouding van details in het röntgenbeeld te be-
schrijven als een functie van contrast, onscherpte en kwantenruis.

Deze signaalruisverhouding kan met goede redenen worden gezien van
wezenlijk belang te zijn voor de beeldkwaliteit. Onder voorbehoud kan
daarom de kwaliteit van het beeld worden geïdentificeerd met de
waarde van de signaalruisverhouding van relevante details. Met dat in
gedachten is de optimalisatie van het röntgensysteem mogelijk ge-
worden, het kriterium is de maximalisatie van deze signaalruisver-
houding.
In deel II van dit proefschrift worden regels ontwikkeld die uit dit
kriterium volgen. Toepassing van deze regels leidt inderdaad tot ver-
schillende voorbeelden van realistisch ontwerp van röntgensystemen.
Met zulke voorbeelden wordt indirekt de waarde van het kriterium van
de maximalisatie van de signaalruisverhouding gedemonstreerd. Toch
worden ook de grenzen van de geldigheid van dit kriterium zichtbaar.
In het bijzonder wordt het aspect van de stralingsbescherming van de
patient geïntroduceerd.

2. Samenvatting per hoofdstuk

Hoofdstuk 2 beschrijft de generatie en de verzwakking van röntgen-
straling. De beschrijving wordt gegeven in termen van de energiefluentie
van de röntgenstraling. Dit blijkt belangrijke voordelen te bieden tegen-
over de meer traditionale beschrijving in termen van exposie. Gesloten
ordelijke uitdrukkingen worden verkregen, gebaseerd op experimentele
resultaten. De effectieve kwantenenergie en de effectieve kwanten-
dichtheid worden gedefinieerd en gerelateerd aan de röntgenbuis-
spanning en de filterwaarde.
De terminologie die in dit hoofdstuk gei'ntroduceerd wordt is van nut in
het gehele proefschrift. Ze voorziet in een taal waarin alle aspecten van
de energieoverdracht in röntgensystemen kunnen worden uitgedrukt.

Hoofdstuk 3 beschrijft de generatie en attenuatie van de strooistraling.
Het object in de röntgenbundel dat als strooistralingsbron optreedt
wordt gedacht homogeen te zijn. Met die beperking resulteert de
discussie in dit hoofdstuk in een complete experimenteel gebaseerde
parametrische beschrijving van de energiedichtheid van de strooistraling
die in de beeldontvanger wordt geabsorbeerd. Parameters zijn de
röntgenbuisspanning en de geometrische condities van het röntgenveld

i
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en van het strooistralingsrooster. Er wordt aangetoond dat Compton en
Rayleigh scatter een gescheiden behandeling vragen. Oe beschrijving
maakt het mogelijk om het stralingscontrast te definiëren in een geval
waarin primaire straling en strooistraling gemengd voorkomen.

Hoofdstuk 4 beschrijft de methodes die werden gebruikt in de experi-
menten die hoofdstuk 2 en 3 ondersteunen.

Hoofdstuk 5 besluit de discussie over de energieoverdracht met een
beschrijving van de energiefluentie detectie efficiency van de beeldonf-
vanger. De beschrijving geldt voor ieder materiaal waarvan het ingangs-
scherm van de beeldontvanger kan worden gemaakt, zelfs als dit atoom-
soorten bevat die een K-bindingsenergie hebben die ligt in het gebied
van de aangeboden kwantenenergisën. Het effect van vergroting van het
stralingscontrast in de beeldontvanger wordt kwantitatief beschreven.

Hoofdstuk 6 behandelt de modulatieoverdracht. Oe bespreking van
deze materie in de wetenschappelijke literatuur is compleet. Het onder-
werp wordt siechts samengevat, maar daarnaast wordt de beeldcontrast-
inhoud van het detail gepresenteerd als een aparte grootheid die van
belang is.

Hoofdstuk 7 beschrijft de kwantenruis in het beeld. Er wordt gesteld
dat andere ruisbronnen, hoewel niet altijd te verwaarlozen, buiten de
discussie kunnen worden gelaten. De bij benadering geldende gelijkheid
van de detectieve kwanten efficiëntie DQE en de energief luentie
detectie efficiëntie EDE wordt aangetoond. Dit belangrijke resultaat
laat een vereenvoudiging toe van de discussie in deel 11 van dit werk.

Hoofdstuk 8 introduceert de keuze van de signaairuisverhouding als het
optimalisatie kriterium. Een precieze definitie van deze grootheid wordt
gegeven. Met die definitie wordt de grootheid "window signal to noise
ratio" genoemd: WSNR. De keuze van de definitie wordt verdedigd uit
gepubliceerde resultaten van perceptieresearch. Het voorbeeld van
Gaussische onscherptes wordt gebruikt om het belangrijke effect van
filtering van de kwantenruis in de beeldontvanger te illustreren.

Hoofdstuk 9 introduceert een maat voor de blootstelling van de patient
aan de straling die, met een aanzienlijke maar zorgvuldig gedefinieerde
abstractie, een relatie biedt tussen de relatieve verandering van de
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. I

onverzwakte energiefluentie en de relatieve verandering van het
straiingsrisico voor de patient.

Met hoofdstuk 9 wordt deel I van het proefschrift afgesloten. Een be-
schrijving van de fysica van de beeldvorming is verkregen. De geldigheid
daarvan is besproken en met experimentele gegevens ondersteund. De
beschrijving wordt gekarakteriseerd door het gebruik van een stelsel van
gesioten ordelijke betrekkingen die tezamen een taal bieden die geschikt
is voor het te behandelen probleem. De beschrijving verbindt eigen-
schappen van het röntgenbeeld, in het bijzonder de "window signal to
noise ratio" met parameters van het röntgensysteem.

Hoofdstuk 10 introduceert enkele technologisch bepaalde betrekkingen
die thans bestaan in de praktisch toegepaste röntgensystemen. De eerste
van deze betrekkingen beschrijft de belastbaarheid van de röntgenbuis
als functie van de afmetingen van de focusvlek. De tweede betrekking
geldt tussen de dikte van het ingangsscherm van de beeldontvanger en
diens onscherpte. Een eenvoudige lineaire afhankelijkheid wordt voor-
gesteld.

