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THESIS ERRATUM 
1. Page 22 paragraph 1 replace the words 

"slightly non - Gaussian" 
with 
"non - Gaussian" 

2. Page 30 paragraph 6 after the words 
"Linacs have a smaller virtual source size (approximately 3 mm) than isotope 
machines. This means that they produce a sharper dose fall off in the penumbra." 
include a new sentence which reads 
"The penumbra advantage of linacs over Cobalt machines is lost at high energies as 
the increase in electron range broadens the penumbra width." 

3. Page 36 The key in Figure 2.5 should include information about the ke V of each scan 
line ie. from top to bottom 64, 71 and 75 keV. 

4. Page 64 paragraph 2 replace the words 
"The number of electrons ... " 
with 
"The change in spectrum of electrons ... " 

5. Page 78 equation 3.12. There is an extra set of brackets missing around the second 
and third terms of the indices above the exponential. 

6. Page 101 paragraph 2 replace the sentence 
"This method shows the closest agreement to the experimental points of any of the 
methods discussed." 
with 
"This method shows the closest agreement to the experimental points of any of the 
methods discussed except for the Batho (TPR) method which shows similar 
accuracy." 



ABSTRACT 

A lung phantom consisting of epoxy resin based analogs is developed in-house and a quality 

assurance method, which compares experimental CT numbers with theoretical CT numbers 

calculated from electronic cross sections, is described. Currently used photon beam 

inhomogeneity correction models and their inadequacies are discussed. The methods studied 

include Batho and Equivalent Tissue-Air-Ratio corrections. For a 10 MV high energy 

photon beam the mean difference in central axis depth dose in the lung phantom for these 

methods is 8.8% and 3.5%, respectively (for a 5 x 5 cm field). The differences in the beam 

profiles at an off-axis distance of 5 cm is 12.6% for both methods (for a 10 x 10 cm field). 

A unified three-dimensional superposition approach to dose calculations used in treatment 

planning of a polyenergetic 10 MV photon beam in radiotherapy is developed. This 

radiotherapy X-ray beam computation method involves an electron gamma shower (EGS) 

Monte Carlo generated surface polyenergetic dose spread array (PDSA), which describes 

the energy spread from a point interaction source. This is superposed with the relative 

reduction in polyenergetic total energy released per unit mass (TERMA) as the beam 

traverses tissue. 

By comparing primary PDSAs produced at different radiological depths, the effect of beam 

hTidening on the PDSA has been quantified. Calculations show the mean electron range due 

to the surface 10 MV primary PDSA is 6.67 mm and the mean electron range of the beam 

hardened primary PDSA is 8.24 mm. In comparison a 3 MV primary monoenergetic dose 

spread array (MDSA) has a much smaller mean electron range of 4.81 mm. 

The effect of using a beam hardened PDSA for superposition is also studied. The mean 

percentage difference between depth dose curves obtained using superposition of a surface 

and a beam hardened PDSA is only 0.1 %. The mean percentage difference from 

experimental data for these superposition curves is 1.2% down to 20 cm in a homogeneous 

phantom. The superposition process is shown to be forgiving to spectral differences in the 

PDSA but sensitive to spectral changes in the TERMA. 

A method of scaling PDSAs to account for lung inhomogeneities is introduced which shows 

good agreement with experimental and Monte Carlo results in the lung phantom. The mean 

difference in central axis depth dose in the lung phantom for this method is 2.0% for a 5 x 5 

cm field. The differences in lung for the beam profile at an off-axis distance of 5 cm is 4.3% 

for a 10 x 10 cm field. 
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PREFACE 

Computer generated treatment plans are produced for each cancer patient, prior to treatment 

with radiotherapy X-ray beams. These plans show isodose distributions which are 

overlayed on patient axial cross sections to give the Radiotherapist a clear indication of dose 

to the tumour and surrounding structures. 

In radiotherapy treatment planning it is necessary to calculate X-ray dose distributions with 

accuracy. Incorrect predictions lead to sub-optimum treatment which can result in radiation 

induced complications such as lung pneumonitus and bone marrow suppression. In this 

thesis methods are introduced which reduce the errors involved in the computerised 

radiotherapy planning process. 

The interaction properties ofradiotherapy X-ray beams are dealt with in chapter 1. Included 

in this chapter is information about lateral electron disequilibrium as this is essential to the 

discussion of beam models which follow. In chapter 2 the experimental methods developed 

to study the accuracy of beam models are outlined. This chapter includes a discussion of the 

in-house manufacture of epoxy resin based tissue analogs, computed tomography (CT) 

quantitative analysis of the analogs, and their construction into dosimetry phantoms. The 

work contained in this chapter has been published in part (Metcalfe et al 1988, Metcalfe et al 

1990a). 

Chapter 3 includes a review of currently used photon beam models and their inadequacies. 

The inhomogeneity correction methods studied in this chapter include effective depth, Batho 

and Equivalent Tissue-Air-Ratio corrections. This work has been published in part 

(Metcalfe and Beckham 1988, Metcalfe and Battista 1988). 

In chapter 4 the author introduces a photon beam computing method which is based on 

superposition mathematics and accounts for charged particle transport. Included is a detailed 

analysis of the effect of beam spectrum and lung inhomogeneities on the accuracy of the 

method. The method displays excellent accuracy in both homogeneous and heterogeneous 

media. Work contained in this chapter has been published in part (Metcalfe et al 1989, 

Metcalfe et al 1990b ). Associated work in this area which the candidate has had significant 

input into, includes Murray et al (1989), Hoban et al (1990a) and Harper et al (1990). 
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Quote: 

"In short, primary and scatter dose models assume that electron equilibrium exists. Consequently, the results 
of dose computations at interfaces, at beam boundaries, at inhomogeneity boundaries, and in regions near 
small structures may be in significant error due to considerable departures from electron equilibrium." 

Mohan and Chui (1985a) 
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CHAPTER 1 

THE INTERACTION OF PHOTONS WITH TISSUE 

1,1 INTRODUCTION 

The processes involved in the interaction of radiotherapy photon and electron beams with 

matter are discussed in this chapter. In section 1.2 the properties of the electron at relativistic 

velocities are described, as this has an impact on the interaction processes which occur 

between X-ray photons and electrons. The different photon interaction processes which are 

dominant at radiotherapy X-ray beam energies are each discussed in section 1.3. These 

interactions are photoelectric absorption, Compton scattering and pair production. 

Such X-ray interactions cause electrons to be set in motion. Electrons then interact with 

other electrons and this leads to energy being absorbed in the medium. The collisional and 

radiative energy loss mechanisms of electrons are described in section 1.4. In section 1.5 

the concepts of photon fluence, energy release, and energy absorption per unit mass (or 

dose) are discussed. The location at which an X-ray interacts with matter and the location at 

which the resulting dose is absorbed are not the same. This is discussed and a qualitative 

model is presented which shows how electron ranging leads to lateral electron 

disequilibrium. 

1,2 THE ELECTRON BEAM AT RELATIVISTIC VELOCITIES 

The physics of the electron beam at relativistic velocities is explained here, as it has some 

bearing on the characteristics of the photon beam once it leaves the medical linear accelerator 

exit port for patient treatment. When electrons are accelerated to relatiyistic velocities the 

mass m, and energy E, at a relativistic velocity are related as postulated by Einstein's theory 

of relativity (1905), such that 

2 
E = me 

where c is the speed of light. 

(1.1) 

Hence the kinetic energy Ek given to an electron accelerated in a linear accelerator waveguide 

is 

(1.2) 
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where mo is the electron rest mass and is equal to (9.11 x 10-31 kg). By rearranging (1. 2) 

then 

( 1. 3) 

The particles mass m is related to mo by 

mo 
m (1.4) 

where vis the velocity of the particle. By rearranging (1.4) then 

(1.5) 

To acquire a feeling for the quantities involved when dealing with linear accelerators, let us 

apply the above equations to a typical electron energy. By applying (1.3) to a 3 MeV 

electron beam (remember that 1 MeV = 1.602 x 10-13 Joules), the result is that the electron 

acquires a mass m = 6.9mo. By applying (1.5) the velocity of the electron v = 0.989c, 

which is close to the velocity of light. 

1.3 PHOTON INTERACTION PROCESSES 

Once electrons have been accelerated to these velocities within the linear accelerator 

waveguide then they strike a target, and a broad spectrum of photons is emitted due to 

bremsstrahlung production as detailed in section 1 .4. The resultant photon beam is a 

narrow bullet-shaped lobe of photons which is reshaped by a beam flattening filter to 

produce the characteristic photon beam evident at the linear accelerator exit port. These 

photons then traverse air in a tightly defined beam and strike the patient. This is when any 

one of the following interactions occur. 

At very low energies there is some classical scattering which is referred to as coherent or 

Rayleigh scattering, whereby elastic collisions occur between photons and electrons. This 

phenomenon is only important at photon energies which are lower than those relevant to 

radiotherapy beam energies discussed in this thesis, so the process is not discussed here. 



For details refer to Johns and Cunningham (1983). The three photon interaction types of 

relevance at energies used in radiotherapy are discussed as follows. 

1.3,I Photoelectric Absorption 

In this process all of the photon's energy is transmitted to a bound electron such that 

(Meredith and Massey 1977) : 

hv 1 2 = W + 2 mv (1.6) 

where hv is the initial photon energy, his Planck's constant and v is the photon frequency, 

W is the electron binding energy and (1/2)mv2 is the kinetic energy given to the electron. 

Shown in Figure 1. 1 is a description of the photoelectric process using the Bohr model of 

the atom. The X-ray strikes an outer or inner shell electron and all of the X-ray's energy is 

absorbed by the electron which escapes its shell. If an inner shell electron is involved then 

it is replaced by an outer shell electron. This electron in turn emits some energy in the form 

of a photon whose energy is characteristic of the energy difference between the two shells. 

This radiation is known as Characteristic Radiation. However for tissue-type low atomic 

number materials this energy difference is so small (eg. for Carbon it is 0.3 keV) that it is 

absorbed locally in closely neighbouring atoms. 

Electron escapes orbit I Characteristic radiation 

Orbital electron replaces lost electron 

Incident X-ray 

Orbital electrons 

Figure 1.1: The Photoelectric absorption process shown for an inner shell electron. An incident X-ray with 
energy hv interacts with a bound inner shell electron and the X-ray gives up all of its energy. The inner 
shell electron escapes its orbit and it may be replaced by an outer shell electron. A photon is then given off 
whose energy is characteristic of the energy difference between the two shells. 
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1.3,2 Compton Scatterin2 

Compton scattering, which occurs at higher energies, is important at the beam energies used 

for radiation therapy. The interaction is shown in Figure 1.2. It involves some energy 

transfer from the incident photon which has an initial energy h v to an electron which 

recedes from its orbit with energy E, and the photon is scattered at a new angle with energy 

h v '. As energy is conserved, the energy E given to the electron (assuming the electron 

binding energy is negligible) is equal to the electron kinetic energy, Ek, such that 

Ek = hv -hv' . (1.7) 

Since the electron may have a velocity approaching c, by using the relativistic expressions in 

(1.2) combined with (1.4) then (1.7) can be modified to 

(1.8) 

Now let us denote the-momentum of the incident photon by p, and the magnitude of the 
momentum by p, then 

p = mv = hv 
C (1.9) 

Similarly, denote the momentum of the recoil photon by p' and the magnitude of the 
momentum by p', where 

p' = 
hv' 

C (1.10) 

Also let us denote the momentum of the recoil electron by q. As p, p' and q are all vectors 

and momentum is conserved, then for the vectors shown in Figure 1.2: 

q = p - p' (1.11) 
and 

(1.12) 



Incident X-ray 
p 

Recoil electron 

Scattered photon 

E'=hv, 
, hv ' 
p=­

c 

Outer shell electrons 

Figure 1.2: The Compton scattering process. An incident photon with energy E = hv and momentum of 
magnitude p = hv/c interacts with a free electron giving it an energy Ek and momentum q. The recoil 
electron is scattered at an angle <I> and escapes its orbit The incident photon gives up some energy to the 
recoil electron and the rest of the energy goes to the scattered photon which has energy E = hv' and 
momentum p' = hv'/c. The amount of energy given the electron and recoil photon depends on the angle of 
photon scatter 0. (Johns and Cunningham 1983). 

By vector analysis and proof, Johns and Cunningham (1983) give the following equations 
which show that the kinetic energy Ek given to the recoil electron, and the energy h v' given 

to the scattered photon are dependent on 0, the angle of recoil photon scatter: 

E _ h ( a. ( 1 - cos 0 ) ) 
k - V 1 + <X. ( 1 - COS 0 ) ' 

(1.13) 

and as 

hv ' = hv - Ek , (1.14) 

then by substituting (1.13) into (1.14) and simplifying 
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(1.15) 

where 

hv 
ex. = (1.16) 

Note that ex. is the ratio of photon energy hv to electron rest energy moc2, where 

m0c2 = 0.511 [MeV] . (1.17) 

In this thesis Me V is the unit used to refer to either a monenergetic beam of this energy or the 

mean energy of a polyenergetic beam. This unit is often shortened to MV as this is used to 

denote the peak energy of a polyenergetic X-ray beam (Johns and Cunningham 1983). 

Figure 1.3 shows the energy given to recoil electrons and recoil photons from a 3 Me V 

incident photon. The energy depends on the recoil photon scatter angle. The graph was 
obtained by applying (1.13) and (1.15) to 3 MeV photons for different angles of 0. The 

resulting energy of the photon and recoil electron are plotted. 

The cross-section cr represents the area that an interaction centre (electron, atom or nucleus) 

presents to the radiation (units cm2 or barns =10-28 m2). The number of photons crossing 

normal to a unit area is denoted by fluence, <I> (units cm-2). For an incident fluence <I> and a 

scattering cross section cr the expected number of photons scattered per scattering centre is 

given by < n >, where 

< n > = cr<I> . (1.18) 

The probability that a photon will be scattered through an angle 0 into a unit solid angle, is 

the differential cross section per unit solid angle dcr/dQ. This is illustrated in Figure 

1.4. 
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Figure 1.3: Graph showing the amount of energy given to an electron and photon from an incident 3 MeV 
photon. The energy depends on the angle of photon scatter 0. For example, from data shown in the graph, 
the interaction of an incident photon with an electron which causes the photon to scatter at 0 = 450 will 
produce a scattered photon of energy hv ' = 1.104 Me V and a recoil electron of energy Ek = 1.896 Me V. 

photons incident 
on an area, dcr/dQ 

► 

Figure 1.4: Differential cross section per unit solid angle do/dQ. A group of photons scattered by an 
interaction such as a Compton interaction with an electron are scattered at an angle 0. 
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Klein and Nishina (1929) determined by quantum mechanical analysis that this probability 

for Compton interactions is given by (Reitler 1960): 

(1.19) 

where dQis 

dQ = 21t sin0 d0 (1.20) 

The term, dcro/dQ is the classical scattering expression (Johns and Cunningham 1983), such 

that 

dcr0 

dQ 

2 
ro 2 = 2 < 1 + cos e) 

where ro is the classical electron radius such that: 

-15 = 2.81794 X 10 m 

( 1.21) 

(1.22) 

where k = 8.9875 x 1Q9 m2c-2. The term FKN is the Klein-Nishina factor and is given by 

(Klein and Nishina 1929): 

( 1 ) 2 ( 1 a.2 ( 1 - cos e ) 2 ) 

FKN = 1 + Cl ( 1- cos 0 ) + ( 1 + a ( l - cos 0 )) ( l + cos 2 0) • 

(1.23) 

The energy transfer cross section for recoil electrons O'tr, is the fraction of the incident 

photon energy transferred to recoil electrons per scattering centre. The differential energy 
transfer cross section dcrtr/cin, is given by (Johns and Cunningham 1983): 

dcrtr = dcro ( F ) ( a ( 1 - cos e ) ) 
dQ dQ KN 1 + a ( 1 - cos 0 ) • (1.24) 

For the case of an incident 3 MeV photon beam, (1.19), (1.21) and (1.24) have been 

applied and the results are plotted in Figure 1.5 to show the classical and Compton cross 
sections for scattered photons and electrons. 



The total cross section is represented by 

1° = 1t ( dcr0 ) a = 0 = 0 dQ ( FKN) ( 2 1t sin e ) d8 (1.25) 

This integral represents the equivalent of the total area under the graph for the differential 

cross section, dcr/d.Q, plotted in figure 1.5. Integral solutions to this equation have been 

solved elsewhere (Johns and Cunningham 1983, Heitler 1960). 

Note that all the previous equations assume that electrons are free, whereas they are in fact 

bound. An approximate solution to this problem can be obtained by including an incoherent 

scattering function S(x,z) which accounts for the electrons that do not escape due to their 

binding energy. Extensive tables of S(x,z) have been produced by Hubbell et al (1975). 

However, for energies above 500 keV where Compton interactions dominate this is a 

negligible effect (Johns and Cunningham 1983). 
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Figure 1.5: Graph showing the differential cross section dcr per unit solid angle dQ plotted against angle of 
photon scatter 8. Data shown in the graph includes the classical differential cross section per unit solid 
angle dcro/dn, the Compton scattered photon differential cross section per unit solid angle dcr/dQ, and the 

Compton recoil electrons differential cross section per unit solid angle dcrtr/dn. 
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1,3,3 Pair Production 

When the energy of an incident photon is greater than 1.022 Me V the photon may be 

absorbed through the mechanism of pair production. 

The pair production process is a striking comfirmation of Einstein's equation ( 1.1 ). The 

mass m of the electron is 9.l lxlQ-31 kg and the speed of light is approximately 3x108 ms- 1; 

thus 

E = mc2 = (9.11 x 10-31kg) (3 x 108 ms-1) [Joules] , (1.26) 

and by converting from Joules to Me V then 

E = 8.2 x 10-14 [Joules] 

1.6 x 10-13 [Joules/MeV] 
= 0.511 [MeV] . (1.27) 

The energy equivalent of one electronic mass unit as shown in (1.27) is 0.511 MeV and as 

two charged particles are formed, the threshold energy required of the photon is 2 x (0.511) 

MeV = 1.022 MeV. The mechanism is described in Figure 1.6 which shows the incident 

photon colliding with the nucleus and a positron-electron pair being formed. 

A threshold energy of 1.022 Me V is required by the photon for it to interact with the nucleus 

and convert some energy to mass in the form of a positive electron (positron) and negative 

electron of mass equally shared and total energy exceeding 0.511 MeV. As positrons are 

extremely unstable and have a positive charge then they quickly interact with another electron 

giving off two photons each of 0.511 MeV energy. This radiation is called annihilation 

radiation. 

Also shown in Figure 1.6 is triplet production. This is a similar interaction to pair 

production only the interaction occurs with the field of an electron rather than in the field of 

the nucleus. Three particles are involved: the original electron, a created electron and a 

created positron. The threshold for this interaction occurring is 2.044 MeV. Triplet 

production is usually a small component compared to pair production and is usually included 

with pair production when the cross sections for this interaction are discussed. 

Note that energy and charge are conserved between the photon, electron and positron but 

momentum is not conserved between the three particles as some momentum is given to the 

nucleus. Because the nucleus attains some of the collision's momentum, it is difficult to 



analyse the collision in detail as the exact angular deviation of the positron and electron are 

unknown. The differential cross section for the production of an electron-positron pair has 

been shown by Reitler (1960) to be approximately equal to 

(1.28) 

the term, Fpair is a complicated function of momentum, energy and angle of projection of 

the positron and the electron, and dQ is the solid angle into which the photon is projected. 

Shown in Figure 1.7 is the total cross section K plotted as a function of energy for two 

elements; oxygen (the atomic number Z = 8) and calcium (Z = 20). Note that the pair 

production cross section increases with atomic number of the element. The increase is 

approximately proportional to Z2. 

The same pair of photons 
produced as below Positron ) 

::electron 

Triplet 

1 1 

Incident X-ray Free electron 

Incident X-ray 

lhv > 1.022MeV ! 

Photon of energy/ 
0.511 MeV \ 

Electron 

\ 
' Photon of energy 

0.511 MeV 

Pair 

Figure 1.6: The absorption of photons by the pair _and triplet production pr?Cesses. The in~i~ent photons 
require an energy of 1.022 and 2.044 MeV respectively. In each case a positron-electron parr 1s produced. 
The positron then interacts with a free electron and the result is two 0.511 MeV photons. 
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Figure 1.7: Total of pair and triplet cross sections, x:. The cross sections for the elements oxygen (which has 
an atomic number Z = 8) and calcium (which has an atomic number Z = 20) are plotted against energy in 
MeV on the horizontal axis. Note the cross section increases with energy and atomic number (Data from 
Johns and Cunningham 1983, Appendix A3). 

1.3,4 The Relative Importance Of Each Process 

The contribution of each interaction process to the total photon beam attenuation can be 

determined and this depends on the energy of the photon beam. In this section, the 

probability of photon beam removal is defined and this term's relationship to atomic cross 

sections is discussed. 

The probability of photon removal, by either absorption or scatter, per unit path length is 

defined as the linear attenuation coefficient µ, which is usually defined in units of cm-1. 

The equivalent mass independent quantity is the mass attenuation coefficient µIp, which 

has units of cm2g-1. These quantities are derived from atomic cross sections as follows. If 

B is the number of interaction centres per unit volume, <l> is the fluence and defining cr as the 

cross section per atom, then the number of interactions N per unit path length dz is equal to 
(Greening 1981): 

N = B cr<l> dz (1.29) 



The fractional change influence, d<l>/<l>, is therefore 

d<l> 
<I> = -B erdz , (1.30) 

and as the number of interaction centres per unit volume B multiplied by the cross section 

per atom er is equal to the linear attenuation coefficientµ, then by replacing Ber withµ in 

(1.30), 

d<l> = -µdz . 
<I> 

Integrating both sides of (1.31) then gives 

ln<l> = -µz+ C 

(1.31) 

(1.32) 

where c is a constant. Now taking exponentials of both sides of (1.32) and using the 

boundary condition <l>(O) = <l>o the fluence at depth z is given by 

) -µz 
<I> (z = <I>0 e (1.33) 

The total linear attenuation coefficient is the sum of the attenuation coefficients due to 
coherent (coh), photoelectric (t), Compton (er), and pair production (K:) processes. 

Therefore the total linear attenuation coefficient is given by : 

(1.34) 

and the mass attenuation coefficient is: 

µcoh ~ ~ µJC = --+-+-+- (1.35) 
p p p p 

where 

(1.36) 

The subscripts a ands denote absorption and scatter processes and are only significant for 

Compton interactions (Johns and Cunningham 1983). 

The relationship between the linear attenuation coefficient µ and cross section er is (Greening 

1981): 
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µ = (1.37) 

where, NA, is Avogadro's number (6.022 x 10-23 mol-1), pis the mass density (for oxygen 

p = 1.332xl0-3 g.cm-3), and A is the mass number (for oxygen A= 16). The conversion 

from a toµ using (1.37) for oxygen is therefore 

and 

µ = 

µ 
p 

(6.022 X 1023

) (1.332 X 10- 3

) (Sx1019) O' 
16 a = 

µ 
-3 1.332 X 10 

(1.38) 

(1.39) 

Figure 1.8 shows the relationship of atomic cross sections of component interactions 

including coherent, photoelectric, Compton and pair production versus energy for the 

element oxygen. Data for the graph was obtained from detailed tables of these coefficients 

(Johns and Cunningham 1983, Appendix A4). Note the dominance of classical scattering at 

very low energies then photoelectric absorption dominates at slightly higher energies. 
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Figure 1.8: The relationship of atomic cross sections of component interactions including, photoelectric 't, 
Compton ere, and pair production ic, versus energy for the element Oxygen. The coherent scattering cross 
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This is succeeded by Compton scattering which dominates over the range of energies most 

commonly used in radiotherapy applications and finally pair production dominates. By 

applying ( 1.38) to the data provided in Figure 1.8 linear attenuation coefficients are 

produced. These are plotted against energy in Figure 1.9 for the element oxygen. 
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Figure 1.9: The relationship between linear attenuation coefficients of component interactions including 
coherent ~oh, photoelectric µ't, Compton~. and pair production µJC. The values are plotted as a function 
of energy for the element oxygen. 

Using (1.39) the data used in Figure 1.9 is converted to mass attenuation coefficients and 

these are plotted as a function of energy as shown in Figure 1.10 for the element oxygen. 

Also shown on this graph is total mass attenuation coefficient versus energy. This is the 

sum of the component coefficients at a specific energy. 

Not all energy is always transferred from photons to charged particles. The average energy 

transferred from the photons to charged particles is Etr, and the mass energy transfer 

coefficient is defined as 

(1.40) 
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For high energy beams not all the energy transferred is absorbed and some is re-radiated as 

bremsstrahlung. The average absorbed energy Eab, is also referred to elsewhere as Een· 

This quantity has an associated mass energy absorption coefficient which is related to the 

transfer coefficient by 

(1.41) 

where g is the fraction of charged particle energy converted to bremsstrahlung. For 

energies less than about 10 MeV the bremsstrahlung production is negligible (in atomic 

number materials that are similar to tissue). Therefore g approximately equals zero, and 

for tissue when hv :::;; l0MeV (1.42) 

The mass energy transfer coefficient using (1.40) for a 3 Me V photon in tissue is : 

µtr -1 2 ( 1. 7 4 Me V ) -1 2 
p = 0.03359 g cm x 3 MeV = 0.01948 [g cm] . (1.43) 
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Figure 1.10: The relationshi~ between mass attenuation coefficients of component interactions including 
cohe~ent ~oh/P, photoelectnc µt/P, Compton ~/p, and pair production µJClp, and total µ/p. Plotted as a 
funcuon of energy for the element oxygen. 
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Figure 1.11 shows the relationship of the mass attenuation coefficients, mass energy 

absorption coefficients, and mass energy transfer coefficients versus energy for water. Data 

for the graph was obtained from detailed tables of these coefficients. Note the subtle 

difference shown on the graph between the energy transfer and energy absorption 

coefficients at high energy. This is due to bremsstrahlung production becoming more 
significant at high energies. 
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Figure 1.11: Mass attenuation coefficient µIp, mass energy absorption coefficient µabf P, and mass energy 
transfer coefficient µtrip, versus energy for water. Data for the graph was obtained from detailed tables of 
these coefficients (Johns and Cunningham 1983, Appendix A3). 

Where the percentage contribution of each process to attenuation is calculated for a 

monoenergetic 3 Me V photon beam as 

µO" = 0.03347 , 
p 

µIC 

p = 0.0012 , µ = 0.03359 
p 

[ -1 2] g cm . 

(1.44) 

This shows that the majority of attenuation at this energy is due to Compton interaction · 

processes, that is 97%, and the remainder of the interactions, 3%, are due to pair production 

processes. The calculation (1.44) shows that at this energy Compton interactions are 

dominant and pair production only contributes a small amount to the interaction process, 
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hence any Compton interaction model will closely approximate the total energy transfer 

process at this energy. 

1,4 ELECTRON INTERACTIONS 

When an X-ray photon interacts with a medium, any one of the three major photon 

interaction processes previously outlined may occur. These interactions result in charged 

particles, electrons or positrons, ranging from the original site of photon interaction. The 

term ranging is used to describe the process whereby electrons travel from their site of 

photon-electron interaction and undergo multiple electron-electron and electron-nucleus 

interactions prior to coming to rest, having deposited energy along their track. 

It is the subsequent multiple interactions of the electrons with atomic nuclei or bound atomic 

electrons which leads to the atomic ionization and excitation processes responsible for 

biological damage to the cell. 

Once electrons have been set in motion by one of the previously described photon interaction 

processes, they range from the site of initial interaction and are themselves subject to 

absorption and scattering processes. Interactions occur with nuclei, the most common 

interaction is Coulomb scattering. Radiative collisions, those that produce Bremsstrahlung 

photons, can occur with nuclei or atomic electrons. 

1.4,1 Collisional Energy Loss 

Collisions which cause electron energy loss are of major interest as these events give rise to 

deposition of energy. Collisional energy loss occurs when a ranging electron interacts with 

an atomic electron as shown in Figure 1.12 and this results in either excitation or ionization 

of the atom. In general this process is closely modelled by a free electron collision. This is 

because the outer shell electrons are loosely bound and the most frequent interaction involves 
a small energy transfer to the orbital electron. 



Incident electron 

Electron suffers multiple 
small angle scattering 

Figure 1.12: The track of an incident electron through a series of atoms. This results in either excitation or 
ionization of the atom. In general this process is closely modelled by a free electron collision. This is 
because the outer shell electrons are loosely bound and the most frequent interaction involves a small energy 
transfer to the orbital electron. Hence multiple small angle scattering occurs and the cross sections for 
ionization are large. This is the dominant scattering mechanism in tissue. In some interactions an orbital 
electron may be given enough energy to escape and itself interact elsewhere. Such an electron is referred to as 
a delta ray. 

1,4,2 Radiative Ener2y Loss <Bremsstrahlun2 Production) 

A collision between an electron and an atom which results in energy in the form of photon 

radiation is called a radiative energy loss and the process is shown in Figure 1.13. 

Bremsstrahlung photons are emitted when an electron interacts with the coulomb field of 

the nucleus. Therefore the probability of such an interaction is higher if the distance of the 

electron's approach to the atom is less than the atomic radius. The maximum energy of the 

bremsstrahlung can be no more than the peak electron energy and a spectrum of photon 

energies below this value is produced. 
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Electron has energy 
of (Ek - hv ) 

Bremsstrahlung 
photon energy, hv 

Orbital 
electrons 

Figure 1.13: Bremsstrahlung photons are emitted when an electron interacts with the coulomb field of the 
nucleus. The electron continues with its energy reduced to Ek - hv, where hv is the energy lost to the 
photon. 

The energy loss due to production of photons per unit path length z, from electrons 
of energy E = hVmax, where v is the bremsstrahlung frequency, is given approximately 

by the following relationship (Klevenhagen 1985) 

dE 2 N 2 183 
dz = 4 Z 137 r0 E V3 , 

z 
(1.45) 

where Z is the atomic number, N is the number of nuclei per unit volume and ro is the 

classical radius of the electron. 

1,4,3 Electron Stoppin~ Powers 

Energy transferred from the electron to the medium by collisional or radiative processes is 

quantified by the use of stopping powers. The rate of energy loss per unit path length, 

dE/dz, defined in (1.45) is the linear stopping power, referred to as S, and to make this 

quantity mass independent the mass stopping power Sip is defined. The total mass 



stopping power is equal to the sum of the collisional Sco1/p stopping power and radiative 

mass stopping power Sractf P (Klevenhagen 1985): 

Stot ( Srad) ( Scoll) [M V 2 -1] --= --+-- ecmg 
p p p 

(1.46) 

Tables of stopping powers are available (Berger and Seltzer 1966). The collisional stopping 

power is usually represented by a special case called the restricted stopping power L. This is 

because if enough energy is imparted in the collision to the atomic electron, then it has 

sufficient energy to itself cause ionization. This electron is often referred to as a delta ray 

(see Figure 1.12). The delta ray in turn interacts with electrons which deposit their energy at 

a point remote from its original position. The actual energy at a point is therefore defined as 

the energy transferred by secondary electrons of energy less than a specific value defined as 

L1. The linear restricted stopping power, also known as the linear energy transfer L, is 

therefore the energy loss per unit path length in which the energy loss per collision is less 

than A Note that if there is no restriction placed on the energy loss then, (L = Loo= Scan). 

The restricted mass stopping power is therefore defined as 

(1.47) 

where L1 is the cut off energy below which electrons are scored as though they deposit their 

energy at this point. This parameter is typically set at 100 ke V as the range of electrons in 

water at such a low energy is less than 1mm. 

1.4.4 Electron Scatterin2 Powers 

The approach put forward by Fermi (Klevenhagen 1985) to model the predominant multiple 

small angle scattering which characterises the electron beam was to formulate scatter 

distribution functions for lateral displacement and angular deflection. Fermi's original 

method assumed the electron energy remained constant with depth. Eyges (1948) provided 

a modified solution to account for beam energy degradation. Though this is an 

approximation, the theory works well and successful computerised electron pencil beam 

planning models such as those employed by Hogstrom (1985) are based on the Fermi­

Eyges scattering theory. Complex beam situations can be reasonably accurately modelled 

using the pencil beam approach (Hoban 1988, Coalter 1984, Perry and Holt 1980, Jette 

1984a and 1984b). 
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There are some situations where the failure of the method to model large angle scattering 

causes errors. These problems are addressed by Brahme et al (1981) and Lax (1986). 

This group are producing slightly non-Gaussian shaped pencil beams by using Monte Carlo 

techniques. 

1,5 FLUENCE. KERMA AND ABSORBED DOSE 

Photon fluence, KERMA and absorbed dose are defined by the International Commission 

of Radiation Units, ICRU#l9 (1971), as follows. 

1,5,1 Fluence 

Photon fluence, dN/da, is the number of photons which cross a unit cross-sectional area. 

Therefore the photon fluence, Cl>, and energy fluence, 'P, are defined respectively by 

(1.48) and (1.49) as 

Cl> 
dN 
da 

(1.48) 

and 

'P = dN hv 
da = Cl> hv (1.49) 

1,5,2 KERMA 

The Kinetic Energy Released in a medium per unit MAss or KERMA, K, represents the 

average energy transferred from the photon to the charged particle dE1r, per unit mass dm, at 

the site of interaction. Therefore 

K = dEtr 

dm (1.50) 

As KERMA is the kinetic energy released then it is equal to the energy fluence, q,, 
multiplied by the coefficient of energy transfer µttf p. Therefore 

(1.51) 



and by applying (1.49) then: 

(1.52) 

As pointed out by Attix (1979), the KERMA can be partitioned into two components: the 

energy transferred to charged particles Kcol• and the energy transferred which results in 

radiative energy is Krad· Therefore 

K = K + Tl" = ( µab )K + ( µtr - µab )K col ._~ad µ µ 
tr tr 

(1.53) 

1.5.3 Absorbed Dose 

The energy absorbed by a medium per unit mass, or absorbed dose D, represents the 

average energy transferred from the charged particle to the medium d.Eab, per unit mass dm, 

where dm is large enough to prevent stochastic variations (Greening 1981), such that 

D = dEab 

dm 

1.5.4 Lateral Electron Disequilibrium 

1.5,4,1 Discussion 

(1.54) 

The general phenomenon of electron equilibrium has been discussed by (Dutriex et al 

1965,1966). This work looked at this effect at air/tissue interfaces. The phenomenon of 

lateral electron disequilibrium has been experimentally characterised by other researchers 

(Kornelson and Young 1982, Young and Komelson 1983, Mackie et al 1985a). These 

authors tend to have relied on the following explanation for their results. Due to electrons 

ranging longitudinally and laterally from the site of photon interactions, the site of energy 

deposition (dose) is different from the site of energy release (KERMA). 

If the beam width is greater than the lateral range of the electrons set in motion, then near the 

centre of the beam the same aggregate electron energy enters a dose site as leaves the site. 

In this case lateral charged particle equ_ilibrium or lateral electron equilibrium is said 

to exist (note usually most of the charged particles are electrons). A simple model of the 
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phenomenon is sketched in Figure 1.14 which shows that disequilibrium occurs near the 

edge of photon beams. 

Photons 

Electrons 

Lateral electron 
dis uilibrium I Electron equilibrium I 

Figure 1.14: Geometry of electron disequilibrium, this is a simplified model of how electrons ranging away 
from the photon interaction site will produce regions of lateral disequilibrium at the beam edge. (Johns and 
Cunningham (1983)). 

In a lower density medium, the electron range is extended. At high energies the lateral range 

of some of the electrons exceeds half the field width (eg.10 MV X-rays, 5 x 5 cm field in 

lung). In this situation electron lateral disequilibrium extends across the entire field width. 

This leads to a dose void along the central axis. For larger field sizes (eg. 10 x 10 cm) the 

disequilibrium still occurs but is restricted to the penumbra! region. The experimental effects 

of this phenomenon are discussed in chapters 3 and 4. But a more detailed explanation of 

lateral electron disequilibrium is included as follows. 

1.5.4.2 Monte Carlo Dotplot description of Lateral Electron Disequilibrium 

When a photon interacts in a medium a series of secondary processes is initiated. Electrons 

and positrons (charged particles) are set in motion and their energy is imparted to individual 

atoms as they track through the medium. Delta ray, bremsstrahlung or annihalation events 

may occur during the electron's tracking process. 

The range of an electron is defined here as the displacement of the electron from the 

interaction site at the end of its track. Defining the lateral range as the displacement of this 

track from the x axis and the longitudinal range as the displacement in the z axis (see Figure 

1.15) then the range of the electron depends on the incident photon energy, recoil electron 

angle and number of interaction centres along the track (ie. this in turn depends on the 

electron density and atomic number of the media). 



Shown in Figure 1.15 is the results of a simulation of an electron set in motion by an 

incident 10 MeV photon in media of electron density equal to 0.3. The simulation was 

generated by using the dotplot option of the electron gamma shower (EGS) Monte Carlo 

code (Murray 1990). Note the electron longitudinal range is 2.0 cm and the lateral range is 
2.3 cm. 
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Figure 1.15: Dotplot of a 10 MeV photon interacting with an electron in media of electron density equal to 
0.3. The initial energy given to the recoil electron is 3.402 MeV and its kinetic energy is 2.891 MeV 
(because its original energy in orbit is 0.511 MeV). The energy of the scattered photon is 7.109 MeV. Note 
that every time the random number is changed a different sequence of events will occur, one scenario has been 
followed by choosing one random number for the initial event. 
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Shown in Figure 1.16 is a series of electron tracks (shown in red) which have been 

generated by forcing 50 photons to interact at the same position. The incident photon paths 

have been removed from the plots so that the reader can concentrate on the electron tracks 

without confusion. A polyenergetic spectrum representative of that produced by a 10 MV 

X-ray machine has been used for the EGS simulation (Mohan and Chui 1985b). Note that a 

number of electrons stream to a lateral position beyond the 2.5 cm radius which has been 

marked on the graph and very few electrons range back toward the central area of the pencil 

beam. Also of interest are the small dots which appear scattered a long way from the 

interaction site, these are due to scattered photons interacting and producing low energy 

electrons which deposit their energy locally. 



26 

:x: 

10 

8 

6 

4 

2 

0 

2 

4 

6 

8 

10 

10 
(CM) 

EGS PARTICLE TRACMS 
elect~ons .Phc!tons , positzoo~s 
MU DSA !1!ctron tr~ck~ (50 incid~nt photon~> 

.• , : .... -,:; . ---.. ) . .... . .. ·- ... . . . ■ .... ~. • • • • ■- • ., .... ·. -~ .... 
····•·"·-. " . 

0 2 4 6 8 10 12 14 16 

Z (CM) 

Figure 1.16: Dotplot of a 50 photons interacting with a electrons in an 0.3 density media. The photons are 
from a polyenergetic spectrum which is typical of that encountered with 10 MV radiotherapy X-ray beams 
(Mohan and Chui 1985b). The electron tracks are shown in red and a positron track is shown in green. 



1.5,4.2 Mathematical Explanation of Lateral Electron Disequilibrium 

When considering the energy E deposited to a point (x, y) due to all other points in the beam 

(x', y') within a rectangular field of dimensions X by Y as shown in Figure 1.17. Then for 

lateral electron equilibrium to exist the energy deposited at point (x, y) from points 

(x', y') should equal the energy released from point (x, y). This can be shown as follows. 

The energy deposited at (x, y) due to energy released at (x', y') depends on the radial 

distance from interaction to deposition site, therefore 

E( , ') _ E[( ')2 ( ')2] 1/2 X, y; X , y - X - X + y - y (1.55) 

The total energy deposited due to the lateral electron range component at (x, y) is mainly due 

to electrons ranging from upstream at z, however if one just considers the lateral component 

of this electron spread, then a two-dimensional expression which is a requirement for lateral 

equilibrium to exist at (x, y) is that energy deposited at (x, y) due to interactions within the 

field envelope X,Y, is equal to the energy deposited at (x, y) if the field were infinite, 

therefore 

X y f O f O E(x, y; x', y')dx'dy' J~J-~ E(x, y; x', y')dx'dy' (1.56) 

When electron lateral disequilibrium exists some of the energy does not fall within the 

field envelope and (1.56) is not satisfied, such that 

X y oo oo f Of O E(x, y; x', y')dx'dy' < J _
00 
J _

00 
E(x, y; x', y')dx'dy' (1.57) 

y 

0 

x' ,y' 

+ 
0 X, y 

(0,0) X 

Figure 1.17: Beams eye view of field dimensions used when defining (1.55), (1.56) and (1.57). 
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CHAPTER 2 

EXPERIMENTAL METHODS 

2, 1 INTRODUCTION 

The equipment employed, adapted or manufactured for use in experiments outlined in the 

thesis, is discussed in this chapter. 

The main features of different radiotherapy machines used to treat patients, and equipment 

used for radiotherapy treatment planning is reviewed in section 2.2. In section 2.3 the 

properties of available body analogs are quantified. The materials used to manufacture the 

low density (lung density 0.2) two lung phantom used in subsequent experiments are in this 

group of compounds. 

In section 2.4 the in-house production of epoxy resin based body analogs is outlined. A 

quality assurance method which uses computed tomography (CT) scan data to analyse the 

efficacy of these analogs is also outlined in section 2.4. Several phantoms produced using 

this material are described and these include the medium density (lung density 0.3) two lung 

phantom used extensively in subsequent experiments. 

The monitoring equipment used in subsequent experiments is discussed in section 2.5. This 

includes ionization chamber and diode detectors, precision drive and electrometer control 

equipment. An analysis is also included in section 2.5 which establishes the accuracy of 

using a Baldwin Farmer-type ionization chamber in low density media. 

2,2 RADIOTHERAPY TREATMENT AND PLANNING MACHINES 

2,2,1 Teletherapy Machines 

For the treatment of deep seated tumours, high energy photon beams with deep penetration 

characteristics are required. Early methods of producing high energy beams for medical 

applications employed Cobalt-60 and Caesium-137 sources produced in nuclear reactors. 

The Cobalt-60 machine of the type developed by Johns et al (1952, 1959) became the most 

popular due to its higher specific activity, enabling a large source activity (5000 Curies) to be 

packed into a small cylinder (approximately 15 mm diameter). This ensures a penumbra! 

definition and dose rate which is superior to other isotope machines (such as Caesium-137). 
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The Cobalt-60 machine is used widely in radiotherapy applications and new units are still 

marketed. Despite its single rather low photon energy (1.25 MeV), it is often regarded as a 

more reliable unit than its main competitor the linear accelerator. This is because it requires 

minimal "down-time" due to the relative simplicity of design. 

2,2,2 Medical Linear Accelerators 

The evolution of the medical linear accelerator (linac) was a direct result of radar 

development work which culminated in the production of microwave generators in the form 

of magnetrons and klystrons. These devices are capable of establishing intense 

electromagnetic fields in microwave cavities. This enables the acceleration of electrons to 

relativistic velocities when incorporated with suitable waveguide structures. Figure 2.1 

shows a photograph of a linac (Clinac 18). Further details of operation and technical apects 

can be obtained elsewhere (Slater 1948, Karzmark and Perring 1973, Karzmark 1984). 

Linacs are the modality of choice for the production of high energy X-rays in radiotherapy 

applications. These units are becoming increasingly more popular than Cobalt-60 

teletherapy units as they have the following advantageous features: 

(1) Multiple electron and photon energies are available which allow the physician to tailor 

treatment to the required treatment depth. A modem linac is usually capable of producing 

two different photon and five different electron energies. 

(2) The dose rates (1 to 5 Gy per minute) are higher than isotope machines . This enables 

shorter treatment times and longer target (Source) to patient (Surface) Distances, SSDs, to 

be used. The longer distances ensure less beam divergence and slower fall off in the 

percentage depth dose. 

(3) Linacs have a smaller virtual source size (approximately 3 mm) than isotope machines. 

This means that they produce a sharper dose fall off in the penumbra. 



Figure 2.1: Photograph of a medical linear accelerator. This model is a "Varian Clinac 18". It is situated 
in a treatment room at the Waikato Hospital radiotherapy centre. This linac is capable of producing 10 MV 
X-rays and 6, 9, 12, 15, 18 MeV electrons at a dose rate of between 1 and S Gy per minute. The machine's 
centre of rotation (isocentre) is at 100 cm SSD. 

2.2 3 Radiotherapy Plannin1: Methods 

2.2.3,1 External Patient Contours 

There are several ways of obtaining patient external contour shape. These include outline 

formers such as flexicurves and porcupines, dynamic contour scanners, and 

photogrammetry. These methods do not provide information about internal body structures 

(Bleehen et al 1983, Mould 1981). 

2.2.3.2 X-ray Simulators and Ultrasound 

The X-ray simulator is used by the planning radiographer and radiotherapist prior to patient 

treatment. Simulators are diagnostic X-ray machines that provide geometric movements 

which mimic (simulate) those of the therapy machines. As such they provide the clinician 

with an X-ray "beam's eye view" of the tumour and surrounding structures, so that accurate 
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treatment to the target can be acheived while radiation sensitive structures are spared any 

unnecessary dose. 

By using anatomical land marks and lead markers, the position of internal anatomical 

structures in the transverse axial plane can be estimated. Ultrasound is used to augment this 

information for some plans. For example, the chest wall is often ultrasound scanned to 

ascertain chest wall separation (ie. the distance between lungs and external body contour). 

These methods do not provide patient specific information about electron densities of these 

structures, and hence mean densities (derived from patient surveys) have to be assigned. 

2,2.3.3 X-ray Computed Tomoeraphy 

X-ray computed tomograpy (CT) scanners provide high contrast X-ray pictures in the 

transverse axial patient plane (Hounsfield 1973, Brooks and DiChiro 1975). CT is the 

modality of choice for radiotherapy planning in terms of providing accurate intemaVextemal 

contour information, combined with an accurate map of electron densities (as outlined in 

sections 2.4 and 2.5). The CT scanner used for tests in this thesis was a Siemens DRH. 

2.2.3.4 Nuclear Maenetic Resonance Imaeine 

Nuclear magnetic resonance image (MRI) scans do not provide electron density information 

and there are some image distortion problems with these scans. One advantage, however, is 

that MRI provides better tumour definition for many tumour types and hence the target 

volume can be more accurately specified. Current research is therefore involved with 

overlaying the MRI tumour information onto the CT electron density image (Frass et al 

1987). 

2.2.3.5 Radiotherapy Plannine Computers 

Using the image information collected from the above methods, the planning radiographer 

enters the patient cross sections onto a planning computer and a two-dimensional patient 

treatment plan is generated. The plan consists of an isodose distribution (see chapter 3) 

overlayed on the patient structures and clearly shows the dose to the target volume. The 

radiotherapist then reviews the plan and decides whether it is providing the required dose 

distribution. This is all done prior to patient treatment to ensure the dose distribution 

delivered to the patient will be adequate. Three-dimensional display of treatment plans have 

been developed using wire frame, surface rendering and beams eye view techniques (Mohan 

1989, Gotein et al 1983). Shown in Figure 2.2 is a photograph of the Theraplan treatment 



planning system which employs features common to many other systems. The hardware 

features which are common to radiotherapy planning computers are shown in Figure 2.3. 

Figure 2.2: Photograph of the Theraplan treatment planning system which was commissioned by the author 
in 1989 at the Waikato Hospital Radiotherapy Centre. 
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Figure 2.3: Schematic block diagram showing the common features of radiotherapy planning computers. 
The planning radiographer interacts with the computer by input of patient and beam data. The computer 
generates radiotherapy plans with isodose distributions overlayed on the internal patient structures. 
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2,3 AVAILABLE BODY ANALOGS 

2,3,1 Discussion 

In order to produce suitable radiotherapy dosimetry phantoms a number of materials were 

examined. These included "off the shelf' materials which are discussed in this section and 

analogs which were manufactured "in-house" as discussed in section 2.3. 

2.3.2 Computed Tomo2raphy Calibration Methods 

Calibration plots for a Siemens DRH CT scanner, as shown in Figure 2.4, were obtained 

from data included in Table 2.1. In this case because the elemental composition of some of 
the elements is unknown (eg. the cork) the electron density relative to water p: is assumed 

to be related to mass density p by the equation 

w 
Pe = P • (2.1) 

The relationship of CT number Ncr to electron density relative to water is quasi-independent 
of beam energy only if the effective atomic number ze;f of the substance matches that of 

water (and hence soft tissues). This assumption is shown to be valid for the lung analogs 

made of cork because the cork data points conform to the Hounsfield regression line fit 

shown in Figure 2.4. The cork analog sample of 0.2 density is of particular interest because 

this material is used to form the low density two lung phantom used extensively in 

subsequent experiments. Notice that this sample lies on the Hounsfield regression line. 