Hoofdstuk 11 biedt een stap voor stap analyse van een systeem-
optimalisatie die gebaseerd is op het (criterium van de maximalisatie van
de "window signal to noise ratio". Vereenvoudigde betrekkingen tussen
WSNR en de röntgensysteem parameters worden gebruikt. De resul-
taten van het vroegere werk van diverse auteurs worden besproken.
Optimalisatieregels voor het ontwerp van röntgensystemen worden afge-
leid.
Deze zijn:

— optimum onscherpte verdeling {onderscheiden van minimum on-
scherpte, die getoond wordt niet optimaal te zijn)

— regels voor geometrische vergroting

— regels voor focus-beeidontvanger afstand

— optimaal onscherpte niveau (of optimale energiefluentie detectie
efficiency van de beeldontvanger)

— optimale buisspanning.

Er wordt aangetoond dat deze regels afhangen van de wijze van gebruik
van het röntgensysteem; cine radiografie en enkelbeelds radiografie
worden gehanteerd als typische voorbeelden.
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Toepassing van deze regels in een aantal voorbeelden blijkt te leiden tot
realistische ontwerpen van röntgensystemen. Dit resultaat bewijst in-
direkt de waarde van het gebruikte optimalisatie kriterium.

Het dient te worden benadrukt dat de discussie in hoofdstuk 11 kunst-
matig beperkt is gebleven: de eigenschappen van het object dat de
patient voorstelt worden in dit hoofdstuk verondersteld volledig
bekende waarden te hebben.

Hoofdstuk 12 herhaalt de discussie over de systeem optimalisatie voor
het meer praktische geval waarin een reeks van waarden van de eigen-
schappen van de patient kan voorkomen. Nu is evenwel de volledige
beschrijving gebruikt van de betrekkingen tussen WSNR en de systeem
parameters zoals die in deel I zijn ontwikkeld. De discussie slaat op het
geval van cine angiografie.

Opnieuw wordt aangetoond dat de maximalisatie van WSNR een waar-
devol kriterium is. Maar nu wordt bovendien zichtbaar dat andere
karakteristieken van het beeld eveneens een rol spelen. Daarnaast wordt
getoond dat ook de bescherming van de patient tegen onnodige straling
een rol speelt in het praktisch ontwerp van de systemen. Voor het be-
sproken voorbeeld werd evenwel gevonden dat de bescherming van de
patient voor moeilijke afbeeldingsomstandigheden geen aanleiding biedt
tot het accepteren van een beeldkwaliteit die lager is dan het maximaal
haalbare.

De eindconclusie is dat het concept van de maximalisatie van de
window signal to noise ratio, zoals ontwikkeld in dit proefschrift,
gebruikt kan worden als een instrument, niet alleen ten behoeve van het
ontwerp van röntgensystemen voor nieuwe diagnostische problemen,
maar tevens ter ondersteuning van de publieke discussie over de
bescherming van de patient tegen onnodige röntgenstraling.
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APPENDIX A

Three sets of X-ray beam filters, arranged for equal filter value

A considerable need exists for a properly based set of X-ray beams for
purposes of testing equipment such as X-ray systems, ionisation
chambers, image intensifies, film screen combinations, non screen film.
Testing of such devices is done to inspect output and reproducibêlity
(of X-ray systems) and quantum energy dependance, sensitivity, energy
fluence rate dependance and other aspects (of X-ray detectors).

In all these cases both the intensity of the X-ray beam and the width of
the X-ray spectrum are of importance. The complexing factor is that
adaptation of the intensity by filtering also affects the spectral width.
Various propositions are made (ISO, 1979; HHS, 1980} but these are
neither completely consistent nor do they offer a set of conditions that
is sufficiently broad to cover all needs.

The model description of chapter 2 can be used with advantage to bring
consistency in the conditions determining the X-ray beam properties.
In chapter 2, some relations were obtained already between these beam
properties. Of use in this appendix are eq. 2.3.3, 2.4.1, 2.4.2, 2.4.4 and
2.4.6.
For the case that s « t, eq. 2.3.3 reduces somewhat and eq. 2.4.1
becomes unnecessary. When further the filter exists of only one
material, the equations can be rewritten as

J t irr
, 36exp |.3.2(«T x) A.I

(J t i r r in mAs, d f t in m, T in keV, ̂  in nJ/mm2)

0.63

2.0 (tTx) A.2

=effeff
— = 0.78 (tTx)

0.13
A.3

A.4
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Symbols are explained in chapter 2 and in the list of symbols. The
equations describe five properties of the filtered X-ray beam. These are
# d f

2 (T/100P-7Jt i r r , tTx, te f fx, Eeff/T and FWHM/T. With four
relations (A1 to A4) only one of these properties can be chosen. All
others are then determined. To define the X-ray beam therefore it is
sufficient to adjust the parameter that is more easily obtainable by the
experimentator.
Which parameter this is depends on the circumstances. Usually the filter
thickness is directly adjustable. When also the tube voltage is known,
then the filter value tTx can be found.
Of the other parameters, the more easily measured ones are
— ¥ d t

2 (T/100)"2-1 /J t i r r , the energy fluence per mAs at 1 m and at
100 kV (but again the tube voltage and in addition to that the
electric charge have to be known) and

— t e f f , the effective attenuation coefficient and from there te f fx.

Measurement of te f f is possible by observing the half value layer, hvKj/,
the thickness of the filter material that causes an attenuation of the
energy fluence * by a factor 2. (Those that measure exposure X will
observe a half value layer hvlx that will differ from hvl^,.)
The relation between te f f and hvl^ can be written out after multiplying
with the filter thickness x as

teffx = In 2 -^— + Kh ; (s«t) A.5

where Kh is a corrective term that enters the equation as a consequence
of the concave shape of the attenuation curve. Kh turns out to have a
fairly constant value 0.15 ± 0.02 when O . K t T x < 1.2. f
It is important to note that the ratio X/hvl^ can be obtained without :
knowledge of the tube voltage. Just the opposite, when the absorption
coefficient t 1 0 0 of the filter material is also known, the tube voltage is
uniquely determined by eqs. A.5 and A.2.