This proves that although the elemental composition is unknown, the effective atomic 

number of this sample is very close to that of water. Hence the radiation properties of this 

sample at high X-ray energies is likely to closely model those of lung. 

For the other compounds of different atomic number (polystyrene, acrylic, ertalyte and 

delrin) the electron densities are calculable since the chemical formula and mass density are 

available. Electron densities and effective atomic numbers were calculated for such 

compounds, using the formulae of McCullough and Holmes (1985). The results of 

calculations for the samples are provided in columns 3 and 4 respectively of Table 2.1. 

Bone exhibits extra photoelectric absorption due to its higher atomic number (ie. higher than 

other body tissues). Bone analogs have been investigated here using liquid solutions with 

various concentrations of monohydrogen di-potassium phosphate (K2HPO4). The method 



used to ascertain the electron densities and effective atomic numbers from the solution 

concentrations also followed the guidelines of McCullough and Holmes (1985), and the 

results are listed in Table 2.1. The samples listed in Table 2.1 were studied on a Siemens 

DRH CT scanner and their CT numbers Ncr were recorded when samples of each material 

were placed in the centre of a 30 cm cylindrical CT phantom and scanned. 

Due to a change in the primary beam attenuation filter of the scanner X-ray tube (from 0.4 to 

0.2 mm Copper) the opportunity arose to examine the effect of tube kilovoltage on sample 

calibration. Three effective energies were studied (75, 71 and 64 keV) as determined by the 

use of effective keV liquids (White and Speller 1980). It was found that the change in X­

ray spectra had little effect on the soft tissue analog calibration lines as shown in Figure 2.4, 

but it had a more significant effect on the bone analog line gradients (see Figure 2.5). This 

is attributed to the enhanced photoelectric effect observed in samples of greater atomic 

number when beam energy is reduced (Henson and Fox 1984). 

Compound (formula) [cone.] p w 
Pe Zeff ze;f 

air 0.0012 0.0012 7.55 1.02 

cork+ 0.2 0.2 7.4 1.0 

cork 0.4 0.4 7.4 1.0 

cork 0.5 0.5 7.4 1.0 

polystyrene (CsHs)+ 1.04 1.01 5.70 0.77 

acrylic (CsI-4O2) 1.19 1.16 7.55 1.02 

ertalvte (CsI-4O2) 1.29 1.31 6.59 0.89 

delrin (CH2O) 1.41 1.36 6.96 0.94 

(K2HPO4) [75 mg/ml] 1.06 1.05 8.51 1.15 

(K2HPO4) [180mg/ml] 1.13 1.11 9.55 1.29 

(K2HPO4) [250 mg/ml] 1.18 1.15 10.06 1.36 

(K2HPO4) [325 mg/ml] 1.23 1.19 10.51 1.42 

(K2HPO4) [ 400 mg/ml] 1.27 1.23 10.88 1.47 

Table 2.1: Mass density, electron density, and effective atomic number relative to water for samples scanned 
by a Siemens DRH CT scanner at nominal energies of 64, 71 and 75 keV. 
+ These are the materials used in the low density two lung cork phantom A which is shown in Figure 2.6. 
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Figure 2.4: Calibration line of CT number versus rel~tive elec~on density for commercially available 
materials scanned on a Siemens DRH CT scanner at nommal energies of 64 and 75 keV. 
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Figure 2.5: Calibration line of CT number versus relative electron density for the liquid bone analog 
material, di-potassium phosphate solution (K2HP04), compared to in vivo data obtained using other scanner 
methods (dual energy CT and Compton scan). The dual energy CT line was obtained from Henson and Fox 
(1984) and the Compton scan data was obtained from Battista and Bronskill (1981). 



A graph of Ncr versus p; is provided in Figure 2.5 for the liquid bone analog materials. A 

search for in vivo data of bone calibration lines to compare with the liquid analogs revealed 

two lines of interest. This data was obtained independently by Compton scanning (Battista 

and BronskiU 1981) and a dual photon CT method (Henson and Fox 1984). 

Intercomparison of the plots for the K2HPO4 liquids with this data is also shown in Figure 

2.5. The comparison of data shown on the graph indicates that the K2HPO4 compound 

closely models the slope of the in vivo data. The offset relative to the in vivo data is in part 

due to uncertainties in the experimental data of 5% for the dual photon case and 10% for the 

Compton scan data. 

In Figure 2.5 it is evident that the intercepts of the K2HPO4 lines are very close to (1, 0). It 

is suggested that this is representative of the bone line, as a bone density increase is probably 

accompanied by an increase in bone mineral content. Note also that the gradient of the bone 

line is greater than that of the tissue line. This is due to more photoelectric absorption from 

the high atomic number materials. The result is greater X-ray absorption and hence higher 

CT numbers with respect to electron density. 

Examination of the horizontal axis of Figure 2.5 also shows that data for the liquid analogs 
is limited to a maximum electron density level of p; = 1.23. This is because the solutions 

become saturated above this level. 

The results in Figure 2.5 also show variation of NcT with beam energy and suggest that a 

periodic calibration technique or continuous on-line calibrations will ensure that a 

change in effective energy is accounted for by the recalibration. CT calibration using an on­

line method is discussed elsewhere (Metcalfe et al 1988). 

By fitting regression equations to the lines in Figure 2.5 for the K2HPO4 samples at 

different energies. The data are represented by 

(2.2) 

where Ry denotes the experimental regression line gradient for bone type substances. The 

regression equations are useful for radiotherapy planning purposes as these equations are 

used to convert from CT number to relative electron density for bone-type substances 

(Metcalfe and Beckham 1988, McCullough and Holmes 1985). 
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2.3.3 The Two Lun2 Cork Phantom 

The two lung cork phantom produced is shown in Figure 2.6. It has been used 

extensively in radiotherapy dosimetry tests (Metcalfe and Beckham 1988, Metcalfe and 

Battista 1988, Metcalfe et al 1988, Hoban et al 1990a). Some of these results are 

described in chapters 3 and 4 of this thesis. The phantom was built from components 

included in the CT analysis described in the previous section. It consists of 3 mm 
polystyrene slabs of density p; = 1.01 to simulate tissue and 6 mm cork slabs of density 

p; = 0.2 to simulate lung. 

The density of the cork (p; = 0.2) is at the low end of the likely scale of lung densities when 

considering the mean density is approximately p; = 0.3 for a sample of patients, with a 

variation from about 0.2 to 0.5. The range within an individual patient's lung can also vary 

between 0.2 and 0.5 due to inspiration and blood pooling (Van Dyk et al 1979, Van Dyk et 

al 1982). 

30cm I 
► 

POLYSTYRENE 

4cm 
CORK(0.2) 

8cm 
POLYSTYRENE 

4cm 
CORK(0.2) 

8cm POLYSTYRENE 

4cm 

Figur~ 2.6: The ~ons1:°ction details of the Metcalfe two lung cork phantom known as phantom A used in 
expenments outlined _m chapters 3 and 4. The cork layers were laminated from 6 mm thick sheets and th 
p~ly~tyrene was lammated from 3 mm sheets. An ionization chamber is placed in custom drilled hole: 
w1thm the polystyrene and cork slabs for dose measurements. 



2,4 THE IN-HOUSE PRODUCTION OF BODY ANALOGS 

2,4,1 Beason for In-House Manufacture 

Because the density of the cork in the two lung cork phantom is at the low end of the density 

range for lung it accentuates the effect of lateral electron disequilibrium. The dose 

perturbation effects are representative of likely dose distributions in large areas of lung. A 

drawback with the cork was that a detailed chemical analysis was not available. The CT 

scan analysis however (see Figure 2.4) showed the constituents were suitable as lung 

analog material because the lung data points fell on the regression line for tissue like 

materials. Therefore the effective atomic number of this material is very close to that of 

patient lung. 

To have the added flexibility of being able to tailor the exact density, atomic number and 

shape of a phantom has obvious advantages, and the use of polystyrene and cork does not 

give one this flexibility. Therefore in-house manufacture of lung, tissue and bone analogs 

for dosimetry phantoms was undertaken. The manufacturing and quality assurance methods 

developed for this process are explained in this section. 

The cost of these analog materials in 30 x 30 x 1 cm layers was quoted as NZ$560 per 

muscle or lung slab and NZ$920 per bone slab, (commercial supplier - REM New Zealand 

Ltd., agents for Radiation Measurements Inc., Middleton Wisconsin, U.S.A., 1989). If 

purchased from the commercial supplier the analog material for the two lung phantom would 

have cost NZ$15680 (ie. 28 slabs x NZ$560 per slab). This cost was considered to be 

excessive considering the large amount of material which was required for the phantoms. 

In contrast, in-house manufacture is relatively inexpensive. The cost for materials including 

resins, moulds and equipment to manufacture the analogs in-house is about NZ$45 per slab. 

The cost to produce the two l_ung phantom in-house was 28 slabs x $45 = $1260. 

The in-house manufacture of solid bone analogs is just as advantageous as that of solid lung 

analogs. This is because no suitable solid analogs exist for bone that are commercially 

available. In fact delrin, ertalyte and teflon are poor bone analogs as their atomic numbers 

are much less than that of in vivo bone. 

The effective atomic number of the liquid analog K2HP04 closely matches in vivo bone 

(see Figure 2.5) and these analogs are therefore suitable for CT calibration tests, liquid 

analogs are less suitable for use in radiotherapy phantoms. This is because they have to be 
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housed in the required phantom shape by a vessel which cannot itself perturb the radiation 

beam. This practical problem is the main drawback when liquid analogs are considered for 

use in multiple slab radiotherapy phantoms. 

2,4,2 Materials and Methods 

Bone, muscle and lung epoxy resin based analogs were produced for use as dosimetry 

phantom material. The recipes and methods of White et al (1977, 1986) have been 

followed in the manufacture of these substances. A method has been developed by White 

(1977, 1978) to show that the radiation properties of these analogs match closely those of 

their respective equivalent human tissues. The mass stopping powers S/p, and mass 

attenuation coefficients µ/p, of these substances match those of their human tissue 

equivalents to within 3% over the X-ray energy range of 0.1 to 10 Me V (White et al 1977, 

1986). 

Tables 2.2, 2.3, and 2.4 show the constituent elements required for production of bone, 

muscle and lung analog material respectively. Included in the tables are the codes which 

White et al use to ref er to these materials. 

The apparatus used for the manufacture of bone, muscle and lung analogs is shown in 

Figure 2.7. It consists of a powerful electric mixer (an electric drill motor) which turns a 

mixing propeller within a reaction vessel. The vacuum is provided by a pump, which is 

able to maintain a vacuum of 0.001 Torr. This is connected to the top of the reaction vessel 

by a flexible hose. An electric drill motor is connected to the mixing propeller by a 

connecting rod which feeds through a glass stirring gland. The gland is sealed with glycerol 

and the reaction vessel has a ground glass edge which means it can be vacuum sealed with 

grease. The apparatus is housed in a fume cupboard because the epoxy resin hardeners are 
extremely toxic. 

The ingredients are weighed on a percentage by mass basis. All ingredients are poured into 

the reaction vessel and are given a thorough manual mix. The reaction vessel is then 

attached to the mixing device. Automatic mixing is applied for a further 3 minutes and then 

the vacuum is applied to the reaction vessel. The pressure reduction in the vessel causes the 

fluid to foam up in the vessel, but the rotating blades break the resulting foam to release the 

trapped gases. This prevents bubbles forming in the mix. Mixing for 20 minutes under 

vacuum is essential to remove all the bubbles. The vacuum is then released and the mixing 

is stopped. The reaction vessel is then removed from the mixing device and the mixture is 
poured into the mould. 



The mixture settles in the mould and is left for 24 hours to harden. Complete curing is 

achieved by heating the analogs in an oven at 70 degrees Celsius for two hours. At this 

stage the analog is set and can be removed from its mould. If the mixture is not the desired 

shape then it can be reheated to 70 degrees Celsius, in which case it becomes flexible and 

can be reset to the desired shape. If the mixture is not of the correct thickness it can be 

successfully faced off using a conventional milling machine. 
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Figure 2.7: Photograph showing the mixing and vacuum apparatus u~ed for the in-house man~f~cture of ~dy 
analogs. The electric drill which is shown at the top of the ~e 1s attach~ to a gla~s sW!m~ rod which 
feeds through a glass-to-glass stirring gland. The vacu_um within_ the reacllon vessel 1s mamtamed by t~e 
pump shown at the right of the frame. The assembly 1s housed m a fume cupboard because of the toxic 
fumes from the hardeners which are emitted during the de-gassing process. 
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The lung analog is made using the same process, except the vacuum is not applied. The 

mixture is simply poured into moulds and gently rises due to the expanding agent (Dow 

Coming 1107) which blows hydrogen bubbles into the mixture. The number and size of 

gas spaces left in the lung analog is reduced by the surfactant (Dow Coming 200/50). The 

type of MgO used is critical to the process. The more pure grades of MgO tend to collapse 

the mixture (White et al 1986). The MgO found most suitable was "laboratory grade MgO 

heavy". The curing process for the lung analog was supplemented by placing the material in 

an oven at 70 degrees Celsius for two hours. 

MATERIAL AND (SUPPLIER) DESCRIPTION %MASS 

Araldite F (Ceiba Geigy) Epoxy Resin 47.0 

Synolide 960 (TR Chemicals) Hardener 28.2 

Pol yvinylchloride PVC Powder 24.8 

Table 2.2: Ingredients used to produce bone analog material for X-ray beam simulations (Whites code 1B 1). 

MATERIAL AND (SUPPLIER) DESCRIPTION %MASS 

Araldite F (Ceiba Geigy) Epoxy Resin 47.5 

Synolide 960 (TR Chemicals) Hardener 28.5 

Polyethylene Powder 50 µm 15.0 

Calcium Cabonate CaCO3 powder 6.2 

Phenolic micro balloons PMS low density powder 2.8 

Table 2.3: Ingredients used to produce muscle analog material for X-ray beam simulations (code MS 10). 

MATERIAL AND (SUPPLIER) DESCRIPTION %MASS 

Araldite F (Ceiba Geigy) Epoxy Resin 33.71 

Araldite epoxide 8 Hardener control 16.85 

Araldite HY2996 Hardener 9.44 
DCl 107 (BDH chemicals) Expander 0.75 
DC200/50 Surfactant 1.00 
Phenolic micro balloons PMS low density powder 4.42 
Polyethvlene Particulate filler powder 15.00 
Magnesium Oxide Particulate filler powder 18.83 

Table 2.4: Ingredients used to produce lung analog material for X-ray beam simulations (code LN 10/7S). 



2,4,3 Moulds, AnaI02s and Phantoms 

The moulds used to produce slab phantom material are constructed from acrylic and are 

screwed together such that the ends can be disassembled as shown in Figure 2.8. This helps 

in the release process, as does the addition of "mould release". To remove the analogs from 

the mould the sides are removed from the moulds and a chisel is used to gently prize the rest 

of the analog from the base of the mould. The use of a hammer to dislodge the analogs from 

the moulds is not recommended as the analogs tend to shatter or crack. 

Another mould releasing process was developed for the lung analogs, since they use a 

different hardener which does not release easily. The moulds were lined with "laboratory 

bench paper", with the plastic side facing the analog. The analog is removed from the mould 

once set and the paper peels from the analog. 
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Moulds for anthropomorphic and large cylindrical analog phantoms were formed by using a 

heat mould process which is commonly used in radiotherapy planning departments to create 

face masks for radiation therapy patients. A mould produced by this method is shown in 

Figure 2.8. The mould material is "cellulose acetate butyrate" and this is vacuum moulded 

into the required shape by using a dummy former. In this case a Rando phantom cross 

section has been used as the dummy former. Other formers which have been successfully 

used include wood, large acrylic cylinders and plaster casts. 

Acrylic cylinders were used to mould the CT phantoms shown in Figure 2.9. The moulds 

are 1 mm thick acrylic and these are retained permanently around the analogs as the thin layer 

is found not to affect CT numbers. The long cylinders produced were used as the solid 

constituents of a Cann phantom (Cann and Gennant 1980). The bone analog has also been 

useful in testing the accuracy of electron beam algorithms which until recently have been 

tested using substances such as teflon or lead which do not exactly model the electron 

stopping and scattering powers of electron beams (Cygler et al 1987). Though electron 

beam studies were not the primary aim of this thesis, the material produced has been used in 

a collaborative study into the perturbation of electron beams by bone and air cavities (Hoban 

et al 1990b). 

Build up caps for ionization chambers were also made using muscle analog material. The 

mould used consists of a thin plastic bottle as shown in Figure 2.9. This is filled with 

analog material and then an aluminium ionization chamber former is used to create the 

desired space for ionization chambers. To enable easier release, the former is fitted into a 

thin rubber sheath (commonly used to water proof ionization chambers). When the analog 
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has set hard the aluminium former plus rubber sheath are readily removed leaving an 

excellent fit for real ionization chambers to slot into. This process is also repeated in any 

slab phantom sections which need to house ionization chambers. 

Build up caps were produced out of muscle analog material to collect TA Rs for high energy 

beams as outlined in chapter 3 (see Figure 3.8). The alternative methcxi usually employed is 

to mill build up caps out of acrylic (as polystyrene tends to be hard to mill in a lathe) and drill 

out a space for the ionization chamber. The new build up caps produced were not only more 

tissue equivalent but they were also much easier to make by the moulding process described 

earlier. 

Figure 2.8: Photograph showing muscle analog (MS 10) mixture being poured into moulds. 

Centre - shows a mould made out of acrylic sheets which are screwed together and can easily be disasse bl d 
The moulds for lung analogs were also lined with laboratory bench paper as this aided the release m e • process. 

Lower right - shows an anthropomorphic phantom and mould produced from a Rando phantom slice as a 
former around cellulose acetate butyrate. The heat moulding device used to form the mo Id • l a ·1 bl · t di th 1 · d u 1s common y 
. Val a . ~ m_ mos ~a o ~rapy P annmg epartments as the device is used to form face masks used to ·d 
1mmobihsauon durmg radiotherapy treatment. al 

Top right - shows a build-up cap being produced in a plastic bottle A rubber sheathed aluminium former 
can be seen protruding from the top of the mould. • 



Figure 2.9: A selection of phantoms produced in different shapes. 

Top - cylindrical phantoms formed in thin acrylic pipes for use as radiotherapy phantoms and CT phantoms. 
The thin l mm acrylic pipes which house the analogs were retained. The yellow cylinder is the bone analog 
ml and the brown cylinder is the muscle analog MS 10 (see White et al 1975, for codes) 

Bottom - build up cap for a Baldwin Farmer ionization chamber made from MS 10. Left - the mixture sets in 
the mould, right - the build up cap is shown removed from the mould, centre - the aluminum former which is 
used to shape the ionization chamber inserL 
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2.4.4 The Two Lung Analog Phantom 

The two lung analog phantom produced is shown in Figures 2.10 and 2.11. It has been 

used extensively in X-ray radiotherapy dosimetry tests as described in chapters 3 and 4 of 
this thesis, where it is referred to as phantom B. It consisted of 10 mm muscle slabs (p; = 
1.02) to simulate muscle and 20 mm lung slabs of density (p; = 0.28) to simulate lung. It 

has the same geometric dimensions as the cork-polystyrene phantom mentioned previously, 
however the density of the lung analog (p; = 0.28) is closer to the mean lung density (p; 

= 0.3) which has been reported for a sample of patients by Van Dyk et al (1982). 

◄ 

4cm 

8cm 

4cm 

8cm 

4cm 

30cm I 
► 

MUSCLE (MSlO) 

LUNG (LN 10(75) 

MUSCLE (MS 10) 

LUNG (LN 10(75) 

MUSCLE (MS 10) 

Figure 2.10: Schematic of the two lung analog slab phantom consisting of muscle and lung analog slabs. 
This is referred to as phantom B in the dosimetry tests which are described in chapters 3 and 4. The wings 
seen in Figure 2.11 are not shown in this schematic. 

2.4,5 CT Quality Assurance Of Body Analog Composition 

To ensure the analogs manufactured closely match the elemental compositions of their 

respective tissues and therefore the radiation properties required, a convenient quality 

assurance method which uses CT analysis has been developed. Using the method described 

below, experimental CT numbers for analogs are compared with the theoretical CT numbers 

calculated using elemental compositions of White et al (1977,1986). This is a convenient 

and accurate method of quality assurance which entails no laboratory chemical analysis. 



Figure 2.11: Photograph of the two lung analog slab phantom B consisting of muscle and lung analog slabs 
and muscle wings which reduce artifacts when the phantom is CT scanned. The phantom is generally used 
under the radiotherapy beam without the wings. It is also useful to be able to CT scan the phantom as some 
commercial correction methods will only work when CT data is input (eg. The Theraplan E-TAR method 
outlined in chapter 3). Because the wings give the phantom a more body like shape they help prevent CT 
artifacts when CT scans of the phantom are required. 

2,4,6 The Relationship Between CT Number and Electron Cross Section 

In order to understand the calculations used in this quality assurance exercise, a theoretical 

way of calculating the expected CT numbers is presented below. The relationship defined 

by Hounsfield (1973) between CT number Ncr, and linear attenuation coefficient µ, is 

Ncr = (2.3) 

where µs is the linear attenuation coefficient for a substance at a specific energy and µw is the 

linear attenuation coefficient of water at this energy. 

The product of electron density Pe (electrons cm-3), and total electron cross section O'e 

(cm2/electron), is equal toµ (McCullough 1975, Geise and McCullough 1977): 
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(2.4) 

where <>e is the sum of component electron cross sections due to Rayleigh scattering <>R, 

photoelectric absorption cr't, Compton scattering <>c, and pair production crK, such that 

(2.5) 

The pair production term can be neglected as at diagnostic CT energies of less than 100 ke V 

there is no such contribution (since 1.022 MeV is required) but it is included here for 

completeness. 

Now let Pes and Pew be the electron density of a substance and of water respectively. Also 

defining <>es and <>ew as the total electron cross sections of a substance and of water 

respectively, then substituting (2.4) into (2.3) gives 

lO00(Pescres - Pew<>ew) 

Pew<>ew 

and this is equivalent to 

Pes <>ew ( NcT ) - - - --+1 
Pew - <>es 1000 

(2.6) 

(2.7) 

The term Pes/Pew is the electron density of a substance relative to that of water, commonly 
called the relative electron density p ;. The ratio <>ewl<>es has been defined by Battista and 

Bronskill (1981) as the ratio of electron cross sections Ra: 

(2.8) 

Therefore (2.7) can be written as 

w ( Ncr ) p e = Ra 1000 + 1 (2.9) 

or 

(2.10) 



To calculate ~ using known elemental data, some terms first have to be defined. 

For an ith element within a compound consisting of N components it can be seen from (2.4) 

that 

(2.11) 

and rearranging (2.11) gives 

(2.12) 

Where p is the mass density and therefore Pes/P, is the number of electrons per gram 

otherwise known as the mass electron density Ng (McCullough 1975): 

N = ( Pes) = N (~) 
g p . A A . ' 

l l 

(2.13) 

thus 

(2.14) 

Substituting (2.14) into (2.12) gives 

(2.15) 

Defining ( crest~ as the effective cross section for a substance of different elemental 

compositions of mass fraction fi, then 

N 

( )eff 
(Jess = L fi (cres)i (2.16) 

i=l 

therefore from substituting (2.15) into (2.16): 
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(2.17) 

Remembering from (2.8) that Ra is the ratio of cross sections, then 

Ra 
(cres):ff 

(2.18) = , 
(cres):ff 

and substituting (2.17) into (2.18) gives 

[t f. (~), (~)1 1 

Ra (2.19) = 

(~ )j (~ )J. [t f. J 

Data for the fractional elemental compositions fi for analogs and human tissue is given in 

Table 2.5. Values of (µJp)i were estimated for bone and muscle analogs at 71 keV using 

data from Jackson and Hawkes (1981). Values of (A/'Z'Ji were obtained from the periodic 

table for chemical elements. Values of Ra calculated for body analogs and their equivalent 

human tissues using (2.19) are presented in Table 2.6. 

Now that a method for calculating Ra has been presented then the only unknown in (2.10) is 
p;. Knowing p and the atomic composition then p; has been calculated (Henson 1989): 

(2.20) 

where NA is 6.023 x 1023 mol-1 and Pew is 3.33 x 1023 cm-3, then 

(2.21) 



The values of p; for the body analogs and their equivalent human tissues are presented in 

Table 2.6. Another quantity of interest in assessing the radiation properties of analogs is the 

effective atomic number. This is assessed by using an adaptation of the methods developed 

by McCullough and others (McCullough 1975, McCullough and Holmes 1985, Geise and 

McCullough 1977) as follows. 

The effective atomic number can be derived from (McCullough and Holmes 1985): 

1 

z,ff = (ta, (z,)J (2.22) 

where the exponent a accounts for photoelectric effects at CT energies. The value of a= 

2.94 is used in the calculations to conform with other publications (McCullough and Holmes 

1985). The coefficient CXi in (2.22) can be calculated by (McCullough and Holmes 1985): 

n-Z-1 l 

q 

~ (n- Z-) L./ J J 
j=l 

(2.23) 
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The quantity ni is the relative number of the ith element in the substance (ie. the empirical 

formula). But to use (2.22) directly from values of constituent fraction by mass fi then <Xi 

needs to be determined in terms of fi. The derivation is as follows. 

Describing fi in terms of ni, then 

f. = l 

n-A-1 l 

q 

~ n-A­£..i J J 
j=l 

and therefore 

(2.24) 

(2.25) 
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Substituting (2.25) into (2.23) then 

but as 

q 

~ n-A L..J J J 
j = 1 

then (2.23) can be replaced by 

a-1 

(2.26) 

(2.27) 

(2.28) 

Using (2.22) combined with (2.28) values of Zeff have also been calculated for both 

analogs and human tissues as shown in Table 2.6. 

Values of NcT calculated using (2.10) are shown in Tables 2.7 for one nominal CT energy, 

71 keV. The samples were also scanned and calculations were carried out at a nominal CT 

energy of 64 ke V, similar data was obtained. In the interest of brevity the data collected at 

64 keV is not reported here. Using the compositions of human bone, tissue and lung 

provided in the literature (White et al 1977, Woodard and White 1986), (2.10) has been 

used once again to calculate the NcT values expected for human tissue. Comparison of 

analog CT numbers and human tissue CT numbers in the table serves to show that at these 

energies the CT numbers of the analogs very closely match the CT numbers of the tissues 

for which they are substitutes. 



53 

ANALOGffiSSUE ELEMENT AND (% fi) 

bone analog H<7.90), C(63.79), N(4.23), 0(9.88), Cl04.20) 

human bone H<8.67), C<I3.00), N(3.6), 0(66.40), S(0.46), P(2.43), Ca(4.96), <Na, Ml!, K, Trace) 

muscle analog H<9.15), C<70.66), N(4.28), 003.34), Cl<0.11), Ca(2.46) 

human mu-cle H(l0.20), C(14.30), N(3.40), 0(71.00), K(0.40),Na(0.10), (P, S, Cl, Trace) 

lung analog H(8.36), C(60.41), N(l.67), 0(17.33), Cl(0.15), Si(0.72), Mg(l 1.36) 

human lung H00.30), COO.I), N(2.90), 0(75.50), Na(0.20), P(0.20), S(0.30), Cl<0.30) 

Table 2.5: The percentage by mass compositions (%fi) for bone, muscle and lung analog and human tissue 
respectively. These are the values used in (2.19), (2.21) and (2.22) to calculate the ratio of cross sections, 
relative electron density, and effective atomic number, respectively as presented in Table 2.6. Elemental 
compositions are based on data from White et al (1977, 1986) and Woodard and White (1986). 

SAMPLE p w 
Pe Ro (71 keV) Zeff ze; 

bone analog++ 1.16 1.14 0.9130 9.26 1.25 

human bone 1.12 1.10 0.8982 9.32 1.26 

muscle analog 1.03 1.02 0.9860 7.39 1.00 

human muscle 1.05 1.04 0.9965 7.45 1.01 

lung analog 0.30 0.28 0.9879 7.51 1.01 

human lung 0.30 0.30+ 0.9963 7.59 1.02 

Table 2.6: Mass density, relative electron density, ratio of cross sections and effective atomic numbers for 
body analogs and tissue. Values of mass density were obtained by weighing the samples. Using (2.19) and 
(2.21) values for the ratio of cross sections and relative electron density have been calculated for analogs 
and human tissue. The values of Zeff have been calculated using (2.22) combined with (2.28) for analog 
and human tissue. 
+ Electron density based on patient survey by Van Dyk et al (1982). 

++ An example of how to calculate the values shown in row 1 for bone analog is provided in Appendix 1. 

An example of how to calculate the values shown in row 1 of Table 2.6 for bone analog is 

provided in Appendix 1. This is also included for the convenience of readers who may wish 

to repeat the procedure with other analogs or in vivo human data. It is important to note 

that the composition of real inner bone outlined in Table 2.5 (row 2) is used for the 

calculation of NcT in Table 2.7 (row 2). This data is based on the estimate of White et al 

(1977) that inner bone has an average composition of 22.4% hard bone and 77.6% red 

marrow. 
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To ensure the analog mix is close to the analog composition expected, samples of the analog 

are scanned using a Siemens DRH CT scanner and the results of the experimental CT 

numbers obtained are shown in column 3 of Table 2.7. 

SAMPLE NTHEORY 
CT 

NEXPERIMENT 
CT ~NcT 

bone analog 222++ 229 (238) 7 

human bone 224 236+ 12 

muscle analog 34 16 18 

human muscle 44 30 1 

lung analog - 716 -720 (-718) 4 

human lung -699 -711+ 12 

(Units - Hounsfield units HU) 

Table 2.7: CT numbers for analogs and human tissue have been calculated and measured. CT numbers were 
calculated using (2.19) and (2.10), (column 2). These are compared with CT numbers measured on a 
Siemens DRH CT scanner at a nominal energy of 71 keV (column 3). The numbers in brackets refer to 
commercial samples from RMI which were tested, and the CT numbers show good agreement with the 
samples produced in-house. 
+ The human bone data and human lung data was obtained by sampling 5 patients whose bone and lung 
regions were CT scanned. The relative electron density was then calculated using (2.9). It is recognised that 
bone density and composition varies greatly depending on site and patient. However the pelvic region is a 
frequent site for Radiotherapy treatment so this was the bone area which was surveyed for the data presented in 
column 3. 

++ An example calculation of theoretical CT number for bone analog is also provided in Appendix 1. 

The ~NcT value in column 4 of Table 2.7 presents the differences in Hounsfield units 

between the calculated and measured NCT numbers, where 

mCT (2.29) 

If this ~NCT difference is divided by the usual range of Hounsfield numbers between air and 

bone from -1000 to + 1000, then the difference in percentage terms can be estimated as 

%~NCT 
~NcT 
2000 X 100% • (2.30) 

When comparing the the analogs a worst difference of (mcr = 18HU) was obtained. This 

is a %~NcT of 0.9%. Therefore the experimentally determined NcT values shown in 

column 3 of Table 2.7 measured on the CT scanner are very close to the theoretically 

predicted NcT values. Hence if the compound composition is known and the nominal 



energy of the CT beam is estimated, using the nominal ke V liquid method of White and 

Speller (1980), then the expected value of NcT can be calculated. This estimate of CT 

number agrees closely with the samples scanned, and therefore the analogs produced closely 

match the elemental compositions expected using the original composition data. 

The same procedure has been used for real body tissues. The NcT values for real tissues 

also match closely those for their respective analogs. Comparing the CT numbers in the 

rows in Table 2.7 also shows there is a close match between the CT numbers of the tissues 

and their matching analogs. 

Shown in Figure 2.12 is the muscle and lung analog data along with the Hounsfield 

regression line. By examining Tables 2.1 and 2.6 it is apparent that Zeff for both these 

substances is similar to water (Zeff = 7.4). As atomic cross section depends on Zeff 

(McCullough 1975, Mitchell and Johnson 1989) then these substances present a similar 

atomic cross section to the scanner and hence the absorption properties are similar. Because 

the Hounsfield line characterises those substances with water like properties in terms of 

effective atomic number this means the CT number of these analogs is very close to the 

Hounsfield line. 

The solid bone analog data point is shown in Figure 2.13 along with the regression lines for 

K2HPO4 liquid bone analog and the in vivo Compton scan data (as previously presented in 

Figure 2.5). The solid bone analog point is slightly below the K2HPO4 line. This is 

because the liquid analog data has a slightly higher effective atomic number than the solid 

analog of the same electron density (see data in Tables 2.1 and 2.6 for these analogs). 

Also shown in Figure 2.13 is the Hounsfield regression line. Note all the bone analog data 

is above the Hounsfield line. This is because the bone analogs have a higher Zeff than water 

and hence their cross section is greater. This leads to a higher CT number per electron 

density than with water like substances. Because the cross section affects the linear 

attenuation coefficient (see 2.4) then for a given electron density the linear attenuation 

coefficient of bone is higher than that of water-type substances. Because CT number is 

proportional to linear attenuation coefficient (see (2.3)), the CT number is greater also. 
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Figure 2.12: The CT number versus relative electron density for in-house manufactured body analogs 
compared with some other substances. The CT numbers were measured on a Siemens DRH CT scanner at 
71 keV. The continuous line is the Hounsfield line. Included also for interest are some commercially 
available materials commonly used as radiotherapy dosimetry phantoms. The polystyrene has a very slightly 
lower electron density than muscle analog whereas acrylic has a higher electron density . 
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Figure 2.13:_ The C~ n~mber versus relative electron density for the in-house manufacured bone analog 
compared with the hqmd bone analog (K.2HP04) scanned at 71 keV. Also shown is the in vivo Compton 
scan line published by Battista and Bronskill (1981). The Hounsfield line is also shown for interest as the 
gradient of this line is much less than that of the bone and bone analog lines. 



2,5 MODES OF X-RAY DETECTION 

2.5,1 Ionization Chambers 

The SI unit of absorbed dose Dis the Gray (Gy), (ICRU#19 1971): 

(2.31) 

Instead of measuring absorbed dose directly, the proportional relationship between charge 

induced in air by ionizing radiation, and absorbed dose is utilised. The charge collection 

instrument is called an ionization chamber. The principle of operation is the collection of all 

the charges created by direct ionization within a gas (usually air) through the application of 

an electric field. The drift of the positive and negative charges represented by the ions and 

electrons constitutes an electric current. If a given volume of gas is undergoing steady state 

irradiation, the rate of formation of ion pairs is constant. For a small test volume of gas, this 

rate of formation will be exactly balanced by the rate at which ion pairs are lost from the 

volume either by recombination, diffusion or migration from the volume. Under the 

conditions that recombination is negligible and all the charges are efficiently collected the 

steady state current which is produced is an accurate measure of the rate at which the ion 

pairs are formed within the volume. 

Exposure X is measured in terms of charge (Coulombs) per unit mass of air (kg), such that 

X - dQ 
- dm (2.32) 

It is fortunate that the amount of energy required to induce one ionization in air is constant 

over a wide range of electron energies (ICRU#3 l 1979, ICRU#33 1980). It is 

approximately equal to 33.7 eV per ion pair produced, which relates to 33.7 Joules per 

Coulomb (JC-1). 

Thimble type ionization chambers are the most frequently used dosimeters in medical 

radiation physics at present. This is because of their ease of use combined with a wealth of 

information about their properties. These chambers are of cylindrical geometry. The outer 

shell of the cylinder is operated at ground potential and a central conducting rod conducts the 

applied voltage, or vise versa. In this case a field that varies inversely with radius is created 

in the air space between the electrodes. 
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The most common form of chamber used in radiation dosimetry is the "Baldwin Farmer­

type" chamber. The Baldwin Farmer-type chamber used here for measurements in 

inhomogeneities such as cork and lung analog phantoms is a Nuclear Enterprises-type 2571. 

This has a 0.6 ml thimble volume, an aluminium central electrode and a graphite outer 

electrode. A PTW+ chamber used for water depth dose measurements is also of the thimble 

type. This has a flexible rubber waterproof cover and a small 0.1 ml thimble volume. 

Parallel plate chambers with thin front entrance windows are suitable for measurements in 

build up regions but are less ideal for in water measurements as the shape of these devices 

tends to perturb the water medium during dynamic depth dose and profile collections. 

Measurements in inhomogeneous slabs are also difficult as often these chambers are 

mounted on substantial slabs of material (such as acrylic), whereas ideally the chamber 

should be housed in a slab of similar material to that of the rest of the phantom. Maucari and 

Kase (1987) have got around this problem by mounting chambers in suitable lung analog 

slabs. 

2,s,2 Ionization Chamber Measurements in Low Density Media 

The most accurate estimate of absorbed dose from ionization chamber charge measurements 

is obtained by using one of the currently adopted dosimetry protocols. In Australasia the 

currently accepted protocol is the IAEA protocol (IAEA 1987, NRL 1989) which is very 

similar to a previous protocol which is still the USA standard. The document is known as 

TG 21 (AAPM Topic Group TG 21 1983). With the aid of these protocols one is able to 

predict absorbed dose to a homogeneous water medium Dmed, to an accuracy of 2%. A 

complete review by Rogers and Ross (1988) points out the minor influences such as 

humidity effects, and other assumptions which lead to this 2% error margin. The absorbed 

dose conversion from charge as described by TG 21 and other protocols includes the 

following chamber corrections: 

(2.33) 

The term M is the electrometer reading corrected to standard temperature and pressure (STP) 

and Ngas is the cavity gas calibration factor as derived in TG 21 and allocated by the 

standardising laboratory to each specific chamber (further details of its derivation are not 
relevant here). (L/p) is the restricted stopping power as discussed earlier in chapter 1. 

+ Chamber type and supplier - P1'W Freiburg micro-ionization chamber, Gamma Sonics Inc. 



The term Pion corrects for ion recombination losses. In liquid filled ion chambers it is 

impossible to achieve saturation as outlined in articles by Wickman (1974a, 1974b) and 

Bydder et al (1988). However for air filled ionization chambers this process has been 

quantified in detail by Boag (1950, 1952a, 1952b). For air filled ionization chambers ion 

saturation is achieved provided a bias voltage of above about 200 volts is applied. 

The term Pwall defined in (2.33) takes account of the differences in wall to phantom 

composition and is equal to 

Pwa11 

[ ( - )wall (- )med ( ) (- )air ] a L/p air µenf P wall + 1 - a L/p med 
(2.34) 

- med 
( L/p )air 

where L/p is the ratio of mean restricted mass stopping powers and µenf P is the average 

mass energy absorption coefficient. The term a is the fraction of ionizations in the detector 

cavity caused by electrons from the chamber wall and (1 - a) is the fraction of ionizations in 

the cavity caused by electrons from the surrounding medium. 

The term Prepl is the replacement correction which accounts for dose gradient and chamber 

air cavity effects. The term Prepl is actually due to two effects. These are the gradient 

correction P grad due to the air cavity, and Pnue which accounts for disturbances in electron 

fluence caused by the replacement of the phantom material by the detection device: 

p repl = p grad p flue · (2.35) 

P grad is negligible for Baldwin Farmer probes in photon beams (AAPM Topic Group TG 21 

1983). The term Pt1ue can have a small effect when measurements in low density media in 

disequilibrium situations are undertaken (Rice et al 1988). Hence this parameter is 

discussed in some detail in the following analysis. 

Percentage depth dose %D, is the ratio, expressed as a percentage of absorbed dose at depth 

d to maximum dose in the medium Dmax, at the depth dmax, (see also (3.1)). To ascertain 

the %D values in chapters 3 and 4 of this thesis the ratio expressed as a percentage of 

electrometer meter readings M (units Coulombs) at d to that at dmax, is actually recorded. 

The following analysis validates this simplification. 

Specifying the maximum dose in a homogeneous medium as Dmed,hom,max, and denoting the 

dose at depth d of measurement in a heterogeneous phantom as Dmed,het• Then 
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%D = Dmed,het 
x100% , 

Dmed,hom, max 
(2.36) 

therefore the %D at a point employing (2.33) is 

%D 

- med,het p p 
~ed,het N gas ( L/p )gas Pion P wall.bet grad.bet flue,het 

- )med.horn p p 
~ed,hom,max Ngas ( L/p gas Pion P wall.horn grad.horn flue.horn 

(2.37) 

This relationship can be significantly simplified when the following information is 

considered. 

The terms Ngas and Pion in the numerator and denominator of (2.37) are equal for 

homogeneous and heterogeneous media and therefore cancel each other out. This is because 

these factors are chamber dependent and do not depend on the phantom material. Provided 

the elemental composition of the low density media and high density media are similar then 

the L/p terms are equivalent and they cancel also. As discussed earlier in sections 2.3 and 

2.4, this is the case. 

The number of electrons produced by the detector wall is negligible and is also likely to be 

independent of material density (AAPM TG 21 1983, Mauceri and Kase 1987, Rice et al 

1988) hence the Pwa11 terms are likely to be identical and they cancel also. The Pgrad effect is 

also negligible for photon beams (according to TG 21 Pgrad = 0.99 for a Baldwin Farmer 

thimble chamber). 

This leaves the Pnue ratios. The ratio Pnue,het!Pflue,hom accounts for differences in electron 

fluence in a chamber in a heterogeneous medium versus a homogeneous medium. 

Appendix 2 deals with detailed estimates of the Pnue ratio. According to the calculations in 

Appendix 2 the greatest variation of Pnue from unity in low density 0.2 cork is 2% 

(Pnue,heJPnue,hom = 0.98) and in 0.3 lung analog the variation from unity is 1 % 

(Pnue,hetfPflue,hom = 0.99). 

This author considers the magnitude of Pnue,het!Pt1ue,hom will vary depending on the position 

within the slab geometry because the contribution to the lung dose is due to interactions in 

the overlaying tissue as well as lung (Hoban et al 1990a, Figure 5). Hence the effective 

field radius will change depending on lung position. Therefore it is wise to consider the 

ratio to be approximately unity in heterogeneous and homogeneous situations. Then one is 

left with the following simplification of (2.37), that is 



%D = Mmed,het X l OO% 
Mmed,hom,max 

(2.38) 

This is the re~ationship used to calculate %D presented in the graphs in chapters 3 and 4. 

This method is consistent with previous publications in the literature (eg. Cunningham 1982, 

Komelson and Young 1982, Mackie et al 1985b, Metcalfe and Beckham 1988, Rice et al 

1989). 

Monte Carlo simulations carried out in chapter 4 also show good agreement with the 

experimental %D measurements. The mean in-lung differences between the experimental 

measurements obtained using (2.38) and Monte Carlo simulations are only 1.6% in the 0.3 

density lung analog material (see section 4.7 and Figure 4.21 for details). These results 

further confirm the accuracy of using (2.38) to assess %D in the inhomogeneous phantoms 

in regions of electronic disequilibrium. 

2,5,3 Semiconductor Detectors 

In radiation detector applications requiring extremely good spatial resolution the semi­

conductor detector has advantages because the solid medium of the junction is approximately 

1000 times more dense than that of a gaseous medium. This means the detector volume can 

be extremely small and sufficient ion pairs are still produced for an adequate electric current 

to flow. 

For radiation applications the diode is usually used in photovoltaic mode. In this mode the 

junction electrodes are left open and no external bias is applied. The diode biases itself in the 

forward direction so that if no radiation is applied the net current is zero and an open circuit 

voltage is developed. 

The electric field which exists in a semi-conductor junction causes any electrons which are 

created in or near the junction to be swept towards then-type material and any holes are 

swept toward the p-type material. The region is then called a depletion region because the 

number of electrons and holes is decreased. Hence any electron-hole pairs which are created 

in this region by ionizing radiation are swept from the region by an electric field and their 

motion ca-µses a current to flow. The current is monitored by an electrometer. 

The diode depletion region contains silicon which has a high atomic number (Z = 14) 

compared to air (Z = 7 .55). This causes an enhanced response to photoelectric beam 
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components but fortunately the effect is only significant at low energies where the diode 

over-responds to the photoelectric beam component, eg. Caesium-137, 662 keV (Metcalfe 

1988). Special backscatter filtered designs are now available to help reduce the effect 

(Rikner 1983, Rikner et al 1985, Grussell and Rikner 1984). Although higher energy 

beams do have low energy components these are not significant enough to effect the diodes 

depth dose response in the range of energies predominantly discussed in this thesis, that is 

1.25 MeV to 15 MV. The depth dose curves collected under beams within this energy range 

using a semiconductor detector (a Therados p-type diode detector of sensitive volume 2.5 x 

2.5 x 0.1mm) were almost identical to those collected using ionization chambers. 

2,5,4 Thermoluminescent Dosimeters 

The advantage of Thermoluminescent dosimeters (TLDs) is that they have no wire 

connections, and as such can be easily placed at sites in patients or phantoms which are not 

accessible by ionization chambers and diodes which require connections to an electrometer. 

In TLD materials X-ray energy is absorbed and energetic secondary electrons excite atomic 

electrons to move from the filled band to the conduction band. A proportion of these 

excited electrons fall back to energy levels called traps where they are held, the amount of 

electrons which fall into traps being proportional to the amount of incident radiation. When 

the material is heated (to typically 400 degrees Celsius) these electrons acquire enough 

thermal energy to escape back into the conduction band where they fall back into holes in the 

filled band, while giving off energy in the form of visible photons. This light emission is 

proportional to the amount of initial radiation and can be accurately monitored by a 

photomultiplier. Hence the term "thermo" as in heat is applied and "luminescent" as in light 

is emitted. 

Radiation dose is ascertained by comparing the response associated with an unknown 

absorbed dose to the response of TLD material from the same batch which is given a known 

absorbed dose, termed a calibration dose. 

A so called "background" correction is usually required. This usually shows in the form of 

the pure annealed powder needing a background subtraction of between 0.3 and 0.5 mGy. 

This may be due to a surface friction phenomenon called triboluminescence (Cameron et al 

1968) or perhaps incomplete emptying of all the electron traps during the annealing process. 

For absorbed dose experiments a variety of TLD material configurations are available such 

as disks, chips and powder (eg. lithium fluoride (LiF) powder with a crystal diameter 



between 0.05-0.2mm). Powder is the most convenient form provided a constant sample 

volume can be dispensed as then only one calibration is required for the whole batch of 

powder. In contrast the chips and disks have to be individually calibrated then re-annealed, 

re-irradiated and read (the assumption of no change in sensitivity between anneals is 

invoked). Also, sufficient powder can often be loaded at a site to ensure that several 

readings can be obtained and the average of these readings can be used for better statistical 

accuracy (15 mg per anneal sample, 75 mg per sample capsule, hence 5 samples per 

capsule). In contrast chips and disks provide only one readout per sample. 

There are several alternative compounds available as T.L.D. materials, such as calcium 

sulphate (very sensitive but a high atomic number) and lithium borate (low atomic number 

but very hygroscopic). However, lithium fluoride (TLD 100) has many attractive features 

including an atomic number (Z = 8), which is very close to water (Z = 7.4). This gives it 

dose response linearity over a wide energy range (above approximately 100 keV). It also 

displays total dose linearity of response from 0.05 to 10 Gy independent of dose rate 

(Cameron et al 1968). The phosphor is not light sensitive (unlike sodium chloride) and 

the long half life of its high temperature traps (0.5, 7 and 80 years) ensure that fading is 

insignificant. Provided the powder is kept more than 24 hours to remove any low energy 

traps (which have half lives of 5 minutes and 10 hours) then readings over several weeks 

after this time will provide identical results (Metcalfe 1982). 

The following details relate to the specific system used at Waikato Hospital. A batch of 

TLD material is placed in a container and all the electrons are emptied from the traps by a 

process referred to as annealing. This consists of a high temperature ( 400 degrees Celsius 

for 1 hour) followed by a low temperature of (80 degrees for 16 hours) anneal. 

The TLD reader (Pitmans instrument, Toledo TLD reader) is set up to deliver a pre-heat 

cycle to remove low energy traps and then the reading cycle begins. At this stage a 

photomultiplier measures the quantity of light emitted from the sample and converts this to 

an electric current which is integrated during the heat cycle and is digitally displayed on the 

unit. 

2,5,5 Film Densitometry 

For photon beams in water a large amount of off-axis data is accessible by driving detectors 

(ion chambers or semi-conductors) to any three dimensional position in a liquid medium. 