In the above discussion it is demonstrated that a number of important •
X-ray beam parameters is interrelated and determined by choosing the j
value of one of these parameters. For the remainder of the discussion, j
the filter value tT x will be regarded as the one that is adjusted. j |
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Description of the X-ray beam with the filter value brings the
consistency that is wanted in this Appendix. A constant filter value tTx
is, as noted above, associated with a constant value of the ratio Eeff/T.
Depending on the problem at hand, different values of t T x will be
needed. In addition experimentally important quantities such as the
electric charge J t i r r passing through the X-ray tube, the distance d f j
and more especially the tube voltage V t and the material of which the
filter is made or its attenuation coefficient tT will be of interest. A set
of experimental quantities that belongs to selected filter values tTx is
listed in table X. The values of tTx and V t are chosen to obtain as much
as possible comfortable round values for Eeff.

It was not always possible to maintain the condition s « t. Especially
for cases where water is used as a filter material, this condition is never
obtained. For Al filtration it is obtained only when V t < 35 kV, and
for Cu when V t < 105 kV. Three types of radiation are introduced in
table A-1. These are:

Heavily filtered radiation, tTx -1.2

Using Mo for V t > 105 kV, Cu for 105 kV < V t < 35 kV and Al for
V t < 35 kV a set of heavy filters can be obtained, as presented in the
table, for which Eeff/T ~ 0.8 and s « t.
With these filters it is interesting for adjustment of the X-ray beam to
not choose the tube voltage and the filter thickness but instead the
filter thickness and the half value layer. Errors in the tube voltage
indication can in that way be omitted. To assist this possibility, a round
value of the ratio between thickness and half value layer is proposed for
definition of this type of radiation: X/hvl>jr = 3. In that way round
values for both the filter and the half value layer could be obtained.
Adjustment of the X-ray beam with x and hvl^ offers a practical and
independent method to determine the X-ray tube voltage. This
possibility is used in the so-called "Ardran-Crooks cassette" (Ardran,
Crooks, 1956), where a set of filters is built in a radiographic cassette
provided with a screen-film combination that is used as detector.
A particularly interesting filter combination is the one consisting of a
prefilter of 1.5 mm Cu and a half value layer filter of 0.5 mm Cu,
defining an effective quantum energy of 60 keV. The interesting aspect
of this quantum energy is that it is available also from radioactive
241 Am as mono-energetic y radiation.
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Medium filtered radiation, tTx = 0.5

For many cases, a combination is wanted of a value of Eef f /T. that is
reasonably representative for the case of a patient and of a filter thick-
ness that is moderate. For such combinations a value for Ee f f /T equal
to 0.71 is proposed. Up to 75 keV, Al is considered useful, for higher
effective quantum energies the use of Cu results in more acceptable
filter thicknesses.
The beam can still be characterised by filter and half value layer, but as
the half value layers are thick, scatter can not always be neglected
(sx > 0.5) and the measurement accuracy of hvl^r suffers as this
scatter radiation easily reaches the detector. Moreover eq. A-2 does not
hold any longer and the ratio between hvl^, and X depends now on the
value of the effective quantum energy.
An interesting filter combination in this series is the one for a tube
voltage of 70 kV and a filter of 20 mm Al . This combination is
proposed also in I EC publication 573 (IEC, 1977) for measurement of
image intensifier characteristics.

Lightly filtered radiation tTx= 0.2 or 0.1

When the patient is represented by a water phantom, this is done
mainly for the purpose of obtaining a situation where scatter and
primary beam intensity are typical for the patient case. Little interest
exists for the half value layer. Accordingly, its value is not entered in
the table.
The table shows that for a water thickness of 200 mm, a typical thick-
ness for the abdomen of a patient, Ee f f /T is 0.63 at 95 kV and equals
0.57 at 130 kV. Use of Al is advantageous at higher tube voltages. The
filter of 200 mm water corresponds to the filter described in I EC
(1978) for measurements of properties of grids. The filter of 35 mm Al f
corresponds to the one prescribed in the US Bureau of Radiological }
Health Publication (HHS, 1980) for measurement of transmission of
radiation shielding in X-ray equipment.

Conclusion

Three consistent series of filters are presented in which a number of
important X-ray beam parameters is constant. The series are sufficiently
complete to cover the experimental needs related to most practical ^
problems of analysis of systems for medical diagnostic radiology. ^
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APPENDIX B

X-ray tubes operated with other than constant voltage

In many X-ray systems, the X-ray tube is operated at a voltage and
current that are not constant in time. In a broad class of high voltage
generators used for driving X-ray tubes, the X-ray tube voltage is the
secondary voltage of a multiphase transformer. For such generators,
this voltage is the vector sum of a number of phase shifted sine waves.

Usually the X-ray tube current changes only as a consequence of the
fluctuation of the X-ray tube voltage. It will be reasonably constant at
the higher values of this voltage but will drop at lower values. However,
sometimes, e.g. in grid operated X-ray tubes, the X-ray tube current
may not at all be constant. Moreover, the current ripple caused by ac
heating of the filament cannot always be neglected.

If one consideres the X-ray tube and its high voltage generator as one
single assembly, the X-ray generator, then for an ac operated X-ray
generator, the relative efficiency can be defined by comparison with a
similar generator that is operated in dc conditions. This relative
efficiency will be called 77^. It will be defined as the ratio of the
attenuated energy fluence from these X-ray generators.