However, for low density media solid slab phantoms are employed simply because no low 
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density liquid medium is available (or indeed known to exist). Collection of central axis 

depth dose data and off-axis profiles by using ionization chambers is quite laborious, as after 

each discrete reading is taken the probe is re-positioned within the phantom and another 

reading is recorded. An alternative technique is to sandwich a radiation sensitive film 

between phantom material and expose this parallel or perpendicular to the beam central axis. 

The film (Kodak XTL-2) when developed shows a degree of film blackening known as the 

film optical density which is determined by the transmission of infra red light through the 

film. 

For electron beams and indeed other photon beams (eg. Caesium-137) the optical density 

depth curves do not exactly match the depth dose curves and sensitometric correction is 

invoked by applying a ratio correction between the depth dose curves found using another 

detector (such as an ionization chamber) to the depth density curves obtained using film. A 

possible reason for the phenomenon is reciprocity failure (Hine and Brownell 1956) due to 

the film response in high dose rate gradient regions. 

The perturbation of the results by the high atomic number silver film emulsion has been 

shown to be insignificant (Klevenhagen 1981) due to the very thin layer of this material. In 

practice using unwrapped film (light sealed within the phantom) helps avoid electron 

tunnelling which can occur along any air bubbles which may lie between the film and the 

film wrap. A Therados film densitometer with 2 mm spot size and an infra red sensitive 

window was used for the film profile measurements reported in chapters 3 and 4. 

2.5,6 Electrometers and Precision Control 

The following equipment was available at Waikato Hospital for measuring dose distributions 

in a water tank and on X-ray film. Precision three dimensional position control(± 0.1mm) 

is provided by a radiation field analyzer device (Therados radiation field analyzer RFA3) . 

. This has an on board electrometer which records relative dose levels for pulsed beams. This 

is achieved by having a difference circuit which compares the signals from two detectors (the 
field and reference detector). 



An electrometer (Therados RDM2A) is also used with single detectors for charge collection 

measurements. All diodes and ion chambers previously mentioned can be interfaced to both 

these electrometer devices. The diodes are used in open circuit with these electrometers 

whereas a bias plate voltage of 200 or 400 volts is applied to the ionization chamber devices. 

Figures 2.14 and 2.15 show the main components of this combined water phantom, 

precision control and dose logging system. 
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Figure 2.14: Top - photograph of the Therados RFA3 plotting tank placed under the Clinac 18 and filled 
with water. 

Figure 2.15: Bottom - photograph of the Therados RF A3 electrometer and precision control system and the 
Therados RDM2A electrometer system (the smaller unit) used for absolute charge collection measurements. 
The RDM2A electrometer records charge measurements in the range between 10-12 and 2 x 10- 7 Coulombs. 
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CHAPTER 3 

PHOTON BEAM MODELS 

3,1 INTRODUCTION 

In this chapter some aspects of the more common semi-empirical methods used to calculate 

dose are considered. Beam conventions such as equivalent field size and field co-ordinates 

are defined in section 3.2. Representation of the photon beam by a primary photon 

component and a scattered photon component is referred to as the scatter function model 

(Meredith and Neary 1944). This model is currently employed in computer planning 

software as used by most commercial planning systems. The two most popular commercial 

planning systems in use today, the Target and Theraplan systems, both use a form of the 

scatter function model by employing tissue-air-ratios (T ARs) and scatter-air-ratios (SARs) to 

represent the beam's primary and secondary photon scatter components. These concepts are 

defined and discussed in section 3.3. 

Existing commercial radiotherapy computer planning systems employ so called "semi­

empirical approximations" (Cunningham 1987) to correct for beam traversal through 

inhomogeneities. These have been devised to predict dose distributions from broad photon 

beams in and around body inhomogeneities of various complexities. To date all these 

algorithms represent a compromise of dose accuracy in the interests of maintaining 

reasonably short computing time for routine radiotherapy planning. 

The accuracy of several semi-empirical methods were tested in two lung phantoms. The 

results are presented in this chapter. The equivalent pathlength CE-depth) methods show 

inaccuracy at all energies tested. Some TAR methods show reasonable agreement with 

dosimetry results at 1.25 Me V beam energy, but larger errors are observed in the lung 

phantom at higher photon energies (10 and 15 MV) as discussed in section 3.4. In this 

section the E-depth, Batho and equivalent-TAR (E-TAR) algorithm assumptions which lead 

to these errors are also discussed. The most important assumption is that there is no 

electron disequilibrium, and this leads to significant errors in dose prediction accuracy at 

high X-ray energies. 
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3.2 DEFINING BEAM CONVENTIONS 

3,2,1 Field Co-ordinates 

In this section the fielrl. co-ordinate conventions used in this thesis and by other researchers 

are discussed. A cartesian co-ordinate system is selected for this explanation, with (x, Y, z) 

axis orientations shown in Figure 3.1. Source-surface distance (SSD) is represented by the 

symbol f, and depth in phantom is represented by z or d depending upon the original 

author's nomenclature. 

f=SSD 

zord 

X-ray beam virtual 
radiation source position 

X-ray beam 
radiation field 

Patient surface 
contour 

Figure 3.1: The co-ordinate framework used by various authors to define the X-ray beam position relative to 
the patient 

3,2.2 Equivalent Field Size 

The equivalent field is defined as that standard field which has the same central-axis depth 

dose characteristics as a given non-standard field. The equivalent field method is based on 

the assumption that it is possible to associate the depth dose characteristics of any rectangular 

shaped field to that of an equivalent square or equivalent circle ( Clarkson 1941, Jones 1949, 

Day 1950). Tables relating rectangular fields to equivalent square and equivalent circular 
fields are available (BJR Supp.17 1983). 

In this text, field size will usually be referred to by using the parameter S, which represents 

the general parameter "field size". The conversion of this size parameter S to the side length 

s of an equivalent square or to an equivalent radius r is trivial using the afore mentioned 
tables. 



3,2,3 Percenta2e Depth Dose 

Absorbed dose D is the mean energy absorbed dEab in a medium per unit mass dm due to 

electron interactions (see (1.54)). The dose can be calculated from measured data by using 

the dosimetry protocols outline~ in section 2.5 (AAPM TG 21 1983, IAEA 1987). 

A reference dose is usually determined at the depth dmax of maximum dose on the beam 

central axis, where the dose is represented as D(dmax, f, S) or Dmax• The dose within the 

body is then considered for computer treatment planning calculations in terms of percentage 

dose %D, which is the ratio, expressed as a percentage, of the absorbed dose at a point to 

the dose at Dmax• The relationship is functionally related to depth din the medium, field 

size at the surface S and SSD f (see also Figure 3.2 for further explanation of percentage 

depth dose): 

%D(d, f, S) = 
D(d, f, S) oom 

X 1 w . 
D(~ax• f, S) 

(3.1) 

Knowing the value of absorbed dose at a point, for example Dmax, and percentage depth 

dose information, then the absorbed dose at any other central axis point can be calculated as 

D(d, f, S) = %D(d, f, S) D(d f S) 
100 max• ' 

(3.2) 

The central axis percentage dose is often plotted against depth as this indicates the 

penetration properties of the beam as shown in Figure 3.3. This type of curve is commonly 

referred to as a percentage depth dose curve. 

3,2.4 Beam Profiles 

When a detector is scanned at a depth dref along either the x or y axis, a beam profile is 

formed. These cross plot profiles are generally normalised to unity at the centre of the field, 

thus an off-axis ratio (OAR) for each off-axis distance x is obtained. Dose at any point on 

the profile can be calculated using the depth dose at central axis and the OAR. The dose at a 

point D(dref, x, y, f, S) is given by 
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D(~ef, x, y, f, S) = OAR(~ef, x, y, f, S) 

%D(dref, 0, 0, f, S) 
X 100 

X D(dmax, 0, 0, f, S) (3.3) 

The profile consists of two distinct regions as indicated in Figure 3.4. The umbra! region A 

is where the beam is unaffected by the collimators and the penumbra! region Bis where the 

beam is affected by the field defining collimators, the finite size of the source, and lateral 

electron disequilibrium. 

X-ray source 

phantom 

detector at d max detector at d 

Figure 3.2: Schematic showing the definition of percentage depth dose. The SSD is constant but the source 
detect~r distance changes. Pe~e~tage depth dose varie_s depending on beam energy, SSD and phantom 
matenal. The phantom matenal 1s usually water, but 1t may also be a solid slab phantom of the type 
outlined in section 2.4. 



%D 

100 

0 

AIB 

I 

depth (z or d) 

Figure 3.3: Percentage depth dose curve typical of a radiotherapy X-ray beam. A is the dose build up region 
and B is the dose fall off region. 

3,2.5 Beam Isodose Curves 

When points of equal dose are joined together, an isodose curve is produced. These curves 

are used for visualising dose distributions on patient contours. This is because the dose to 

many points in a patient need to be assessed and compared to the dose at a reference point 

(usually dmax). A series of isodose curves for a range of different doses, such as %D of 90, 

70, 50, 30 and 10%, can be combined to form an isodose chart or isodose distribution. This 

form of display is convenient since the distribution gives a map of the dose contours in one 

plane of a radiation beam. Two isodose distributions are shown in Figures 3.5(a) and (b) 

for two X-ray beams of different energy. Figure 3.5(a) shows an isodose distribution for a 

1.25 MeV Cobalt-60 beam (at 80 SSD). Figure 3.5(b) shows the distribution for a 10 MV 

X-ray beam produced by a linear accelerator (at 100 SSD). The deeper penetration of the 10 

MV isodose curves compared to the 1.25 Me V curves is due to the higher photon energy and 

longer SSD of the 10 MV beam. 
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geometric 
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negative 
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off axis 

OAR 

central 
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A B 

positive 
distance 
off axis 

X 

Figure 3.4: Profile of an X-ray beam taken by scanning across the x or y axis of the field, region A defines the 
umbral region and B is the penumbra! region. The geometric field width usually coincides with the 0.5 level of the 
profile. 
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Figure 3.5: Isodose distributions for 1.25 MeV and 10 MV photon beams. The 90, 70, 50, 30, 10% isodose levels 
are shown 

(a) Left- isodose distribution for a 1.25 MeV photon beam produced by a Cobalt-60 beam. 

(b) Right- isodose distribution for a 10 MV photon beam produced by a linear accelerator. 



3.3 SCATTER FUNCTIONS 

3.3.1 Tissue-Air-Ratios and Scatter-Air-Ratios 

To represent the scatter contributions at different depths, the concepts of tissue-air-ratio 

(TAR) and scatter-air-ratio (SAR) have been introduced (Johns and Cunningham 1983). 

These are just scatter functions expressed as ratios. 

The tissue-air-ratio (TAR) is defined (ICRU#23 1973, ICRU#24 1976) as the ratio of 

absorbed dose at a given point in a phantom to the absorbed dose that would be measured at 

the same point in free air within a volume of phantom material which is just large enough to 

provide electron equilibrium at the point of measurement. Figure 3.6 is a schematic diagram 

of how the T ARs are derived. In practice T ARs are calculated by taking the ratio of 

ionization chamber readings in tissue and air (with appropriate build up caps added to the 

chamber). The TAR is defined as 

TAR(d, S) = D (tissue, d, S) 
D (air, d, S) 

(3.4) 

The scatter function model (Meredith and Neary 1944) divides dose into two components, 

the dose at a point due to primary photons Dprim(tissue, d, S), and the dose at a point due to 

scattered photons DscatCtissue, d, S). The separation of scatter and primary components of 

dose is achieved by an approximation process whereby extrapolation of dose versus field 

size data back to a zero area is attempted (see Figure 3.7). Using the TAR framework 

representation of the scatter function model> then 

TAR(d, S) 
Dprim(tissue, d, S) Dscat(tissue, d, S) 

D(air, d, S) + D(air, d, S) 
(3.5) 

The first term on the right side of (3.5) defines the zero area tissue-air-ratio TAR(d, 0) and 

the second term defines the scatter-air-ratio SAR(d, S) for the field size S. The SAR at a 

given point in a medium is defined (BJR Supp. 17 1983) as the ratio of absorbed dose due 

to scattered photons at a point in tissue to the absorbed dose due to all photons in air. The 

increase in SAR with field size is due to an increase in scatter dose, and this is represented 

by the differential scatter-air-ratio (dSAR), which is the scatter dose component at a point 

due to scattering from a volume element remote from the point's position. Accurate 

experimental measurement of dSARs is difficult due to the small dose differences which 

need to be detected (Wong et al 1981). Therefore, analytical methods for estimating dSAR 
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have been developed Cunningham (1972, 1982), Wood (1981), Sontag (1979), and Wong 

and Henkelman (1982, 1983). 

X-ray source 

Detector and 
build up cap 

TAR(tissue, d, S) = D(tissue, d, S) 

D(air, d, S) 

tissue analog 

Figure 3.6: Schematic diagram which explains the definition of tissue-air-ratio (TAR). Dose readings are 
taken with an ionization chamber in air with a build up cap (left) and in a medium (right). The ratio of the 
tissue and air readings are then calculated to give the TAR. 

TAR(d, S) 

Minimum field 
size measurable 
due to finite build up 
cap size 

SAR(d, S) I 
TAR(d,0) 

Field size S 

Figure 3.7: _Graphical representation of how TARs and SARs are related with respect to field size. The 
TAR(d, S) 1s equal to the sum of the TAR(d, 0) and the SAR(d, S). Region A is where the field size is 
smaller than the diameter of the build up cap (eg. for a 10 MV beam this is about 5 x 5 cm) and 
extrapolation of T ARs back to zero field area is required to get the TAR( d, 0). 



Terms in (3.5) can be rewritten as 

TAR (d, S) = TAR(d, 0) + SAR(d, S) (3.6) 

In practice SARs cannot be measured directly because the primary and scatter dose 

components cannot be separated. Rearranging (3.6) gives an expression for evaluating 

SARs provided the TAR(d, S) and TAR(d, 0) are known: 

SAR(d, S) = TAR(d, S) - TAR(d, 0) . (3.7) 

Figure 3.7 shows how TAR and SAR values are derived from graphs of scatter versus field 

size. In an attempt to define TAR(d, 0) the TAR values are normalised to unity for a zero 

field size, but at high photon energies an exact value of TAR( d, 0) is impossible to obtain, 

because a measurement of dose for a field size closely approaching zero is not possible. In 

this situation an extrapolation of data from measurements at finite field sizes back to a zero 

field size is required. In fact the smallest field size which can be measured for a 10 MV 

beam in water is about 5 cm because the build up region required for electron equilibrium is 

2.1 cm and the diameter of the chamber is 6 mm. 

The TAR values obtained by experimental measurements for a 10 MV photon beam are 

shown in Figure 3.8. These results were obtained by taking the ratio of dose readings in air 

with a build up cap to the dose in tissue simulated by a slab phantom (both made of muscle 

analog material as described in chapter 2). The graphed results demonstrate the difficulty of 

obtaining TAR(d, 0) at high photon energies when extrapolating back from a field size of 5 x 

5cm. 

The TAR(d, 0) is supposed to represent the dose deposition from the beam which is due to 

primary photons only. This is clearly not accurately definable, as shown in Figure 3.8, for 

high energy beams in particular where extrapolation back to the zero area causes errors. It is 

impossible to verify the position of the TAR( d, 0) line since extrapolation cannot be avoided 

(Van Dyk 1977, Johns and Cunningham 1983). The extrapolation is done as though the 

curve carries on as it does for larger fields, where electronic equilibrium exists. However, 

readings are not taken at smaller field sizes because equilibrium does not exist. The radial 

build up factors shown in Appendix 2 (Figure A2.1) in fact show a much steeper drop off in 

dose to this region than is indicated by the extrapolation line shown in Figure 3.8. 
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Figure 3.8: Tissue-air-ratios (T ARs) obtained for a 10 MV photon beam. These were obtained by talcing 
ionization chamber readings in a muscle analog build up cap and slabs which were produced by the process 
outlined in chapter 2. Because the minimum field size for measurement is about 5 x 5 cm then the line is 
extrapolated in Region A. 

3,3,2 Tissue-Phantom-Ratios 

The tissue-phantom-ratio (TPR) is defined as the ratio of absorbed dose at any given point to 

the absorbed dose at the same distance from the source, but with the surf ace of the phantom 

moved so that this point is at a specified reference depth dref (see Figure 3.9): 

TPR(d, S) 
D(tissue, d, S) 

= 
D(tissue, ~ef• S) 

(3.8) 

The tissue-maximum-ratio (TMR) is a special case of the TPR where the specified reference 

depth is at dmax (BJR Supp. 17 1983): 

TMR(d S) = D(tissue, d, S) 
' D(tissue, ~ax• S) (3.9) 

The majority of radiotherapy treatment plans use a common point of origin within the 

patient. This form of planning is known as isocentric planning and the beams are referred to 

as isocentric beams. The TAR, TPR and TMR concepts are useful when planning with 



isocentric beams as dose ratios at different depths are provided directly, and these quantities 

have been shown to be relatively independent of SSD (Johns et al 1958, Gupta and 

Cunningham 1966). The TAR does not however provide a solution to the problem of 

accurately separating scatter and primary photon components, and this separation is not 

even addressed in the definition of TPRs and TMRs. 

dref l 

X-ray source 

Phantom of ~ 
tissue analog 
material 

TPR(d, S) = 
D(tissue, d, S) 

D(tissue, dref• S) 

tissue analog 
material 

Figure 3.9: Definition of the TPR. The dose reading taken in a phantom at depth dis taken as a ratio to the 
reading taken in a phantom at a reference depth dref• The phantom consists of water or tissue analog. 

One of the reasons that range scaling methods based on the scatter function models do not 

work well in small field low density situations (see section 3.4) is that the extrapolated part 

of the TAR curve is used. This is used because the effective field width calculated in low 

density regions is less than the width at which electron disequilibrium occurs. The problem 

only occurs for high energy beams when the lateral electron range exceeds the effective field 

half-width. 

3,3,3 Off-Axis Ratios 

The scatter function model used by the Theraplan treatment planning system to calculate dose 

to points off the beam central axis has been described by Cunningham (1987), Johns and 

Cunningham (1984) and Theraplan (1989). The dose to a point is defined as 
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D(tissue, d, x) = [ D(air, d, 0) x F(air, d, x) x TAR(d, O)] + SAR(d, S) (3.10) 

where D(tissue, d, x) is the dose to a point which is a distance x off axis in tissue, and the 

term F(air, d, x) is defined by Khan et al (1986) as the "off-axis ratio of the quasi-primary 

beam dose profile". This simply means that the TAR and SAR components are separated in 

the calculation of dose as shown in (3.10). The umbral region of the beam profile has been 

previously defined in section 3.2.4. To calculate the off-axis ratio in the umbral part of the 

profile (Fumbra1) as shown in Figure 3.4, the assumption of radial symmetry is made and 

therefore by definition 

Fumbral(air, d, x) = Fumbral(air, d, r) . (3.11) 

This simplification means that any differences in the beam's transverse and radial profiles are 

not accounted for. In practice, however, differences in these profiles are very small. For 

the Theraplan system only primary beam profiles in the umbral region at four depths are 

stored. Results in the umbral region show good agreement with experiment at all depths, so 

the selection of four depths appears to be adequate to model umbral shape in homogeneous 

media. 

3.3,4 Penumbral Forming Functions 

In the rapidly changing beam penumbra! region the Theraplan system uses an empirical fit to 

the rapidly changing profile shape. This is called a penumbra! forming function. With 

reference to Figure 3.10 a fit can be produced in homogeneous phantoms by the following 

empirical equations: 

FpenumbraCair, dref, x) (3.12) 

and 

Fpenumbra(air, dref, x) for Ix I Wd 
~ -2 

(3.13) 

where I xr is the absolute value of the off-axis distance x, W d/2 is the half-width of the beam 

at depth dref and t is the collimator transmission factor. The distance p is the width of the 

penumbra predicted using geometrical assumptions only to calculate the beam divergence 



from a finite source size s (ie. the distance from A to C in Figure 3.10). Denote f as the 

SSD and fc as the source collimator distance. Then the geometrical penumbra! width p is 

p (3.14) 

Note that a1 and a2 are the constants which determine the shape of the penumbra as shown 

in Figure 3.12. What is not pointed out in the original references and is shown in (3.12) 

and (3.13) is that only one reference depth, dref, is chosen to represent the penumbra! shape 

at all depths. This leads to practical problems in obtaining a good penumbra! match at all 

depths. 

Another major problem with the empirical method is that electron ranging (a mechanism 

which contributes to the penumbra! shape) also varies greatly in inhomogeneous situations. 

Hence the penumbra gets broader in low density inhomogeneous media. The penumbra! 

forming function stays constant and this causes errors in the penumbra! part of the field 

profiles, as discussed in the next section. 
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Figure 3.10 (a): Diagram showing the geometric effect on penumbra procl~ced by fi~ite ~ource size and beam 
defining collimators. The positions A, Band Care referenced on the profile shown m Figure 3.lO(b). 
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Figure 3.10 (b): Profile of an X-ray beam taken by scanning across the x axis of the field. The dashed line 
defined by ABC is the effect caused by finite source size and beam divergence. The rounded comers of the 
profile are caused by electron ranging. Empirical methods model the shape of these c~rves: The lower the 
values of a in (3.12) and (3.13) the more rounded the curves become. No attempt 1s made to alter the 
empirical forming function when a different density medium is traversed. 

3.4 X-RAY INHOMOGENEITY CORRECTIONS IN LUNG 

3.4,1 INTRODUCTION 

In this section dosimetry results obtained using two different "two lung" phantoms are 

compared with dose computations produced by equivalent pathlength and scatter function 

(TAR) scaling methods. In each subsection the theory behind each correction method is 

presented and then the experimental accuracy of each method in one or both of the two lung 
phantoms is presented. 

As mentioned previously, existing commercial radiotherapy computer planning systems 

employ so called "semi-empirical approximations" (Cunningham 1987). To date all these 

algorithms represent a compromise to dose accuracy in the interests of maintaining the 

reasonably short computing time required for routine radiotherapy planning. 

Of the semi-empirical methods tested in the two lung phantom geometry, the equivalent 

pathlength methods show inaccuracy at all energies tested. Some TAR methods show 

reasonable agreement with dosimetry results at 1.25 MeV beam energy, but significant 

differences (as high as 16.4 %) were observed in one of the lung phantoms at a higher 

photon energy (15 MV). The Batho and equivalent-TAR (E-T AR) algorithm assumptions 

which lead to these errors are discussed. The most important assumption is that there is no 



electron disequilibrium, and this leads to significant errors in dose prediction accuracy at 
high X-ray energies. 

3,4,2 EXPERIMENT AL METHODS 

This section quantifies errors in dose computation which occur in lung by comparing dose 

computations with dosimetry results in two "two-lung" models shown in Figures 2.6 and 

2.13. The dimensions of both phantoms are the same, and these are based on geometric 

sizes derived from a patient lung sample carried out by Van Dyk (1983). This arrangement 

approximates the situation of a therapy beam laterally traversing the chest wall and lungs in 
the patient thorax region. 

The density of the materials used in the phantom have been accurately measured using 

gravitometric and CT techniques to minimise the uncertainty in dose caused by inaccurate 

density assessment. Detail of the density analysis is included in sections 2.3 and 2.4. The 

main difference in the two phantoms is that the lung density of phantom A is 0.2, where as 

the lung density of phantom B is 0.3. 

Effective depth (E-depth), Batho (TPR), Batho (dSAR), and equivalent-TAR (E-TAR) 

scaling correction methods were used on several different computers running different 

software implementations at Hospital and University institutes. Details of computers used 

are outlined in Table 3.1. Comparisons between experimental data and data produced using 

the algorithms were made for three X-ray energies on three different X-ray machines (1.25 

MeV Theratron 80, 10 MV Varian Clinac 18, and 15 MV Siemens Mevatron). 

Measurements were made along the beam central axis (depth dose) and across the beam 

central axis (profiles). Dosimetry was performed by placing an ionization chamber at 

various positions in the two lung sandwich phantoms, which were constructed from 

cork/polystyrene (phantom A) and lung/muscle analog (phantom B) respectively. 

Correction method Beam energies Computer hardware Computer software Lung phantom 
(reference) (MeV)/(MV) (reference) 

E-depth 1.25, IO DEC PDP 11/34 Edinburgh Algorithms A 
(Milan and Bentlev 1974) (Redpath 1977) 

Batho (1PR) 15 DECVAX780 Alberta Treatment Plan A 
(El-Khatib and Battista 1984) (Battista et al 1984) 

E-TAR 15 DECVAX780 Alberta Treatment Plan A 
(Yakiwczuk 1987) (Battista et al 1984) 

Batho (dSAR) 1.25, IO DEC PDP 11/73 Theratronics Theraplan A,B 
(Won!! and Henkelman 1983) (Theraolan 1990) 

E-TAR 1.25, IO DEC PDP 11/73 Theratronics Theraplan A,B 
(Sonta!! 1979) (Theraplan 1990) 

' 
Table 3.1: Summary of inhomogene~ty_correction meth~s. c?mput~r software/hardware and phantom types 
used in appraisal of dose accuracy within lung phantoms m thlS secuon. 
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Ionization measurements were performed at two participating institutions: the Cross Cancer 

Institute (CCn and the Waikato Hospital Radiotherapy Centre (WHRC). The 1.25 MeV and 

10 MV data were obtained at the WHRC, with a Baldwin Farmer type (Nuclear Enterprises, 

0.6 ml, 2571 graphite) ionization chamber, in cork with a relative electron density of 0.2 and 

in lung analog (LN ions) with a relative electron density of 0.3. The 15 MV readings were 

recorded using a Baldwin farmer type (Capintec, PR-06, 0.65ml) ionization chamber. All 

"in-lung" measurements were recorded without a build up cap, in order to avoid inducing a 

false electronic equilibrium. 

Depth dose readings using ionization chambers were obtained by placing the chamber in a 

layer of material, then taking a charge reading. The charge reading was then normalised to 

the charge reading at dmax, then the chamber was "stepped" through the phantom by placing 

it in each respective layer and repeating the process. 

Profile results using the ionization chamber were obtained by placing the lung phantom on a 

trolley which was placed in the Therados RF A3 plotting tank as shown in Figure 3.11. The 

chamber and phantom were scanned across the beam and ionization readings were recorded 

at discrete off-axis locations. Precise location of the chamber with respect to the beam was 

maintained using the Therados controls. Considering the analysis in section 2.5.2 and 

Appendix 2 the ionization chamber data points reported on· the graphs in chapters 3 and 4 are 

accurate to within 2% for the two lung phantom tests. 

Because of the order in which experiments were carried out it was not possible to test all 

energies and all correction methods with both phantoms. For example the Batho (TPR) 

method was not tested at 10 MV because the beam energies available at the CCI were 1.25 

MeV and 15 MV. Also, these tests were carried out prior to the lung/muscle analog phantom 

construction. Comparisons of other correction methods at the 1.25 Me V beam energy are 

likewise only presented for the cork/polystyrene phantom because the cobalt-60 machine 

was de-commissioned at WHRC prior to the lung/muscle analog phantom construction. The 

lung/muscle analog phantom was however tested for all algorithms except Batho (TPR) at 
the beam energy of 10 MV. 



83 

Figure 3.11: Photograph of the trolley which was used in the Therados plotting tank to obtain profile data. 
The ionization chamber is placed in the phantom and the phantom is placed on the trolley. The chamber and 
phantom are then scanned across the beam on the trolley using the Therados motor controls. 

3,4,3 EQUIVALENT PATHLENGTH METHODS 

3.4.3.1 Ray Tracina: 

Using standard ray tracing the radiological beam depth d' is the geometric depth scaled by 
the average relative electron density p lying along a beam ray where the geometric path 

length is d, such that 

d' dp (3.15) 

If j5 is considered to be the mean pathlength then for N voxels along the ray path as shown 

in Figure 3.12, pis defined as 

(3.16) 

It is also possible to give a preferential weighting factor to some voxels, such that 
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p' = (3.17) 

where fi is the weighting factor. For example Mackie (1985) and Hoban et al (1990a) use 

this approach to add extra weighting to the interaction voxel in the scaling of dose spread 

arrays. In practice the ray trace is usually from the centre of voxel 1 to the centre of voxel i. 

This can be accounted for by a method shown in Figure 3.12. 

Voxels 

Interface 

In practice the ray trace is usually 
from the centre of voxel 1 to the 
centre of voxel i. If we add for 
example the ability to weight the 
first voxel with a function fi. then 

The equation for a ray trace through a discrete 
number of voxels of density Pi and each given 
a weight fi., is given by 

N 

ii 
:r, f. p. 

= i = 1 1 1 

N 
) 

:r, f. 
i= 1 

1 

where normally fi = 0.5 for i = 1 and i = N 
because there is only traversal of half the first 
and last voxel, and fi = 1.0 for all the other voxels. 
However any fj_ can be modified to give the voxel 
extra weight. In particular fi. > 0.5 when i = 1. 

N -1 

0.5; Pl + [ :E p. ] + 0.5 PN 
' 1 

p = i = 2 . 
0.5 + (N-2) + 0.5 

Fi!?iure 3.12: ~xplanation of ray tracing whereby the radiological path is found by calculatin th 
weighted density between voxels. g e mean 

3.4.3.2 Effective Depth Correction 

This method represents one of the first attempts to correct for photon beam interactions with 

inhomogeneous media. Details of the method are outlined elsewhere; Milan and Bentley 



(1973), Redpath (1977), Metcalfe (1982), and Metcalfe and Beckham (1988). 

Correction methods are compared in terms of inhomogeneity correction factors (CF), which 

relate the dose in an inhomogeneous medium Di to the dose in an all water homogeneous 

medium Dh, such that 

(3.18) 

and 

CF= or (3.19) 

This approach is a convenient way of adjusting doses in a homogeneous medium (which are 

precalculated by the multiplicative correction factor CF) to give an estimate of the degree of 

perturbation due to interaction with the inhomogeneous media. In the E-depth correction 

method CF is a simple ratio of dose at the radiological depth d' as calculated using (3.15) to 

dose at the the geometrical depth d in water. Also included is an inverse square correction to 

account for the point of calculation change in d' relative to d. The expression is 

CF= 

-
Dh(d', r) 

Dh(d, r) 
( f + d' )2 

f+d -
(3.20) 

In this method only the attenuation of the primary photon beam is scaled correctly. The 

result is a consistent overprediction of lung dose because this method only scales depth dose 

data and does not attempt to correct for secondary interactions. For example, there is a lack 

of back scatter in the lung medium and there is no attempt to correct for this. 

Figures 3.13 -3.38 show percentage depth dose and profile curves for correction methods 

compared with those obtained using experimental measurements. Included in each caption 

of the figures are quantified differences between experimental data and the correction 

method. For assessing the mean percentage difference (MPD) between simulation and 

experimental depth dose curves the following equation is used: 

MPD = N 
(3.21) 
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where %Ds is the percentage depth dose calculated by the simulation and %DE is the 

experimentally measured percentage depth dose. N is the number of sample points beyond 

dmax• This avoids any mismatch in the build up region which may be due to electron 

contamination. This difference is more relevant to the comparisons in chapter 4 where 

contamination free data is available in the build up region. 

For assessing the mean percentage difference between simulation and experimental depth 

dose measurements within the lung regions (MPDL), then (3.21) is modified whereby only 

sample points within lung are used in the equation: 

MPDL = (3.22) 

where NL is the number of sample points within the lung regions. %DsL is the percentage 

depth dose due to the simulation within the lung regions and %DEL is the percentage depth 

dose due to experiment within the lung regions. 

The maximum percentage difference (MAXPD) between simulation and experimental depth 

dose measurements is defined as 

( I %Ds - %DE I ) 
MAXPD = MAX %~ x 100% , (3.23) 

where MAX refers to the maximum difference found among the sets of data 

Figures 3.13 and 3.14 show comparisons of experimental depth dose versus E-depth 

prediction for 5 x 5 cm and 10 x 10 cm fields at 1.25 MeV. Figures 3.15 and 3.16 

represent the comparison of a 10 MV beam of size 5 x 5 cm and 10 x 10 cm respectively. 

Note comparison of depth dose curves in Figures 3.14 and 3.16 show the 1.25 MeV beam 

is in ~ore error than the 10 MV beam for the 10 x 10 cm field size. This is because the 

larger backscatter component in the lower energy beam is not being accounted for by this 

method of correction. However, at the smaller 5 x 5 cm field size the results at 1 0 MV as 

shown in Figure 3.15 are in greater error than those for the 1.25 MeV beam (Figure 3.13). 

Hence the trend has been reversed, due to another phenomenon called lateral electron 

disequilibrium (as described in section 1.5) which manifests itself for high energy beams in 
low density media. 



87 

100 -.. 
%D 

90 - • • 
80 

70 

- • 6 
+ - + 
0 + + 0 + 60 0 - 0 0 Experimental Data 

0 + . 
50 

40 

30 

- o+ 
E-depth 0 + 

+ ++ - 0 + + 0 0 + 
- 0 0 0 e ~ 

20 -
10 -

tissue lung tissue lung tissue 
0 I " I " I I • I I I I I 

0 2 4 6 8 10121416182022242628 
depth (cm) 

Figure 3.13: Depth dose plots ofE-depth correction and experimental measurements: 
Beam energy 1.25 MeV, field size 5 x 5 cm, phantom A. 
Mean difference 8.4%, mean lung difference 11.9%, maximum difference 17.6%. 
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Figure 3.14: Depth dose plots ofE-depth correction and experimental measurements: 
Beam energy 1.25 MeV, field size 10 x 10cm, phantom A. 
Mean difference 11.1 %, mean lung difference 13.2%, maximum difference 18.9%. 
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Figure 3.15: Depth dose plots of E-depth correction and experimental measurements: 
Beam energy 10 MV, field size 5 x 5 cm, phantom A. 
Mean difference 12.2%, mean lung difference 14.3%, maximum difference 18.4%. 
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Figure 3.16: Depth dose plots ofE-depth correction and experimental measurements: 
Beam energy 10 MV, field size 10 xlO cm, phantom A. 
Mean difference 2.7%, mean lung difference 3.2%, maximum difference 5.7%. 



3,4,4 TISSUE-AIR-RATIO SCALING METHODS 

3,4,4,1 Batho Corrections 

The Batho power law method of dose computation uses tissue-air-ratios raised to an 

exponent based on density differences. The method corrects for changes in primary photon 

fluence and approximates scattered radiation effects. The inhomogeneity is assumed to be a 

slab extending well beyond the beam boundaries (Batho 1964), such that 

(3.24) 

where P2 is the density of the inhomogeneous medium overlying the water medium, d1 is 

the distance from the top of the inhomogeneity to point p2 and d2 is the distance from the 

bottom of the inhomogeneity to point p2 (see Figure 3.17). As noted by others (Wong and 

Henkelman 1983), a fundamental derivation of the power law equation, even in Batho's 

original paper, was not presented. Despite this, experimental results from several papers 

and this thesis show the method is reasonably accurate for a 1.25 Me V beam. 

The original method only calculated dose beyond inhomogeneities, but Sontag and 

Cunningham (1977) subsequently extended the technique to include calculation of dose 

within inhomogeneities, such that 

CF = [TAR(d1, r)] Pz - 1 (3.25) 

Therefore, as a general case, within and beyond inhomogeneities the correction method can 

be described by (El-Khatib and Battista 1984): 

[ TAR (d1, r )] P2 - P1 
CF=------- , 

[ TAR (d2, r ) ] 1 - Pi 

(3.26) 

where p1 is the relative electron density of medium 1, P2 is the relative electron density of 

medium 2, d1 is the distance from the calculation point to the top of the inhomogeneity, d2 is 

the distance from the calculation point to the skin surf ace and r is the beam radius at depth of 

calculation point (see Figure 3.17). 
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Figure 3 .17: Geometrical parameters used in the Batho power law correction methods. 

The first technique experimentally appraised in this section, at 1.25 MeV and 15 MV, is 

based on a further small modification by El-Khatib and Battista (1984) which appears to 

improve the accuracy of this method within lung by using tissue-phantom-ratios (TPRs) to 

replace the TARs in (3.26). Because of this modification the method is known as the Bathe 

(TPR) method. Therefore (3.26) becomes 

(3.27) 

The Batho (TPR) prediction versus experimental results are compared in Figures 3.18 and 

3.19, showing results for 5 x 5 cm and 10 x 10 cm fields at 1.25 MeV. Note at this energy 

most data points fall close to the experimental results. This shows the improved scatter 

correction of this method over the E-depth method. This method looks quite accurate at low 

energies. At 15 MV for the 10 x 10 cm field size in Figure 3.21 the depth dose agreement is 

also good, yet at 5 x 5 cm, 15 MV (Figure 3.20) the error once again is extremely large 

(notably in the first lung region). This is due to the inability of the method to account for 

regions of lateral electron disequilibrium. 

The second Bathe correction appraised at 1.25 Me V and 10 MV in this section, is based on a 

method developed by Wong and Henkelman. The method is known as the "Batho 

differential scatter-air-ratio method" or Batho (dSAR) method. It is given this name because 

of its similarities in functional form to the original dSAR method developed by Beadoin and 



described by Cunningham (1972). This method is supposed to employ an improved system 

of coping with the scatter correction. It is important to note however that only first scatter is 

considered in this correction method, and no account is taken of the multiple scatter 

contribution. For details of the method refer to Wong and Henkelman's paper (1982). 

The Batho (dSAR) correction and experimental results are compared in Figures 3.22 and 

3.23, showing results for 5 x 5 cm and 10 x 10 cm fields at 1.25 MeV. Note at this energy 

most data points fall well outside the experimental data points and this method shows little 

improvement in accuracy over the E-depth method. 

The error using this method is perhaps due to it considering first scatter only, whereas 

multiple scatter is a major contributor to dose at any point at 1.25 MeV beam energy. At 10 

MV for the 10 x 10 cm field size (Figure 3.25) the depth dose agreement is good, possibly 

because at this energy the contribution from multiple scatter is less. Yet once again for the 5 

x 5 cm field size at 10 MV beam energy the error is extremely large (see Figure 3.24) due to 

the inability of the method to account for regions of lateral electron disequilibrium. The error 

is not quite as large as that for the Batho (TPR) method at 15 MV (Figure 3.21), because as 

the beam energy is reduced the lateral electron disequilibrium effect is reduced. 

Another effect which can reduce the, disequilibrium induced, percentage depth dose void is 

the density of the lung. The lung analog phantom B (lung density 0.3) was used for depth 

dose data collection at 10 MV. Graphs of percentage depth dose for this phantom are 

compared with the Batho (dSAR) correction method as shown in Figures 3.26 and 3.27, 

respectively. Note that the error is still large, although not as great as for the lower density 

lung phantom. 

Cross plot profiles produced using an ionization chamber, film and TLD in the mid-depth of 

the first lung for a 10 x 10 cm field size at 10 MV are shown in Figure 3.28 for phantom A 

and Figure 3.29 for phantom B. Profile data collected using the E-TAR and Batho 

corrections are also presented on these graphs, although at this stage we will only consider 

the Batho data as the E-TAR data is considered in section 3 .4.4.2. The experimental profiles 

are more rounded in the penumbra! part than the Batho data. This is due to the effect of 

electron ranging. Differences of 15.0% occur in the penumbra! region of the profile. This 

shows the excellent results presented for the central axis (see Figure 3.25 and 3.27) are 

somewhat misleading because electron equilibrium is achieved in the central axis for large 

field sizes, but this is not matched in the penumbra! region and large errors occur in this 

region for the Batho (dSAR) method. 
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Figure 3.18: Depth dose plots of Batho (TPR) and experimental measurements: 
Beam energy 1.25 MeV, field size 5 x 5 cm, phantom A. 
Mean difference 2.5%, mean lung difference 3.4%, maximum difference 5.3%. 
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Figure 3.19: Depth dose plots of Batho (TPR) and experimental measurements: 
Beam-energy 1.25 MeV, field size 10 x 10 cm, phantom A. 
Mean difference 2.9%, mean lung difference 3.8%, maximum difference 6.8%. 
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Figure 3.20: Depth dose plots of Batho (TPR) and experimental measurements: 
Beam energy 15 MV, field size 5 x 5 cm, phantom A. 
Mean difference 4.0%, mean lung difference 4.2%, maximum difference 9.4%. 
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Figure 3.21: Depth dose plots of Bathe (TPR) and experimental measurements: 
Beam energy 15 MV, field size 10 x 10 cm, phantom A. 
Mean difference 1.0%, mean lung difference 0.9%, maximum difference 3.9%. 
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Figure 3.22: Depth dose plots of Batho (dSAR) and experimental measurements: 
Beam energy l.25MeV field size 5 x 5 cm, phantom A. 
Mean difference 5.5%, mean lung difference 7.4%, maximum difference 12.5%. 

100 -~ 
%D 90 • - di ,. 

80 

70 

60 

- ++ 
0 ++ 

- 0 + + 
0 0 + It- + 

- 0 C + 0 Experimental Data 
0 + 

50 

40 

30 

- 0 + Bathe (dSAR) o+ + + . 
- 0 + + 

0 0 '6+ () 
-fo+ot--

20 -
10 -

• tissue lung tissue lung tissue 
0 I I I I • I I • I I • ' I 

0 2 4 6 8 1 0 12 14 16 18 20 22 24 26 28 
depth (cm} 

Figure 3.23: Depth dose plots of Batho (dSAR) and experimental measurements: 
Beam energy 1.25 Me V, field size 10 x 10 cm, phantom A. 
Mean difference 6.9%, mean lung difference 11.2%, maximum difference 14.0%. 
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Figure 3.24: Depth dose plots of Batho (dSAR) correction and experimental measurements: 
Beam energy 10 MV, field size 5 x 5 cm, phantom A. 
Mean difference 10.4, mean lung difference 12.1 %, maximum difference 15.9%. 
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Figure 3.25: Depth dose plots of Batho (dSAR) and experimental measurements: 
Beam energy 10 MV, field size 10 x 10 cm, phantom A. 
Mean difference 2.5%, mean lung difference 2.8%, maximum difference 7.4%. 



96 

100 - ot-,. 
%D 

90 

80 

70 

60 

50 

+ - o++ + 
- 0 + + + 

0 + + - 0 Oo+ 
0 ++ + - 0 ++ 

0 + + 
++ - 0 

0 Oo+ . 0 

o experiment 

+ Batho (dSAR) 

40 -
30 -
20 -
10 -

tissue lung tissue lung tissue 
0 I I I I • I I 7 I I 

0 2 4 6 8 10 12 14 16 18 20 22 24 26 28 

depth (cm) 

Figure 3.26: Depth dose plots ofBatho (dSAR) correction and experimental measurements: 
Beam energy 10 MV, field size 5 x 5 cm, phantom B. 
Mean difference 8.8%, mean lung difference 12.3%, maximum difference 16.4%. 
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Figure 3.27: Depth dose plots of Batho (dSAR) correction and experimental measurements: 
Beam energy 10 MV, field size 10 x 10 cm, phantom B. 
Mean difference 2.0%, mean lung difference 2.2%, maximum difference 6.8%. 
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Figure 3 .28: Dose profile OARs versus off axis distance as predicted by Batho and E-T AR: 
Measured at 8 cm depth, mid lung, with an ionization chamber, film and 1LDs: 
Beam energy 10 MV, field size 10 x 10 cm, phantom A, difference at 5 cm is 15.0%. 
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Figure 3 .29: Dose profile of off axis ratio versus off axis distance as predicted by Ba tho and E-T AR: 
Measured at 8 cm depth, mid lung, with ionization chamber, film and TLDs: 
Beam energy lOMV, field size 10 x 10 cm, phantom B, difference at 5 cm is 12.6%. 
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3,4,4,2 The Equivalent Tissue-air-ratio Correction <E-T AR} 

The Equivalent tissue-air-ratio (E-TAR) method developed by Sontag and Cunningham 

(1978) was the first algorithm which attempted to correct for the scattered radiation 

component by using multiple slice CT pixel density information. This was achieved by 

scaling the beam size in proportion to the lateral electron density distribution and associated 

photon scattering. At present, it is the "benchmark" to which other algorithms are compared 

since it is the most advanced algorithm commercially implemented and shows a good 

compromise between dose accuracy and speed of computation . 

This algorithm relies on O'Connor's range scaling theorem (1957) which predicts that the 

dose to a point in a unit density medium is the same as the dose to a point in a non-unit 

density medium provided the beam radius (r) and depth (d) are appropriately scaled. The 

inhomogeneity correction factor is defined using the E-T AR method as: 

CF= 
TAR ( d', r') 
TAR ( d, r) 

(3.28) 

The derivation of suitable ways to scale the effective depth d' and effective radius r' to 

account for primary and scatter contributions is as follows. The effective depth d' is simply 

found using (3.16). But as the scatter increases with beam size, the beam radius is scaled in 

a complicated fashion in an attempt to account for the relative "scattering power" of 

neighbouring voxels to the dose voxel in question. In principle, to do this in three­
dimensions 

r' = r p 

where 

p = 

LLL 
i j k 

W-•k lJ 

(3.29) 

(3.30) 

The term Pijk is the density of the voxel element and Wijk is the weighting factor of the ijk 

voxel set equal to the differential scatter-air-ratio (dSAR) of that voxel. 

The E-TAR algorithm is three-dimensional in conception but only two-dimensional in 



implementation. The three-dimensional summation of Wijk has not been attempted as it is 

considered too time consuming for available computing resources. Hence present day 

commercial implementations use a two-dimensional simplification of the method, relying 

on the "assumption" of separability: 

W--k = WkW--u ij ' 
(3.31) 

where a simplified two-dimensional weighted mean density is calculated at an effective 

scattering slice. The term p of (3.30) is expressed by the following approximation 

p = 
~~ w,;(~ r,~ wk J 

~~ w,;( ~ wkJ 

(3.32) 

and 

LL wij 

LPijk wk 
k 

j 
Lwk 

k 
p = (3.33) 

LLwij 
j 

where 

L Pijk wk 
k 

Pij 
(3.34) 

Lwk 
k 

The derivation of Wk involves some approximations as discussed by the authors (Sontag 

1979, Sontag and Cunningham 1978). For the final step which is carried out for each point 

of the calculation, the origin of the co-ordinates is shifted to the point of calculation and an 

effective density is calculated for that point: 

99 
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p =:: 

LL Pij W /zeff) 
j (3.35) 

The term Zeff is the "effective distance" away from the plane of calculation at which the 

resultant densities Pij are located. Details of the derivation of Zeff involves some 

approximations as discussed by the authors (Sontag 1979, Sontag and Cunningham 1978). 

Coordinate 
convention 
used by 
Sontag (1979) j 

y 

Coordinate 
convention 
used in 

z or d Figure 3.1 

Effective scattering 
slice plane 

Figure 3.30: In the E-T AR correction method a weighted slice is calculated in a plane at ad" tan fr 
h • 1· f al 1 • 1s ce Zeff om 

t e pnmary s_ ice o c. cu at10n. T~e Sontag (_1979) co-ordinate convention has been followed for (3.28)-
(3.35) and this co-ordinate convenuon along with that used in Figure 3.1 is shown here. 
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Regardless of its two or three-dimensional implementation, however, the accuracy of the 

algorithm relies on the calculation of weighting factors. The calculation of Wij includes the 

consideration of first and multiple scattering, separated into first and multiple scatter 

components (ie. the first and multiple scatter components of dSARs). 

The E-TAR correction and experimental data are presented in Figures 3.31 and 3.32. These 

figures show results for 5 x 5 cm and 10 x 10 cm fields at 1.25 MeV. Note at this energy 

most data points fall close to the experimental data points. This method shows the closest 

agreement to the experimental points of any of the methods discussed. 

At 10 MV for the 10 x 10 cm field size the depth dose agreement is also good (see Figure 

3.34). Yet once again for the 5 x 5 cm field size at 10 MV beam energy the error is 

extremely large due to the inability of the method to account for regions of lateral electron 

disequilibrium (see Figure 3.35). 

Another effect which can reduce the disequilibrium induced percentage depth dose void is 

the density of the lung. Once again data is collected in the lung analog phantom B (lung 

density 0.3) under the 10 MV X-ray beam. Graphs of percentage depth dose for this 

phantom are compared with the E-TAR correction method as shown in Figures 3.35 and 

3.36, respectively. Note the error is still large although not as great as for the lower density 

lung phantom. 

Cross plot profiles produced using an ionization chamber, film and TLDs in the middle of 

the first lung for a 10 x 10 cm field size at 10 MV are shown in Figure 3.28 for phantom A 

and Figure 3.29 for phantom B. Included in these graphs are the OARs which are predicted 

using E-T AR. The experimental profiles are more rounded in the penumbra! part, due to the 

effect of electron ranging. The differences at an off-axis distance of 5 cm in the penumbra! 

region is 15.0% for phantom A and 12.6% for phantom B. Note the OAR profiles are 

identical to the Batho results when normalised to the centre of the field. This is because the 

same OARs and penumbra! forming function methods (as discussed in section 3.3) are used. 