77vj, can be calculated easily with aid of chapter 2 from the time integral
of the momentary attenuated energy fluence rate, when the waveform
of tube voltage and tube current are known. This can be written for
example as:

J27T
B.1

in which V and J are the maximum values of tube voltage and tube
current in the ac mode of operation. ^ a c and * d c are the energy
fluence from the X-ray tube operated in ac and in dc conditions,

Eq. B.1 represents only one possible basis for definition of rj-qr', the one
in which the maxima of X-ray tube voltage and current are preserved.

A further base is obtained by requiring that for the same filter x, •i

187



the radiation contrast is preserved. This can be formulated as

d In ̂ a c (V, t f x, J) d In ¥ d c (a V, ta a c f x J)

dx dx
B.2

This condition will be reached by reduction of the tube voltage for dc
operation by some fraction aac, in which aac still depends on the filter
thickness t-fx.
Still another base for definition of rjq, is obtained when the require-
ment is made that the heat dissipation has to be preserved; in formula:

27T
ƒ V{</>) J M d<p = 2n V J B.3

0

Finally, the conditions B.2 and B.3 can be combined to obtain preser-
vation of radiation contrast and heat dissipation:

2n - -
ƒ VM Jitfi) dip = 2naac V J B.4

0

For illustration, some examples of relative efficiences of X-ray
generators are calculated from eqs. B.1 to B.4 with help of chapter 2.
Fig. B.1 shows three cases. In each case the X-ray tube current is
assumed to be time independent and the X-ray tube voltage is a sine
wave composite for a 2 pulse, a 6 pulse and a 12 pulse generator. For
the 2 pulse X-ray generator, T? ,̂ is defined under condition B.1, B.2 and
B.4. For the 6 pulse and 12 pulse generator, only conditions B.I and
B.4 are used as the basis for definition of

Fig. B.1 shows that for all cases and in all conditions the relative
efficiency of the X-ray generators drops with increase of the filter
t-fx. The relative efficiency defined under the condition of preservation
of radiation contrast and X-ray tube heat dissipation (condition B.4) is
the highest and is relatively independent of the filter. For the usual
values of the filter in X-ray diagnostics (0.2 < t-f x < 1.0), vq, in condi-
tion B.4 has a value of about 0.65 for 2 pulse generators, 0.91 for 6
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wave form
of the X.ray
tube voltage

12 pulse

6 pulse
12 pulse

condition upon
which T)(, is
defined

Bi

Bi
B4

B2

Bi

Figure BI Relative efficiency TJ,J, of some X-ray generators as function of the
filter value t f x.

Curves are given for three X-ray tube voltage wave forms; 2 pulse,
6 pulse and 12 pulse and for three conditions B i , B2 and B4 used
in the definition of Vy.
The X-ray tube current is assumed to be constant during the
irradiation time, f corresponds to ^ t . t n e Peak y a ' u e ° f t n e X-ray
tube voltage.

B1 : preservation of X-ray tube voltage and current,
B2 : preservation of radiation contrast and X-ray tube current,
B4 : preservation of radiation contrast and heat dissipation in the

X-ray tube.

The conditions B1, B2 and B4 are explained more fully in the text.
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pulse generators and 0.97 for 12 pulse generators.

The condition of preservation of contrast implies that the relative
efficiency is obtained by comparison with an X-ray generator operated
at a dc voltage aa c V .

The value of the factor aac is given in fig. B.2 for the same cases as
above: time independent current, 2 pulse, 6 pulse and 12 phase genera-
tors. aa c increases with the filter for the 2 pulse generator and is
roughly constant for the 6 pulse and 12 pulse generators. For the usual
filter in X-ray diagnostics a has values of about 0.94, 0.96 and 0.985
for 2 ,6 and 12 pulse generators.

Conclusion

For first order evaluation of ac operated X-ray generators, preservation
of radiation contrast and tube dissipation is the basis of choice for
definition of the relative efficiency. Comparable dc operated X-ray
generators will need less power and lower voltage to obtain the same
energy fluence and contrast. Typical values of the factors 7?^ and aa c

that are involved follow from figs. B.1 and B.2 and are given in the text
of this appendix.
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1.0
Qfac

0.9

v

wave form
of the Kray
tube voltage

12 pulse
6 pulse
2 pulse

f

Figure B2 Ratio age of the tube voltage of a dc operated X-ray tube and the
peak value of the tube voltage of an ac operated X-ray tube, when
the two X-ray generators lead to the same radiation contrast,
shown as function of the filter value t j x .
The X-ray generators described in this figure are the same as the
ones described in Figure B1.

\
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' LIST OF SYMBOLS
I

symbol unit description

a mm2 area of sampling aperture

d mm distance along the X-ray beam axis (fig. 3.1}

d f : distance from focus

d f o : distance from focus to patient entrance surface

dfj : distance from focus to image receptor

dfp : distance from focus to patient exit surface

dj : distance from patient entrance surface to image

^ receptor

; d d : distance from entrance surface of the patient to

a detail within the patient

e electron charge

fH , f L Fraction of energy f luence of quanta with energy above

\ or below the K-binding energy of the image receptor

; atom species

g relative opening of an anti scatter grid (eq. 3.7.1)

> m ratio between length and width

ma : of sampling aperture

; md : of a detail

• me : of the detector

f n exponent used in a summing rule for unsharpnesses

(eq. 6.1.1)

pesc probability of escape of characteristic radiation

(eq. 5.2.1)

p exponent relating focus size and tube charge (eq. 10.2.2) H

q exponent relating irradiation time and tube charge x'

r ratio of an anti scatter grid (eq. 3.9.2)

r* : geometrically defined value f

s mm"1 approximate attenuation coefficient representing the

part of the total coefficient that is not depending on the

quantum energy (eq. 2.2.3). ::

Subscripts denote the object that is described 'i

sc : of the cover of a grid I

sd : of a detail 4

s( : of a filter :
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symbol unit description

Sj : of an image receptor

S| : of a lamella in an anti scatter grid

sp : of a patient (or a scattering object)

sw : of the window of an image receptor

t mm"1 approximate partial attenuation coefficient representing

the part of the total coefficient that depends on the

quantum energy (eq. 2.2.3)