Data was also collected under a 15 MV beam using phantom A, as shown in Figure 3.37 for 

a 5 x 5 cm field and Figure 3.38 for a 10 x 10 cm field. The agreement with experiment is 

good for the 10 x 10 cm field. The E-T AR corrected data shows a large difference from the 

experimental data in the lung region (MLD = 8.2%) for the 5 x 5 cm field. The difference is 

more than that encountered at lower energies, because electron ranging is greater at high 

energies and this leads to the electron disequilibrium effect being increased. 
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Figure 3.31: Depth dose plots ofE-TAR and experimental measurements: 
Beam energy 1.25 Me V, field size 5 x 5 cm, phantom A. 
Mean difference 3.1 %, mean lung difference 3.3%, maximum difference 6.6%. 
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Figure 3.32: Depth dose plots ofE-TAR and experimental measurements: 
Beam energy 1.25 Me V, field size 10 x 10 cm, phantom A. 
Mean difference 3.0%, mean lung difference 4.0%, maximum difference 5.6%. 
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Figure 3.33: Depth dose plots ofE-TAR and experimental measurements: 
Beam energy 10 MV, field size 5 x 5 cm, phantom A. 
Mean difference 6.3%, mean lung difference 6.3%, maximum difference! 1.3%. 
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Figure 3.34: Depth dose plots ofE-TAR correction and experimental measurements: 
Beam energy 10 MV, field size 10 x 10 cm, phantom A. 
Mean difference 1.7%, mean lung difference 1.0%, maximum error 9.8%. 

' 



104 

100 
%D 

90 

80 

70 

60 

50 

40 

30 

20 

10 

0 

- 01--4) 

• - ftl+ 
0+ + - 0+ + + 

+ - 0 0. • ~ - i!;+ . •+e - +~ 

''• -
-

-
-

tissue lung tissue lung tissue 
I l I • I I I I 

0 2 4 6 8 10 12 14 16 18 20 22 24 26 28 
depth (cm) 

0 experiment 

+ E-TAR 

Figure 3.35: Depth dose plots of E-T AR correction and experimental measurements: 
Beam energy 10 MV, field size 5 x 5 cm, phantom B. 
Mean difference 3.5%, mean lung difference 3.5%, maximum difference 7.6%. 
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Figure 3.36: Depth dose plots of E-TAR correction and experimental measurements: 
Beam energy 10 MV, field size 10 x 10 cm, phantom B. 
Mean difference 3.5%, mean lung difference 4.1 %, maximum difference 6.9%_ 
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Figure 3.37: Depth dose plots ofE-TAR correction and experimental measurements: 
Beam energy 15 MV, field size 5 x 5 cm, phantom A. 
Mean difference 6.7%, mean lung difference 8.2%, maximum difference 16.4%. 
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Figure 3.38: Depth dose plots ofE-TAR correction and experimental measurements: 
Beam energy 15 MV, field size 10 xlO cm, phantom A. 
Mean difference 1.0%, mean lung difference 1.1 %, maximum difference 3.7%. 
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3,5 CONCLUSIONS 

The accuracy of inhomogeneity corrections in a two lung phantom geometry has been discussed. 

The photon beam methods reviewed in this chapter show inaccuracy in lung, because they fail to 

account for charged particle transport (ie. electron disequilibrium). The E-depth correction shows 

large differences (MPD about 10%) for the majority of beam energies and field sizes tested. This is 

because the method fails to model photon scatter and charged particle transport. 

In the interests of brevity the tests performed in the penumbra! region using the E-depth method are 

not presented here. However, similar errors to those found using TAR methods were encountered. 

This is because "in-water" data is used in the penumbra! region (Pracy 1988), and the lateral shape 

of the penumbra is not altered with density changes. 

The Batho and E-TAR corrections show small differences (MPD about 3%) in the central axis 

depth dose regions of 10 x 10 cm field sizes even at 10 MV. This is because these methods 

account for photon scatter in their scaling procedures. However, the Ba tho and E-TAR methods 

display large differences in their off-axis profiles. The percentage difference at an off-axis distance 

of 5 cm in a lung phantom (density 0.3) is 12.6% for a 10 x 10 cm field at 10 MV. This is 

because these methods use penumbra! forming functions which fail to account for loss of electronic 

equilibrium at the penumbra! edge of the beam. 

The failure to account for charged particle transport leads to electron disequilibrium extending to the 

centre of the field for 5 x 5 cm fields tested. This leads to MPDs in the central axis of between 3.5 

an 6.3% for E-TAR at 10 MV and between 8.8% and 10.0% for Batho (dSAR) at 10 MV. The 

differences depend on the field size, phantom type, beam energy and correction method employed. 

The guideline for dose accuracy recommended by ICRU#24 (1976) is that total error in dose 

delivered be less than 5% and the contibution to this error from beam models be less than 2%. 

Therefore in terms of this guideline all methods reviewed are inadequate in the central axis region 

for 5 x 5 cm fields in lung, and are inadequate in the penumbra! region in lung for 10 x 10 cm 
fields. 
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CHAPTER 4 

MODELLING DOSE DISTRIBUTIONS FROM IQ MY X-RAYS: 
ANALYSIS USING A CONVOLUTION/SUPERPOSITION METHOD 

4, 1 INTRODUCTION 

In this chapter a dose calculation method for use in planning radiotherapy treatments with 

polyenergetic high energy photon beams is presented. It uses a "superposition" or 

"convolution" technique. Similar techniques used by other researchers are reviewed in 

section 4.2. The approach used here involves calculating the dose in a medium from a 

photon beam by convolving a dose spread function with a TERMA function at all points in a 

medium. The dose spread function describes how energy released at a point is spatially 

distributed about that point. The TERMA function describes the spatial distribution of 

energy removal from the beam throughout the medium. The two functions are approximated 

by arrays of data for computation purposes, these are referred to as the dose spread array 

(DSA) and TERMA array, respectively. It is common practice to use the terms "array" and 

"function" interchangeably in this regard, although this is not strictly correct. The author will 

follow common practice in this discussion and will use the terms intercheangably as there is 

rarely any confusion as to what is meant. The mathematics describing the author's approach 

is presented in section 4.3. 

The polyenergetic nature of the beam is accounted for by modelling the beam as having ten 

spectral components. The adequacy of the selected components for the spectrum of a 10 MV 

beam was checked by doing open field Monte Carlo simulations which used the Electron 

Gamma Shower (EGS) Monte Carlo computing code. These simulations are described in 

section 4.4. 

Total and primary polyenergetic dose spread arrays (PDSAs) have been generated for a high 

energy 10 MV radiotherapy photon beam using EGS. These simulations are described in 

section 4.5. By considering the attenuation of fluence per energy interval, PDSAs have been 

produced at radiological depths of 0 cm (the surface PDSA) and 40 cm (the beam hardened 

PDSA). The properties of DSAs at other depths (25 cm and 50 cm) are also discussed, as 

are the properties of a 3 Me V monoenergetic DSA. The 3 Me V DSA is of interest as this is 

the "most probable" energy of photons in a 10 MV X-ray beam (see section 4.4.1). 

The radiotherapy X-ray beam computation method, which is introduced in section 4.3, 

involves a single superposition of the surface generated PDSA or beam hardened PDSA 
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with a polyenergetic TERMA. Percentage depth dose results from the simulations are 

compared in homogeneous media and the results are presented in section 4.7. The mean 

percentage difference between depth dose curves obtained using superposition of surface and 

beam hardened PDSAs is only 0.1 %. The mean percentage difference from experimental 

data for these superposition curves is 2.8% down to 40 cm in a homogeneous phantom. 

The superposition process is shown to be forgiving to spectral differences when calculating 

the PDSA but sensitive to the incident photon energy spectrum used to calculate the TERMA. 

Methods of scaling PDSAs to account for lung inhomogeneous regions are discussed in 

section 4.8 and simulations in the two lung phantoms (details of which are outlined in 

chapters 2 and 3) show good agreement with experimental results and Monte Carlo 

simulations. 

4.2 DISCUSSION 

The properties of dose spread arrays have been reported by various authors (Dean 1980, 

Mackie et al 1985a, 1988, Boyer and Mok 1985, 1986, Boyer et al 1989, Mohan et al 

1986, Ahnesjo et al 1987, Ahnesjo and Mackie 1987, Ahnesjo 1989, Iwasaki 1990, 

Metcalfe et al 1989). These dose spread arrays (DSAs) have also been termed as energy 

deposition kernels, differential pencil beams and point spread functions by the authors cited 

above. The work of Mackie et al (1988) demonstrates the effectiveness of applying DSA 

data to find solutions to radiotherapy beam interaction phenomena. 

The "superposition" methods developed by these authors employ convolution mathematics 

applied to DSAs to effectively model charged particle transport in three-dimensions. 

Superposition methods have been shown to closely match experimental data and Monte 

Carlo simulations in regions of electronic disequilibrium (Mackie et al 1985a, Mohan et al 

1986, Metcalfe and Battista 1988, Ahnesjo 1989). In contrast, other currently employed 

algorithms such as scatter function and effective pathlength methods, which only model 

photon transport, display inaccuracy in such regions (Kornelson and Young 1982, 

Cunningham 1982, Mohan and Chui 1985a, Mackie et al 1985b, Metcalfe and Beckham 

1988). 

Further improvements in the speed of convolution techniques using Fourier transforms have 

been demonstrated (Boyer 1984, Boyer et al 1988, Field and Battista 1987, Murray et al 

1989a). It is however more difficult to achieve correct range scaling using Fourier 

convolution techniques (Boyer and Mok 1986, Zhu and Boyer 1990, Ahnesjo 1989). 

Prudent programming of a parallel computing system has recently shown that convolution in 



109 

real space (not Fourier space) with range scaling is approaching the speed required for use in 

routine radiotherapy planning (Murray et al 1990). 

The superposition methods of Mohan et al (1986) and Boyer et al (1989) model the 

polyenergetic nature of the high energy photon beams used in radiotherapy (see section 4.3). 

The penalty involved in this approach is that a separate convolution is required for each of the 

beam's spectral components. This increases the computation time for convolution 

approximately in proportion to the number of spectral components. 

An alternative approach is to correct for the polyenergetic nature of the beam while 

maintaining a single convolution per beam. This method does not explicitly account for the 

effect of beam hardening on the DSA as it traverses tissue. Hence a detailed analysis of the 

effect of beam hardening on PDSAs and the final dose distribution is essential. The 

magnitude of these effects are quantified in sections 4.5 and 4.6 of this chapter. 

radiation source 

patient surface 

interaction 
site 

r' 

r 

depositon site 
of dose D(r) 

Figure 4.1: Vectorial framework for the superposition approach. The photon interacts at r' and dose is 
transported to r by charged particles. 
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4,3 THEORY OF SUPERPOSITION 

The superposition system of mapping dose deposition in a homogeneous phantom calculates 

the dose D(r) to a point r from a photon interaction at point r' (Figure 4.1) using the 

superposition (convolution) integral of the primary fluence <l> and the energy spread function 

G. In this manner scattered charged particles ranging away from the initial interaction sites 

are accounted for. Therefore the dose deposition site and photon interaction sites are not 

coincident. In contrast, previously described methods (including scatter function and 

effective pathlength methods) assume "on the spot" energy deposition. 

Unifying the implementations of Mackie et al (1984), Boyer and Mok (1985), and Metcalfe 

and Battista (1988), an energy spread function serves as the superposition kernel G 

describing energy spread from the primary interaction site. The components of this energy 

spread are energy of charged particles (positrons and electrons) from primary photon 

interactions Ge(r - r'), energy of charged particles from first scatter photon interactions 

Gs(r - r') and energy from charged particles from multiple scatter photon interactions 

GsmCr - r'). If <l> is the primary photon fluence at position r' and D is the dose to the volume 

element at position r, then for a monoenergetic photon beam in a homogeneous medium the 

dose is a convolution over the volume being irradiated d3r ', such that 

D(r) = L <l>(r') Ge(r - r') d3r' 

+ L <l>(r') GsCr - r') d3r ' 

+ L <l>(r') Gsm(r - r') d3r' . 

The assumptions involved here are: 

(1) Ge, Gs, Gsm, are spatially invariant due to invariant photon energy 

and medium composition. 

(2) The beam is directionally invariant as is the case for a non-diverging 
(infinite SSD) beam. 

All three kernels can be summed: 

(4.1) 

(4.2) 

and thus the total kernel describing energy deposited by charged particles at D(r) is given by 
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(4.3) 

The term (hfr- - r') represents the dose deposited at r due to a unit fluence at r'. This term 

includes factors which convert from fluence (photons cm-2) to energy per unit mass, by the 

inclusion of the mass attenuation coefficient (µIp )o multiplied by the beam energy E0. For a 

monoenergetic beam of energy Eo then 

(4.4) 

The term HT(r - r') is the dose spread function which represents the fraction of energy 

released at r' that is deposited in a unit volume at r, such that 

(4.5) 

where dE(r - r') is the energy deposited per unit volume at r due to a photon interacting at r'. 

Note that the energy released Eo includes that of the scattered photons. 

An equivalent approach to (4.3) is to place the energy transfer terms into the fluence part of 

the equation (that is the mass attenuation coefficient (µ/p)o and the beam energy Eo are 

multiplied by the fluence). This new quantity has been defined as the "Total Energy 

Released per unit MAss" (TERMA) (Ahnesjo et al 1987). The TERMA T(r') at point r' is 

T(r' ) = ( ~ \ E0 <l>(r' ) , (4.6) 

and thus (4.3) can be rewritten as 

(4.7) 

For a dose spread function defined in an infinite volume, the energy released at the 

interaction site matches that deposited during the ranging process (Boyer and Mok 1985), 

that is: 

(4.8) 
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A problem with the approach outlined so far and described by (4.7) is that the model 

assumes the beam to be monoenergetic. 

The differential pencil beam method of Mohan et al (1986), the convolution method of 

Boyer et al (1989) and the polyenergetic superposition method of Ahnesjo (1989) all adjust 

the superposition model by presenting fluence and dose spread information which is 

representative of a polyenergetic beam. This method defines two quantities: the probability 

of photons interacting (a similar quantity to TERMA); and several differential pencil beams or 

monoenergetic convolution kernels (similar to H). Converting to the nomenclature used in 

this paper the following equivalent relation is obtained: 

(4.9) 

where TE(r', E) is the TERMA per unit energy interval at E and H(r - r', E) is the dose 

spread function for the energy E. 

The major improvement of this superposition model is that it incorporates a superposition of 

each discrete beam energy component by integrating over the energy components. Though 

this is a rigorous way to cope with the polyenergetic beam hardening effect, it slows the 

process by a factor approximately proportional to the number of energy components used 

(for example the five component spectrum used by Boyer et al ( 1989) requires five 

convolutions and thus will slow this part of the computation process by approximately a 

factor of five). 

The method used here involves computing the dose at points in a medium by convolving a 

single polyenergetic dose spread array (PDSA) with a single TERMA array derived from 

polyenergetic data. The PDSA is obtained from the fractional energy deposition at a 

position r - r' from an interaction point. Note that the photon spectrum used to compute the 

PDSA is that at a reference position r' ref in the medium. Therefore the modification of ( 4. 9) 

which is used here is 

(4.10) 

where Hp(r'ref, r - r') is the polyenergetic dose spread function as described in this paper 

and is equal to 



f E de(r - r', E) ~(r' ref• E) ( * (E)) dE 

fE :(r'rer,E)(~ (E))EdE 

(4.11) 
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The term dE(a - r', E) is the energy deposited due to an incident photon of energy E in a unit 

volume at r from a photon interaction at r'. As (d<l>/dE) is the photon fluence per unit energy 

interval then ( d<l>/dE) times (µ/ p) is the number of interactions in a unit mass per unit energy 

interval at E. Therefore Hp is the energy fraction deposited at a point r normalised to the 

energy released at r'. 

For an incident photon of the ith energy component Ei, the probability of the interaction 

occurring varies with energy according to (µJp)i, To allow for this the PDSAs are generated 

by weighting the incident photons by a factor proportional to (µJp)i. Details of how this is 

done are given elsewhere (Metcalfe et al 1990b). 

Note from (4.10) that the TERMA value at r' is calculated from an integral over the energy 

components at depth r'. Accounting for beam hardening effects on the TERMA is trivial but 

is nevertheless essential because this defines the energy imparted to the medium at r. 

Comparison with monoenergetic TERMA arrays of the same mean energy have been shown 

to differ from the polyenergetic TERMA arrays by up to 10% (see caption in Figure 4.4). 

Therefore the method accounts for the effect of beam hardening of the TERMA. Using 

( 4.10) the effect of beam hardening with depth on the polyenergetic dose spread function is 

not accounted for, but it is shown in this chapter that this does not lead to significant errors. 

A time advantage is gained because only one superposition per beam is required. 

Murray et al (1990) outline the times required to compute dose distributions using this 

method on eight T800 Inmos transputer modules. In brief, computation times of only a few 

seconds are required for convolution in Fourier space and computation times of about two 

minutes are required for superposition in real space, utilising a simple range scaling 

algorithm. 
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4,4 BEAM SPECTRA 

4,4,1 Fun Field Monte Carlo Verification of Surface Spectra 

Bremsstrahlung X-ravs produced in a linear accelerator by electrons slowing down during 

passage through the target have a continuous range of energy. The practice of referring to a 

beam by its nominal peak energy indicates little about the spectral spread of photons below 

this value. In some applications a nominal value of 30% is applied to obtain an average of 

the photon energy. For example, a 10 MV beam is often assigned an approximate mean 

energy of 3 Me V. 

An excellent review of the differences in penetration characteristics which do occur between 

different linear accelerators of the same target and flattening filter design can be found in the 

British Journal of Radiology's Supplement 17 (1983). The differences are a function of the 

nominal energy of the electrons when they strike the target, and this can vary from machine 

to machine depending primarily on specific waveguide and klystron (or magnetron) 

characteristics. 

Very little measured information about high energy spectra is available, mainly due to 

difficulties with the high photon fluence saturating detecting systems. Some analysis has 

been attempted using spectral analysis (Levy et al 1976, Nath and Schultz 1976) and 

attenuation analysis (Huang et al 1882a, 1982b). The devices and computations employed 

are complicated and computationally intensive, respectively. 

The spectral data used to calculate polyenergetic TERMA and PDSAs for the studies 

described in this paper is the spectral beam information published for a 10 MV Clinac 18 by 

Mohan and Chui (1985b). They produced the spectrum by using a Monte Carlo simulation 

combined with geometric information about the target and flattening filter design. The 

spectral distribution used here is a simplified version of their originally published 23 

component spectrum, in that it has ten components as shown in Table 4.1 (row 3). The 

distribution shows how the beam's spectral components are weighted toward the low end of 
the energy spectrum. 

An electron history is divided up into a manageable number of charged particle steps, each 

one accounting for a combined effect of many individual collisions (Nahum 1989). 

Verification of the suitability of spectral information for the Waikato Hospital 10 MV photon 

beam was obtained by doing full field EGS Monte Carlo (Nelson et al 1985) simulations 

on a DEC VAX 6330 (Murray 1990). The simulations followed the histories of 4 million 
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incident photons down to 40 cm depth with the fractional electron energy loss per step being 

set dynamically using the parameter reduced electron step algorithm (PREST A) (Bielajew 

and Rogers 1987). This code selectively looks for interfaces and sets the electron energy 

loss per step to a level which depends on the distance of the charged particle from 

surrounding interfaces. The simulation batches the results into a set of ten and from these 

data sets the error in the mean is estimated. This was found to be less than 1 % in all 

positions down to 40 cm depth. The computing time for each simulation was about 40 CPU 

hours. 

The percentage depth dose (%D) curves for two 5 x 5 cm beams are plotted in Figure 4.2. 

Two different incident beam spectra were used for each simulation. The surface spectrum 

components used for this first simulation are shown in Table 4.1 (row 3, dref = 0 cm). To 

show the effect of using a less appropriate spectrum, the process was repeated using the 

beam hardened spectrum shown in Table 4.1 (row 5, dref = 40 cm). 

Note that each point shown on the graph represents the dose scored in cylindrical voxel 

elements which step down the central axis and are of dimensions 10 mm radius and 5 mm 

depth. The dose is normalised to the voxel containing maximum dose CDmax). 

As shown in Figure 4.2 the results of the EGS simulation using the 0 cm 10 MV spectrum 

agree to within a mean difference of 1.2% with the experimental depth dose readings 

obtained for a similar beam from the Waikato Hospital Varian Clinac 18 linear accelerator, 

measured with a PTW ionization chamber in a Therados RFA-3 water tank (see (3.21) for 

details of mean difference calculation). This indicates that it is appropriate to use the spectral 

data of Mohan and Chui (1985b) to simulate a 10 MV beam from the linear accelerator 

provided the surface spectrum is used. Hence dose spread arrays and TERMA arrays were 

generated using this spectral information. In contrast, the results of the EGS simulation for 

the 40 cm 10 MV spectrum show too shallow a fall off and do not agree well with the 

experimental depth dose results. This is because the incident beam spectrum is too heavily 

weighted with high energy components. 

To demonstrate the effect of beam hardening on the TERMA, data in Figure 4.3 is presented. 

This graph shows the percentage TERMA (%T) calculated using (4.6) and (4.15) and 

normalised to 100% at the surface, plotted against depth as calculated for the 0 cm 10 MV 

and 40 cm 10 MV spectrum. Note the differences between the curves are significant and 

reflect those in Figure 4.2. This suggests that the main difference in the depth doses 

generated using the different spectra for the two Monte Carlo simulations is due to beam 

hardening of the TERMA. 
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Figure 4.2: Central axis percentage depth dose (%D) curves generated using Monte Carlo (EGS) simulations 
which follows the histories of 4 million photons. The Monte Carlo simulations are for two different spectral 
distributions; that typical of a 10 MV surface spectrum (normalisation at Dmax is 100% = 3.11 pGy Me v- 1 

cm2) and that typical of a IO MV beam which has traversed 40 cm of water (normalisation at Dmax is 100% 
= 3.98 pGy Mev-1 cm2). Experimental data collected using a P1W ionization chamber in a Therados water 
tank is also plotted on the graph. The beam size is 5 x 5 cm. 
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Figure 4.3: Percentage TERMA versus_depth curves. The two TERMA curves are for the surface spectrum 
and beam hardened spectrum respecuvely. The curves have been normalised to 100% at the surface. 
Normalisation at the surface Tmax for the surface spectrum is 100% = 6.03 pGy Mev-1 cm2, and 
normalisation at the surface Tmax for the beam hardened spectrum is 100% = 5.42 pGy Mev-1 cm2. 



117 

lOC 

%T 9C • surface spectrum 

8C 3 Me V monoenergetic 

7C 

6C 

SC 

4C 

3C 

2C 

IC 

0 
0 5 10 15 20 25 30 35 40 

depth (cm) 

Figure 4.4: Percentage lERMA versus depth curves. The two lERMA curves are for the surface spectrum 
and 3 MV monoenergetic spectrum respectively. The curves have been normalised to 100% at the surface. It 
is difficult to see the differences on the graph but they are up to 6% at 40 cm. Calculation of data not shown 
on the graph at 50 cm showed a difference of 10% (These differences were assessed using (3.21) in section 
3.4.3.2). 

To observe the effect of monoenergetic versus polyenergetic spectral assumptions on the 

relative TERMA, a graph of relative TERMA produced using a nominal 3 Me V 

monoenergetic beam is plotted against depth in Figure 4.4. This graph also includes a plot of 

relative TERMA against depth produced by using the polyenergetic beam spectrum. 

Comparison of the curves in Figure 4.4 shows that the difference between the 

monoenergetic and polyenergetic TERMA curves is 2% at 10 cm and increases to 6% at 40 

cm. This shows that a polyenergetic calculation of the TERMA is preferred. 