The first subscript denotes the quantum energy to which

t relates

tE : at quantum energy E

t T : at maximum quantum energy

te f f : at the effective quantum energy

t 1 0 0 : at 100 keV

The second subscript denotes the object that is described,

see at symbol s

t j r r s irradiation time

u mm unsharpness; a loosely defined size of the blurring of the

image of a detail, defined with the plane of the detail as

plane of reference

ua : of the shadow image

u f : from the size of the focus

Uj : from the image receptor

u m : from the motion of the detail

us : of the X-ray system

\JS, ü~s : value of us in special cases (eq. 11.6.3,11.7.1)

vd mm/s lateral velocity of a detail

v response factor of the regions of the detector (eq. 8.2.1)

w modulation of the energy density in the image receptor

plane (eq. 6.2.2)

w T for an individual that is irradiated homogeneously,

fraction of the total radiation risk per organ

x mm size of objects, measured along the x-ray beam axis

subscripts as under the symbol s

z mm size or distance measured in a direction perpendicular to

the X-ray beam axis, the direction chosen for analysis of

the modulation transfer
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symbol unit description

3sh

G;

'rec
H

zd
ze
z f
z l
zr
Zeq

of the sampling aperture
of a detail

I** : normalized value of zd (eq. 11.6.3,11.7.1)
of the detector
of the focal spot
of the lamella of an anti scatter grid
of the response of the X-ray system
of the noise equivalent aperture width of an
image receptor

Z|| : of the spacing between the lamellae of an anti
scatter grid

proportionality constant in the description of the energy
fluence emitted from an X-ray tube (eq. 2.3.2)
bucky factor of an anti scatter grid (eq. 3.10.4)
constant in eq. 8.6.2
quantum energy
Eeff : (hardness equivalent) effective quantum energy

(eq. 2.4.4)
EK : K-binding energy
EK : energy of Ka radiation
attenuation factor of the energy fluence (eq. 2.3.1)
F- : in an ami scatter grid

A

B

C
E

nJ/mAs keV2

keV

mm2/J

mm2/J
Gy

nJ/mm2

w
in the window of an image receptor

factor accounting for the influence of the shape of the
irradiated volume to the relative intensity of scattered
radiation (eq. 3.5.3)
speed of an image receptor
conversion factor of an image receptor entrance stage
speed of the recording medium of an image receptor
dose equivalent
H j : value for one organ
HE : effective value (eq. 9.1.1)
density of energy absorbed in the image receptor
L : of absorbed primary radiation
i j : of absorbed scattered radiation
I L : of visible light emitted from the entrance stage
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symbol unit description

J

K
mA

M

N

a

a.an

nJ/s

mm

0
p

R

S
T

v,
w

X

Y„

mm
kW

mm

keV

kV
J

R

mm

N
e f f

electrical current
contrast improvement factor of an anti scatter grid
(eq. 3.10.2)
term in eq. A-5
radiance of scattered radiation from the rear surface of
the scattering object (eq. 3.3.5 and 3.4.10}
geometric magnification factor in the X-ray image
quantum density

in the X-ray beam
of quanta absorbed in the image receptor
effective value, when an energy Eef f is assumed
for all quanta (eq. 2.4.7)

area
X-ray tube power
radius of the X-ray field or equivalent radius (eq. 2.3.3)
R is measured in the rear plane of the scattering body
signal in the detector (eq. 8.2.1)
maximum energy in the radiation spectrum
T : value of T for X-ray tubes operated at other

than constant voltage
X-ray tube voltage
mean interaction energy required for the creation of an
electron ion pair in air
exposure, in the strict sense: electrical charge created in
one cm3 of air of normal temperature and pressure
yield of emission of characteristic K-radiation
detail image contrast content; the integral over the width
of the detail of the image contrast (eq. 6.2.3)
factor in some equations
ac : eq. 3.5.1 a( : eq. 3.9.2 aR : eq. 3.8.4
aEDE ' e c l - 11.5.15 ad : eq. 11.9.7 aE : eq. 9.2.1
aac : eq. B-4
anode angle

factor relating the image receptor thickness to its noise
equivalent aperture width (eq. 10.4.4,10.5.7)
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symbol unit description

e
x

rate of increase of WSNR with Xd/Xr (eq. 8.5.8)
exponent describing the angular distribution of Rayleigh
scattered radiation (eq. 3.3.10)
relative value of emission of X-radiation from an X-ray
tube operated at a fluctuating tube voltage
factor in eq. 5.5.1

mm characteristic width of a Gaussian distributed line spread
function
Xa : of shadow image unsharpness
Xd : of a detail
Xj : of image receptor unsharpness
Xr : of the system response function (eq. 8.5.1)
attenuation coefficient
energy transfer coefficient in air
spatial frequency
v \ : value where the modulation transfer function

of an image receptor equals |
density
interaction coefficient for scattering

mm
- l

Men, air m m

- l

P
a

mm

g/cm3

mm"1

mm-l

£ nJ
^ nJ/mm2

ac, (JR : Compton scattering, Rayleigh scattering
interaction coefficient for photo effect
angle to the normal on a surface
i/?m : maximum angle for radiation incident in the

axial point of the image receptor
radiant energy of X-radiation
energy fluence of X-radiation
^ c : of Compton scattered radiation
^ E : of mono energetic radiation with quantum

energy E
of unattenuated radiation
of primary radiation
of Rayleigh scattered radiation
of scattered radiation
of radiation incident at an angle \p
energy fluence behind an ideal anti scatter grid
energy fluence behind a real anti scatter grid
energy fluence behind the image receptor
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symbol

DQE

EDE

FWHM

HVL

unit

keV

mm

description

LFD

MTF
NEQ

NEQp

QDE

RCE

SNR

WSNR

detective quantum efficiency of an image receptor
(eq. 7.3.1) or of an anti scatter grid (eq. 3.10.5)
energy detection efficiency of an image receptor
EDEi, EDE,*, EDE at a specified direction of incidence

of the radiation
full width at half maximum of an X-ray spectrum
(eq. 2.4.6)
half value layer
HVL^r : for energy fluence (eq. A-5)
HVl_x : for exposure
low frequency drop in the modulation transfer of an
image intensifier
modulation transfer function
noise equivalent density of absorbed quanta
noise equivalent density of quanta transported in the
X-ray beam
noise equivalent density of absorbed quanta from the
primary X-ray beam
quantum detection efficiency of an image receptor
radiation contrast enhancement (eq. 5.6.3)
signal to noise ratio for the grey scale (eq. 7.2.2)
window signal to noise ratio (eq. 8.2.3)
change in ^ because of the presence of a detail
A ^ / ^ : radiation contrast
change in I because of the presence of a detail
A l / I : image contrast

AI

4
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TABLE I

Values of the partial linear attenuation coefficients t 1 0 0 and s, the specific
density p and the K-binding energy EK of various materials

material '100

E < E ,

(mm*1)

E>E

s (mm*1 > p(g/cm3) EK tkeV)

2)

body fat
soft tissue
cortical bone

angiographin
(65 %
BaSC>4 - oral

water
perspex
paper fibre
soft glass

aluminium
titanium
iron
copper
molybdenum
tin
tantalum
tungsten
lead

selenium
silver
ZnCdS
Csl
BaFCI
LaOBr
Gd2O2S
CaWO4

Xe

0.15
1.32
1.58
1.25

0.24
0.12
0.13
0.14
0.25
0.31
0.33

0.18

0.0006
0.0009
0.0052

0.044

0.24

0.015
0.017
0.027

0.026

0.049

0.9

0.0008
0.0007
0.0008
0.0059

0.0089
0.074
0.22
0.32
1.00
0.88
6.52
7.56
5.95

0.27
1.43
0.28
0.83
0.87
0.89
1.71
1.56

0.016
0.018
0.020
0.032

0.037
0.055
0.07
0.09
0.13
0.07
0.50
0.87
0.30

0.03
0.06
0.05
0.08
0.05
0.10
0.10
0.15

1.8

(300 mg I/ml)

<1.2gBa/ml)

1.0
1.19
1.33
2.6

2.71
4.5
7.86
8.93
9.8
5.7 (grey)

16.6
19.35
11.34

4.79
10.5
4,43
4.51
4.5
6.3
7.34
6.08

33

37

29
67
69
88

25
26
33,36
37
39
50
69

1.05.10"3 0.11.10"3 6 ) 5.9.10"3 34

Remarks
1 ) Attenuation coefficients and specific densities are given for the undiluted solid or liquid as

technically available. In their use in X-ray imaging, some of these materials may occur in a
considerably diluted form, e.g. by the binder material in intensifying screens.

2) The K-binding energy is given only for the heavy element(s) in the material, see Table IV.
3 ) , 4 ) , s ) , 6 ) Values of t-| oo and s are derived from tabulated values of attenuation coefficients,

Hubbel (1969), 3) Swank (1973 A).4 ) , Phelps e.a. (1975),s), or are measured as described
in paragraph 4.2, °). In all cases, tfoo and s conform to eq. 2.2.3:
t ( E ) + s = fJiiB); s = constant; tfE) = ^oo (E/100)"2-75

For materials containing an element with a K-binding energy within the X-ray spectrum,
conformation to eq. 2.2.3 can be maintained only by assuming two values of t ioo, one that
describes /J(E) for quantum energies E <Ü E« and one for E > Ej<. When necessary, both
values are given.
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TABLE II

Some characteristics of X-ray spectra; a comparison between ISO (1979) and
results of chapter 2

Vt«be

40
60
80

100
120
150
200
250
300

60
80

110
150
200
250
300

filter 2 )

0.21 Cu
0.60 Cu
2.0 Cu
5.0 Cu
1 Sn + 5 Cu
2.5 Sn
1 Pb, 3 Sn, 2 Cu
3 Pb,2 Sn
3Pb,2Sn

0.3 Cu
0.5 Cu
2Cu
1 Sn
2Sn
4Sn
6.5 Sn

ISO

Ë 4 )

33
48
65
83

100
118
161
205
248

43
55
79

100
131
166
198

M

FWHM 3 )

T

0.25
0.29
0.26
0.24
0.23
0.30
0.26
0.24
0.28

0.35
0.39
0.40
0.39
0.39
0.40
0.39

t T x

1.28
0.93
1.25
1.64
1.50
0.72
1.37
1.58
1.58

0.54
0.36
0.52
0.30
0.27
0.29
0.28

chapter 2

E.ff

32
46
64
83
99

112
162
206
247

43
55
79

100
131
166
198

ui

FWHM

T

0.26
0.30
0.26
0.22
0.24
0.34
0.25
0.23
0.23

0.37
0.42
0.38
0.44
0.45
0.45
0.45

Remarks

1) From ISO publication 4037 (1979).
2 ) The indicated filter is always additional to 4 mm Al.
3 ) The ISO standard lists values of FWHM/E.
4 ) E is the mean energy of the X-ray spectrum.
5) Used are values of t 1 n n from table I, eq. 2.2.3 for tTx, ]

eq. 2.4.4 for Eef f and eq. 2.4.6 for FWHM. J
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TABLE III

Performance indicators of some anti scatter grids used in various circumstances

73 mm
110
162

162

162

162

B

Remarks

R is radius of the X-ray field.

xp is patient thickness.

V t is X-ray tube voltage.

r* is geometric ratio of the anti scatter grid.

K is contrast improvement factor, see eq. 3.10.3.

B is bucky factor, see eq. 3.10.4.

DQE is detective quantum efficiency, see eq. 3.10.5.

Distance between scattering object and image receptor dPj = 40 mm.

Number of grid lines per mm: 4.4.

Interspace material: paper fibre.

Thickness of lamellae (of lead): z( = 36 urn.

OQE

200 mm

200

250

100
150
200
250
300

100 kV

100

60
80
100
120

80

12

8
10
12
15

12

12

3.6
3.0
2.3

2.7
3.1
3.6
4.0

4.7
4.6
4.0
3.6

2.6
3.4
4.1
4.6
5.1

5.3
4.3
3.3

3.7
4.4
5.3
5.8

7.3
6.8
5.7
5.2

4.0
5.1
6.1
6.8
7.4

0.38
0.42
0.48

0.29
0.34
0.38
0.41

0.40
0.35
0.32
0.30

0.53
0.47
0.41
0.35
0.33
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TABLE IV

K-binding energy E K , K escape energy E g a and fluorescence yield Y K for some
elements typical for X-ray image receptors

Element

Ag

Cd

1

Xe

Cs

La

Gd

W

25.5

26.7

33.2

34.5

35.2

38.9

50.2

69.5

21.7

23.7

28.0

29.1

30.2

32.7

40.8

57.4

0.850

0.849

0.844

0.842

0.842

0.839

0.833

0.826

YK

0.82

0.82

0.88

0.88

0.88

0.89

0.92

0.95

Remark

Valuss of E« and E« a are from Hubbel (1969); values of YK are from
Siegbahn (1955).
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TABLE V

Properties of some typical intensifying screens

type and manufacturer

Philips micro

Philips universal
Philips ultra
Philips ultra S
Philips Azuray III
Philips Azuray II

Dupont Cronex par

Dupont Hi plus
Dupont Lightning plus

Kodak Lanex regular
3M Trimax a 4
3M Trimax a 16

compo-
sition

CaWO4

CaWO4

CaWO4

CaWO4

BaFCI

BaFCI

CaWO4

CaWO4

CaWO4

Gd2O2S

GÖ2O2S

GdoOoS

thickness
(single screen)

mg/cm2 mm

*>

30

31

56

78

24

34

30

59

78

65

39

66

2 )

0.083
0.084

0.151
0.212
0.089
0.126

0.085
0.161
0.210

0.159
0.096
0.161

P h
2

mm"1

3 )

1.66

1.38

1.38

1.20

1.31

0.90

1.4

1.2

0.8

1.2

1.3

1.0

X j „ ,
2

4 )

0.27
0.23
0.42
0.51
0.29
0.23

0.24
0.39
0.34

0.38
0.25
0.32

speed
(pair)

(nJ/mm2)'1

5 )

0.23
0.31
0.67

0.83
1,06
1.43

0.32
0.73

1.94
0.70
2.14

EOE

6 )

0.17
0.17

0.28
0.35
0.28
0.33

0.17
0.29
0.35

0.46
0.35
0.46

NEQ

(mm"1)
7 )

71.103

52

40

40

15

11

51

38

12

24

10

Remarks

2)
3)

6)
7)

Measured, method see text.
Packing density is assumed to be 60%.
Philips screens measured by the author, data for all other screens from Burgess
(1378). All values are chosen to obtain a best fit to eq. 10.4.1.
x5 is twice the thickness of a single screen.
Values are derived using eq. 4.1.2 from values of the speed in R"1, obtained at
90 kV and 30 mm Al filtration and given by Martens (1981).
In Martens work, each screen is combined with a suitable film. These are,
in order of the manufacturers in the table: Agfa RP1, Dupont Cronex par,
Kodak Ortho G, and 3M XO.
Values obtained with use of chapter 5 for 90 kV and 30 mm Al filtration.
Obtained with eq. 7.6.2.
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TABLE VI

Properties of some typical image intensif iers

type

M
diameter mode

2)

DQE
3 )

x i
4 )

Gx LFD
5 )

V i X- P i
2 2

XG 2001/20 150 6" 0.52 0.30 65 0.12 0.90 0.27

XG 2010/21 230 5" 0.35 0.16 45 0.17 1.46 0.24

9" 0.35 0.16 135 0.18 1.10 0.18

XG 2010/27 230 5" 0.52 0.30 70 0.17 0.96 0.29

9" 0.52 0.30 210 0.18 0.85 0.25

XG 2013/10 360 6" 0.41 0.20 30 0.04 1.23 0.25

10" 0.41 0.20 65 0.05 1.06 0.21

14" 0.41 0.20 125 0.06 0.92 0.18

mm mm Cd s/juR m2 mm"1

Remarks

1) All types given are made by Philips.
2 ) The mode describes the diameter of the part of the entrance plane that is

imaged upon the output window. As traditional, this mode is described by its
diameter in inches.

3) Private communication, Rijpert (1983).
4 ) Derived from stated values of DQE, using chapter 5. See also in the text.
5) As stated by the manufacturer.
6 ) The value stated is obtained from the MTF as given by the manufacturer to

obtain the best fit with eq. 10.5.3.
7) From X: and v i as given in the table.
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TABLE VI I

Some examples of systems with minimum unsharpness and of systems with
optimum unsharpness distribution

A. Minimum unsharpness

*irrtype of
investigation

stomach

mammography
cardio, cine

detail
speed

8 50
8 50
0.1 1000

125 4
mm/s ms

M

1.3
1.5
1.4
1.5

m Uf Uj

0.40 0.49
0.40 0.49
0.10 0.12
0.50 0.71
mm mm

0.36
0.36
0.09
0.63
mm

2.12
1.47
0.43
2.13
mm

2 e q Zf(IEC)

0.47
0.54
0.12
0.94
mm

1.5
1.1
0.3
1.5
mm

0.24
0.27

0.24
mm

B. Optimum unsharpness distribution

Mtype of
investigation

stomach

mammography
cardio, cine

detail
speed

8
8
0.1

125
mm/s

irr

40
40

800
3.2

ms

1.3
1.5
1.4
1.5

"m

0.32
0.32
0.08
0.40
mm

uf

0.39
0.39
0.10
0.57
mm

0.44
0.44
0.11
0.80
mm

1.69
1.17
0.35
1.71
mm

0.57
0.66
0.16
1.20
mm

Zf (IEC)

1.2
0.8
0.25
1.2
mm

0.29
0.33

0.30
mm

Other conditions

type of
investigation

stomach
mammography
cardio

type of
irradiation

single shot
single shot
cine

type of
image receptor

int. screen pair
int. screen
im. intensifier

0.5

0.25

minimum
unsharpness

eq. 11.5.13
eq. 11.5.13
eq. 11.5.21

= 0.8; n = 2 ; Zf (I EC) = zf/1.4; for cine: p = 1; q =0.5

Symbols

t ; r r irradiation time
geometric magnification

optimum
unsharpness

eq. 11.5.19
eq. 11.5.19
eq. 11.5.22

M
"m
uf
" i

motion unsharpness
focus unsharpness
image receptor unsharpness

Zf real focus size
Zf (IEC) nominal focus size ace. to IEC (1980)
zeq noise equivalent aperture of the

image receptor
XJ image receptor thickness (two screens)

aEDE parameter related to the EDE of the image receptor (see eq. 11.5.12).
n exponent used for addition of unsharpnesses, (see eq. 6.1.1).
p exponent describing the influence of focus size on X-ray tube loadability
q same for influence of irradiation time (see eq. 10.2.2).
|3 proportionality factor between XJ and z e q (see eq. 11.5.4).
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TABLE VI I I

Comparison of two cine angiographic systems

System optimised for "Poly-C" system
maximum WSNR

Image receptor thickness 0.5 mm 0.3 mm

Focus size {IEC) 2.0 mm 1.2 mm

irradiation time 5.0 ms 3.2 ms

Tube charge per frame 4.0 mAs 2.0 mAs

I.I. exposure per frame 25 juR 12 juR

Patient exposure 1 0.5

System unsharpness 1 0.6

Grey scale signal to noise ratio 1 0.2

WSNR 1 0.9
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TABLE IX

Compromises between image quality and exposure of the patient

*irr

P/P,
max

From optimum WSNR to
"Poly-C"

Further steps

Step in 5 WSNR 6 ¥ o | d Step in system 8 WSNR
system WSNR ~# P parameters ~~WSNR~
parameters °

4.5-3.2 mm -0 .02 -0 .11 3.2 -2.0 ms

88-73 kV

88 -104 kV

-0 .05 -0 .36 1.2-1.0 mmz f

Xf

* f

r*

X:

1.9

—

—

—

0.5

- 1.2

-0.3

mm

mm

-0 .05 - 0 . 1 5

- 0.05 - 0.34

- 0.05 + 0.38

- 0.05 - 0.18

- 0 . 0 6

2.5-3.5 mm A! - 0 . 0 5 - 0 . 1 1

2.5-1.5 mm Al +0.05 +0.12

10-8 - 0.05 0

0.3 - 0.24 mm - 0.05 0

100-90% -0 .05 -0 .10

The left hand columns describe the steps that have to be taken to go over from the
system optimised for WSNR as described in paragraph 12.2 to the "Poly-C" system.
V t , x f , r* and P/Pmax are the same for these systems.
The right hand columns describe further steps, each associated with 5% charge in
WSNR.

The consequences of the steps in the X-ray system parameters are indicated with
the relative change in the window signal to noise ratio 8 WSNR/WSNR and in the
unattenuated energy f luence in the plane of the beam exit surface of the patient
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TABLE X

Three series of X-ray beam filters and some related quantities

Eeff/T Eeff

keV

Tube
voltage
kV

Filter Filter
material thickness

mm

Heavily filtered radiation (tj-x — 1.2)
"0.80" 20

25

40
50
60
75
85

85
100
120

25
31

50
62.5
75
95

107

105
126
150

Al

Cu

Mo

Medium filtered radiation (tjx -
"0.71" 20

25

20
25
40
50
60
75

60
75
85

100
Lightly filtered i
'0.63" 40

50
60
75

60
75
85

'0.57" 75
85

28
35

28
35
58
70
84

105

85
105
120
140

•adiation

64
80
95

120

95
120
135

130
150

water

Al

Cu

(tjx =

water

Al

water

3.0
4.5

0.6
0.9
1.5
3.0
4.5

1.5
2.1
3.6

-0.5)
20
40

1.6
3.2

12
20
35
65

1.0
1.8
2.5
4.0

0.2 and 0.1)
70

120
200
300

20
35
50

220
300

mm

1.0
1.5

0.2
0.3
0.5
1.0
1.5

0.5
0.7
1.2

1.0
2.0
5
7

10
12

0.6
1.0
1.5
2.0

* a t 1
andii
nJ/mnr
M

0.035
0.078

0.14
0.34
0.46
0.60
0.57

0.55
1.22
1.12

0.16
0.16

0.24
0.32
0.73
0.81
0.63
0.33

2.19
3.14
4.11
4.68

1.10
0.83
0.32
0.12

3.73
3.88
2.91

0.69
0.27

m
mAs
i 2

2 )

0.035
0.095

0.15
0.37
0.52
0.64
0.60

0.59
1.30
1.15

0.19
0.18

0.14
0.52
0.80
0.88
0.74
0.40

2.37
3.36
4.29
4.28

1.20
0.85
0.39
0.15

4.02
3.96
2.79
0.79
0.35

Xatim
and 1 mAs

134
198

106
169
171
171
153

149
335
328

866
431

774
1336
566
404
242
110

791
946

1165
1168

1064
447
146
48

1462
1183
797

250
106

XA*
UR
nJ/mm
3 )

3740
2084

730
455
331
268
255

254
257
285

4558
2394

5528
2596

708
455
327
275

334
281
271
249

887
525
374
320

364
299
285

316
303

Remarks
1) The values of ^ and X apply to the indicated values of tube voltage and filter thickness.
2) The first entry in this column is calculated using eq. 2.3.3, the second entry is the measured

value.
3) The ratio X / ^ is obtained from measured values of ^ and X. This ratio is displayed in

fig. 4.1.
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