4,4,2 Chan2e of Beam Spectrum with Depth 

It is possible to account for beam hardening effects on fluence (and therefore TERMA) as 

follows. For a polyenergetic beam where there is a range of photon energies from O to Emax 

(4.12) 

where d<l>(r')/d.E is the photon fluence in a unit energy interval at E. For a discrete number 

of N spectral components: 
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N 

<P(r') = L <l>n(r') (4.13) 

n=l 

where 

(4.14) 

and therefore the description of the photon fluence reduction in terms of the discrete 

pol yenergetic spectrum is 

N 

<?>(r' ) = ( ;~ y L <l>n(ro) e -(µ/p)n I r'- ro I (4.15) 
n=l 

Note that n = 1 is the first spectral energy component, N is the total number of spectral 
components, <l>n(ro) is the discrete photon fluence at the surface for the nth spectral 

component and (µ/p)n is the attenuation coefficient for the nth ~pectral component. An 

inverse square correction (ro/r')2 is also included to account for intensity reduction of the 

fluence with distance from the source. 

Now define Fn(ro) as the fraction of photons in the nth spectral component at the surface, 

such that 

Fn(ro) 
<Pn(ro) 

N (4.16) 

L <l>/ro) 
j = 1 

andatr' 

Fn(r') 
<Pn(r') 

= N (4.17) 

L <l>}r') 
j=l 

Now substituting (4.14) into (~.17), and replacing <l>n(ro) with F n(ro) using (4.16) then 



N 

L., Fj (ro) e -(µ/p)j I r' - ro I 
j = 1 
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(4.18) 

A normalised photon spectrum at any depth may now be found from the normalised 

spectrum at the surface. Values used for Fn have been calculated for the ten component 

spectrum as it is attenuated down to 25, 40 and 50 cm depth and these values are listed in 

Table 4.1 (rows 4, 5 and 6). The data in Table 4.1 shows that there is a higher relative 

proportion of low energy spectral components for the surface spectrum than for the spectrum 

at depth. This is due to the more rapid attenuation of the low energy components with depth. 

The normalised fluence at any depth may then be used to generate the PDSAs using the 

method outlined in section 4.3. In this manner the effect of changing energy fluence with 

depth is accounted for. 

Energy En (Me V) 0.5 1.5 2.5 3.5 4.5 5.5 6.5 7.5 8.5 9.5 

(µ/p)n* .0969.0575 .0445.0368.0321 .0289.0284 .0251 .0237 .0227 

%Fn, dref = 0cm 17.5 22.0 20.4 12.9 9.2 7.1 4.9 3.2 1.9 0.9 

% Fn, dref = 25 cm 5.1 16.6 21.1 16.0 12.8 10.7 7.5 5.3 3.4 1.5 

% Fn, dref = 40 cm 2.0 12.8 19.5 16.8 14.4 12.7 8.9 6.6 4.2 2.1 

% Fn, dref = 50 cm 1.2 10.4 18.3 16.8 15.2 13.7 9.8 7.5 4.8 2.3 

% Fn 3 MeV MDSA 100% and (µ/p )n * = 0.397 

Table 4.1: Spectral data and mass attenuation coefficients used in generating fluence infonnation and also used 
in the 5 x 5 cm full field Monte Carlo simulation. 
* Attenuation coefficients are from Johns and Cunningham (1983). 

4,5 DOSE SPREAD ARRAYS 

4,5,l Polyenergetic Dose Spread Array Profiles in Polar Co-ordinates 

Sets of DSA data were formed by simulating 250 000 photons interacting at a point at the 

origin of a polar co-ordinate system and following their dose deposition histories. Figure 

4.5 shows the DSA scoring geometry used in the EGS simulation. A scoring voxel is 

defined as the ring shaped region formed by the intersection of a concentric radial shell and a 

discrete polar angular interval. The radial shells have a thickness of 1 mm and the angular 

intervals span 5 degrees. The "voxel radius" ri is defined as the distance from the origin to 
the centre of the shell, and the "polar angle" Si is defined as the angle to the centre of the 

voxel. 
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Important parameters used in the EGS simulation are outlined in Table 4.2. 

PARAMETER NAME DESCRIPTION VALUE 

EI Incident photon energies Spectra see table 4.1 

Number of photons incident 250 000 

ESTEPE Maximum electron ener_gy loss per step 0.02 

ECUT' Ek local energy deposition cut-off 50keV 

AE' Minimum discrete collision energy loss 50keV 

AP Minimum discrete radiative energy loss 50keV 

PCUT Photon local deposition energy cut off 50keV 

Table 4.2: EGS parameters used in MDSA and PDSA Monte Carlo simulations. Vax 6330-CPU time for 
each simulation was approximately 12 hours. 

The EGS simulation gives results in terms of energy deposition per voxel volume as a 

fraction of the energy released at the interaction site. Because the voxels are of unequal 

volume, the result is then divided by voxel volume to give values which are defined as 

fractional energy deposition per unit volume (Ahnesjo 1989), in units of cm-3 . 

In Figures 4.6 and 4.7, DSA values produced from the EGS simulation are plotted against 

distance from the interaction site for a particular angular interval centred at ei (for example in 

Figure 4.6 Si = 2.5 degrees). The vertical axis of the graphs are H(ri, Si) which is the 

fractional energy deposition per unit volume, and the horizontal axis is the voxel radius ri of 

the shell in which the energy is deposited. These graphs have been called "DSA profiles". 

Shown in both Figures 4.6 and 4.7 are DSA data produced from three different EGS 

simulations. In one simulation 3 MeV mononchromatic dose spread array (MDSA) data is 

produced (this is the mean weighted energy of the 10 MV beam); the other two simulations 

produced PDSA data using spectral components encountered at two depths, dref = 0 cm and 

dref = 40 cm respectively. Graphs for two angular intervals are shown with ei = 2.5 

degrees in Figure 4.6 and Si = 47.5 degrees in Figure 4.7. The graphs indicate the 

reduction of dose deposition with angle and a rapid reduction of dose deposition as the 

distance from the interaction site increases. As expected, most of the energy is deposited 
downstream of the interaction site. 
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Note that the DSAs produced using the polyenergetic beam are significantly different from 

those produced using the monoenergetic beam. For example, at the location ri = 8 mm in 

the polar interval centred at 2.5 degrees, the MDSA line starts to dip below the PDSA lines 

and the dose deposition is much lower at about ri = 14 mm, which appears to be the 

maximum range of electrons from primary interactions. Note at greater angles the difference 

between initial dose deposition is even greater (see Figure 4. 7). This is because the 

dominant Compton scattering angles are more obvious for the MDSA profile than for the 

PDSA profile. These results demonstrate that the use of MDSA data is probably inadequate 

for the superposition process. This assumption is confirmed in the next section. 

Using the beam hardened specttum to generate a PDSA profile also induces relative energy 

deposition differences between the PDSA profiles. Note the PDSA profile data for the beam 

hardened spectrum falls off more slowly than that of the surface spectrum (see Figures 4.6 

and 4. 7). The magnitude of this effect is not clearly shown on the plots because of the log 

scale on the vertical axis (which is unavoidable due to the rapid energy deposition fall off). 

Note that these differences lead to very small spatial differences of about 1 mm between the 

profiles. Once again this is because of the rapid energy fall off. 

To examine the effect of beam hardening, further PDSAs were produced for depths of 25 cm 

and 50 cm (see Table 4.1, rows 4 and 6). This data was in tum compared with the PDSA 

for the spectrum at the surface. The results are shown in Figure 4.8 for the polar angle 47.5 

degrees. These results demonstrate that beam hardening induces relative dose differences 

close to the interaction site. 

It is important to realise that the actual contributions to dose at larger distances from the 

interaction voxel are several orders of magnitude lower than those close to the interaction 

voxel. The difference in dose is caused by harder spectra. Note, for example, that the beam 

hardened DSAs show slightly more energy deposition at a greater voxel radius than the 

surface DSA. The insignificance of this difference to the accuracy of the superposition 

process is outlined in section 4.6. 
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interaction site 
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deposition site 

deposition shell 

Figure 4.5: Polar geometry describing the DSA scoring co-ordinate framework used in the EGS simulations. 
The photon interacts at the primary interaction site and dose is scored in a shell of mean voxel radius ri. The 
dose is scored into a volume defined by the polar voxel interval within the angle 0 and 0+.10 which has a 
mean shell angle 0j. 
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Figure 4.6: Total PDSA profiles showing relative dose plotted against voxel radius ri for the ei = 2.5 degrees 
polar angle. The PDSAs were generated using the surface polyenergetic spectra (see Table 1, row 3) and the 
beam hardened 40 cm PDSA (see Table 4.1, row 5). Also included is a profile for a 3 MeV MDSA. 
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Figure 4.7: Total PDSA profiles showing relative dose plotted against voxel radius q for the ei = 47.5 
degrees polar angle. The PDSAs were generated using the surface polyenergetic spectra (see Table 1, row 3) 
and the beam hardened 40 cm PDSA (see Table 4.1, row 5). Also included is a profile for a 3 MeV MDSA. 
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Figure 4.8: Total PDSA profiles showing relative dose plotted against voxel radius ri for the ei = 47.5 
degrees polar angle. The PDSAs were generated using the surface polyenergetic spectra (see Table 1, row 3) 
and the beam hardened 25 and 50 cm PDSA (see Table 4.1, rows 4 and 6). 

4,5,2 Primary Polyenen:etic Dose Spread Array Profiles 

The process described above was repeated for the O cm and 40 cm PDSAs, except only dose 

from primary photon interactions at the origin which led to charged particle transport was 

scored. Mackie et al (1988) call these primary dose spread arrays or primary deposition 

kernels. 

This data is shown because it gives an indication of dose deposition from charged particle 

transport. From this data the effective radius of energy deposition by charged particles has 

been calculated. If the total PDSAs are used then the range estimate would include the long 

tail of the DSA due to scattered photon interactions (this increases the mean range estimate by 

about 50% ). The graphs of Figures 4.9 and 4.10 show the "primary DSA profiles" for two 

angular intervals, the interval centred at ei = 2.5 degrees (figure 4.9) and the interval 
centred at ei = 47.5 degrees (Figure 4.10). 
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Figure 4.9: Primary PDSA profiles showing relative dose plotted against voxel radius ri for the 0i = 2.5 
degree polar interval compared with primary MDSA profiles produced using a monoenergetic 3 Me V beam. 
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Figure 4.10: Primary PDSA profiles showing relative dose plotted against voxel radius ri for the 0i = 4 7.5 
degree polar interval compared with primary MDSA profiles produced using a monoenergetic 3 Me V beam. 

Note that the energy deposition close to the interaction voxel is very similar to the values 

obtained for the total DSA profiles. However, the profiles diverge from those of Figures 4.6 
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and 4. 7 further from the interaction voxel because the flat tail due to secondary photon 

interactions is not present in these profiles. The difference between the surf ace and beam 

hardened PDSA primary profiles is once again small, however the fall off is much less rapid 

for both of the polyenergetic profiles than the monoenergetic DSA profile. This is because of 

the much broader ran1!e of electron energies present in the case of the PDSA, leading to a less 

defined electron range. 

4,5.3 Effective Ran~e of Ener~y Deposition for Primary PDSAs 

Mackie et al (1988) have shown that the assumption of dose deposition at the geometric 

voxel centre is not valid when an accurate assessment of primary DSA charged particle range 

is required. For this reason a method has been developed for calculating the effective range 

within the EGS simulation, using the position of each charged particle step. This avoids the 

need to calculate the effective voxel centre as is the case when energy scored per voxel is 

used to calculate the range (Mackie et al 1988). 

This has been achieved using the position of each charged particle step relative to the primary 

interaction point. Energy En is deposited for the nth step, and the effective charged particle 

range reff is given by 

N 

~ 2 2 2 1/2 
£..i En (xn + Yn + 2n) 

n=l 

N (4.19) 

where Xn, Yn, and Zn are the cartesian co-ordinates describing the particle's position and the 

interaction occurs at (x, y, z) = (0, 0, 0). To ensure that energy is deposited on average at 

the centre of the charged particle step, the position of energy scoring alternates between the 

beginning and end of the steps for each successive particle history. 

Similarly the effective longitudinal range Zeff can be established as 

Zeff = N (4.20) 

n=l 
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and the lateral range Yeff is defined here as 

N 

~ ( 2 2 1/2 L,.. En Xn + Yn ) 
n=l 

Yeff N (4.21) 

n=l 

A summary of the range calculation results is given in Table 4.3. MDSA results show good 

agreement with the calculations of Mackie et al (1988) for a 3 Me V dose spread array for all 

range calculations. The table also indicates the longer effective range of the PDSAs 

compared to the MDSA. The difference in mean ranges between the surface and beam 

hardened PDSAs is small (less than 1.5 mm) for all component range calculations. Note that 

Mackie et al ( 198 8) use a different definition of lateral range to calculate Yeff which produces 

slightly different results. Mackie determines Yeff from reff and Zeff using Pythagoras' 

theorem, (Yeff)2 = (reff)2 - (Zeff)2. The effective position of energy deposition is therefore 

defined as a circular region centred a distance Zeff from the primary interaction site along the 

direction of the incident photons, with radius Yeff• A simple illustration of the difference 

between (4.21) and Mackie's definition of Yeff can be made by considering the case where 

energy deposition is restricted to being uniformly deposited on a spherical shell of radius reff, 

centred at the primary interaction site. In this case, Zeff= 0 since the distribution is 

symmetrical about z = 0, therefore by Mackie's definition Yeff = reff• Using (4.21), Yeff will 

be less than reff since (xn)2 + (yn)2 ranges between 0 and (rerr)2. The definition in (4.21) is 

obviously more realistic in this case, since Mackie's method calculates Yeff as the maximum 

lateral range. Results calculated using Mackie's method are also shown in Table 4.3. 

TypeofDSA Zeff reff Yeff Y1eff 

primary surface PDSA 5.73 6.67 2.79 3.41 

primary 40 cm PDSA 7.15 8.24 3.35 4.09 

primarv mono. 3 Me V DSA 3.95 4.81 2.28 2.74 

primary mono. 3 Me V DSA + 3.968 4.803 ----- 2.705 

Table 4.3: The effective depth of penetration Zeff, the effective range reff and the effective lateral distance Yeff 
of charged particle transport generated by primary dose spread arrays. The term y'eff is the lateral range 
calculated using another method (Mackie et al 1988). The units of range are in mm. + Data from (Mackie et 
al 1988) 
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4,5,4 Isoliue DSA Distributions 

In order to get a better indication of spatial energy distributions of DSAs. they are 

represented in isolines of relative dose deposition (units cm-3) (ie. lines of equal relative 

dose deposition). The plots shown in Figures 4.11, 4.12 and 4.13 are the isolines plotted 

for polar angle ei versus voxel radius ri. 

Figure 4.11 shows the isoline distribution for the 3 Me V MDSA and Figure 4.12 shows the 

isoline distribution for the surface spectrum 10 MV PDSA. Both distributions show that 

most energy is distributed down stream from the interaction site, although the 3 Me V MDSA 

plot shows less penetration. To more clearly demonstrate the differences, a single isoline for 

different DSAs are presented in Figure 4.13, the least penetrative is the 3 MeV MDSA, due 

to the absence of high energy recoil electrons. The surface 10 MV PDSA and beam hardened 

10 MV PDSA show very small spatial differences, with the surface PDSA being slightly less 

penetrating than the beam hardened PDSA. 
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Figure 4.11: Isoline distributions showing levels of equal energy deposition within a mean polar an l 
mean shell radius. MDSA 3 MeV isoline distribution showing 10-1, 10-2, 10-3 levels (units cm-3~. e versus 
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Figure 4.12: Isoline distributions showing levels of equal energy deposition within a mean polar angle versus 
mean shell radius. Surface 10 MV PDSA distribution showing 10-1, 10-2, 10-3 levels (units cm-3). 
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Figure 4.13: Different DSAs intercompared as isoline distributions, showing the 10-3 isoline level for the 3 
MeV MDSA, total 0 cm depth 10 MV PDSA and total 40 cm depth 10 MV PDSA respectively. 
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4,5,5 DSAs in Cartesian Co-ordinates 

In order to carry out superposition one can use polar arrays directly (Mohan et al 1986) or 

Cartesian arrays of data. The computation method for superposition presented here uses 

Cartesian arrays. The cartesian arrays are fomulated by "forcing" primary photons to interact 

within a voxel and "scoring" the dose in other voxels (Mackie 1983). 

A very small part of these Cartesian DSAs used in the superposition are shown in Figure 

4.14. The energy is deposited in (5 mm)3 Cartesian voxels and is shown across the central 

axis of a symmetric quadrant. The upper numeric values shown in Figure 4.14 are the 

fractional energy deposition per unit volume for the surface 10 MV PDSA and the lower 

numeric values in each voxel are the fractional energy deposition per unit volume due to the 

beam hardened 10 MV PDSA. This representation clearly shows that most energy is 

deposited in the interaction voxel but a significant amount of energy is also deposited in the 

other voxels. The fractional energy deposition in the interaction voxel is higher for the 

surface 10 MV PDSA than the beam hardened 10 MV PDSA but the differences in the other 

voxels are small. 
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Figure 4.14: ~wo-dimensional single quadrant rep~~entation of DSAs scored in Cartesian co-ordinates. The 
upper values m each voxel ref er to the dose depos1uon values obtained using the O cm depth, 10 MV PDSA 
spectrum. T~e lower values m each voxel refer to the values obtained using the 40 cm depth, 10 MV PDSA 
spectrum (umts cm-3). 
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4,6 SUPERPOSITION RESULTS IN THE HOMOGENEOUS ENVIRONMENT 

The superposition program used to test the effect of beam hardening on the superposition 

process was developed by Murray et al (1989, 1990), and further details of profile 

measurement tests are provided in these papers. For details of comparisons in the build up 

region of the beam, the work of Harper is relevant (Harper 1990, Harper et al 1990). The 

program can perform superposition in Fourier space or real space. The calculations outlined 

in this section used Cartesian dose spread arrays generated in Cartesian co-ordinates which 

were "superposed" using real space superposition. 

Figure 4.15 shows the central axis percentage depth dose (%D) curve for a 5 x 5 cm beam 

generated by superposition of the surface spectrum PDSA with a surface spectrum TERMA 

(which alters due to beam hardening with depth), the process is described by (4.10). Other 

field sizes produce similar results but for the sake of brevity these are not examined here. 

Also shown on the graph are depth dose readings obtained using a PTW (0.1cc) thimble 

ionization chamber in a Therados RFA3 water tank. The results show a mean difference (see 

(3.21)) of 1.2% down to 20 cm and 2.8% down to 40 cm. Shown in Figure 4.16 is the 

curve generated by superposition of a beam hardened PDSA with a surface spectrum 

TERMA. These results differ from the experimental results by 2.9% down to 40 cm. 

Note the computed depth dose results obtained using superposition of the surface and 

hardened PDSAs in figures 4.15 and 4.16 are virtually the same, with the mean difference 

between these two curves being only 0.1 %. This shows that the accuracy of the spectrum 

used to calculate the PDSA has very little effect on the resulting superposition calculated 

depth dose curve. It is shown next, however (Figure 4.17), that an MDSA calculated from a 

single assumed equivalent energy is not adequate for accurate superposition results. 

The small difference in results using the two PDSAs indicates that the use of a single PDSA 

is adequate to model beam depth dose characteristics in a homogeneous water medium down 

to 40 cm depth. This demonstrates that not accounting for beam hardening of the PDSA 

component does not cause a significant error in percentage depth dose calculation. 
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Figure 4.15: The central axis percentage depth dose (%D) curve for a ? x_ 5 cm be~ generated by 
superposition of the surface PDSA with a surface spectrum TERMA (normal1sat1.on at Dmax 1s 100% = 3.13 
pGy Mev-1 cm-2). The data for an experimental depth dose curve obtained using a P1W ion chamber is also 
shown. 
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Figure 4.16: The central axis percentage depth dose (%D) curve for a 5 x 5 beam generated by superposition 
of the PDSA produced by a beam hardened 40 cm spectrum with a surface spectrum TERMA (normalisation 
at Dmax is 100% = 3.30 pGy MeV-1 cm-2). The data collected using a P1W ion chamber is also shown. 
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Shown in Figure 4.17 is a central axis depth dose curve generated by superposition of the 3 

MeV monoenergetic DSA (MDSA) with the polyenergetic TERMA. Also shown is the 

experimental depth dose curve obtained. Comparison of the curves shows that the curve 

produced by superposition of an MDSA is too sharp in the build up region and the depth 

dose (fall off) region shows a mean difference from experimental data of 8%. It is obvious 

from the inaccuracy in results shown in Figure 4.17 that superposition involving the use of 

an MDSA does not produce sufficiently accurate depth dose information for radiotherapy 

treatment planning. 

The graph of Figure 4.18 shows the depth dose curve obtained by superposition of the O cm 

10 MV PDSA with TERMA calculated using the 40 cm 10 MV spectrum. This depth dose 

curve shows a mean difference of 8.2% from the experimental results. It is obvious from 

the inaccuracy in results shown that superposition involving the use of the wrong spectrum 

for the TERMA calculation does not produce sufficiently accurate depth dose information for 

radiotherapy treatment planning. It is also apparent from this result that it is the spectrum 

used for calculating the TERMA which most affects the shape of the depth dose curves. 
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Figure 4.17: The central axis percentage depth dose (%D) curve for a 5 x 5 cm beam generated by 
superposition of the 3 Me V MDSA with a surface spectrum TERMA. Also plotted is the experimental 
central axis depth dose curve obtained using a PTW ionization chamber in a Therados water tank. 
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Figure 4.18: The central axis percentage depth dose (%D) curve for a 5 x 5 beam generated by superposition 
of the O cm 10 MV PDSA with the 40 cm 10 MV spectrum used to calculate the 1ERMA (normalisation at 
Dmax is 100% = 2.83 pGy Mev-1 cm-2). Also plotted is the experimental central axis depth dose curve 
obtained using a PTW ionization chamber in a Therados water tank. A comparison of results shows that the 
superposition data points do not coincide well with the experimental data. This is because the spectrum used 
to calculate the 1ERMA is not correct for this beam. 

4.7 SUPERPOSITION IN THE INHOMOGENEOUS ENVIRONMENT 

It is obvious that TERMA and DSA arrays obtained for a unit density medium must be scaled 

according to medium density when dose calculations are to be done in inhomogeneous 

media. This can be done by using three-dimensional ray tracing techniques. 

In practice some modifications are required to this ideal in the interests of computing speed. 

Detail of the superposition of PDSAs in low density media has been outlined in detail by 

Hoban et al ( 1990a). In brief, the method uses a three-dimensional ray trace of the TERMA 

array using a method described by Siddon (1985) combined with a z-direction ray trace used 

to ascertain scaling information for the DSAs. The z direction ray trace for the DSAs is done 

to reduce computing time and has no effect on the accuracy in slab inhomogeneities where 

interfaces are perpendicular to the beam. The method uses interpolation between sets of DSA 

data scored in density steps. Expressed in cartesian co-ordinates, the dose to a voxel at 
i+~i. j+~j, k+& due to an interaction voxel i, j, k is given by (Hoban et al 1990a): 
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D(i + ~i, j + ~j, k + Afc; i, j, k) 
1 -= TER(i, j, k) H(p, ~i, ~j, ~k) (4.22) 
p 

where TER is the total energy released and His the energy spread array. The term p is 
calculated as the mean path length in the z direction, such that 

p = 
[ ~ f; p [k + i]] 

~k (4.23) 

Note that the weighting factor fi has been set at 0.5 for voxel fo and fk (as this is to the mean 

of each voxel), and 1 for all intervening voxels. This is known as equal voxel weighting and 

this method was used in all results shown in Figures 4.19 - 4.25. The method is similar to 

that developed by Mackie (1985). Hoban et al (1990a) has also found some increase in 

interaction voxel weighting is required in the DSA ray trace to account for the electron 

scattering mechanism. This affect appears to be more marked at low densities as the 

electrons curved paths approximate less and less to rectilinear scaling. The method of giving 

more weight to the interaction voxel improves the results in the phantom A by about 2% but 

in phantom B the improvement is only about 1 %. This is because the lower lung density has 

a larger effect on the linear scaling approximation. 

In order to test the accuracy of the implementation in disequilibrium situations the two lung 

phantom constructed out of polystyrene and cork (density 0.2, phantom A), and muscle 

(MSl0, density 1.0) and lung (LN10n5, density 0.3, phantom B) analog material following 

the recipes of White et al (1977, 1986) were tested. Ionization·readings were recorded in 

the central axis using a Baldwyn Farmer type ionization chamber (with the build up cap 

removed), in the two lung phantom configurations of dimensions shown in Figures 2.6 and 

2.10 respectively . 

Shown in Figures 4.19 - 4.24 are ionization chamber readings directly converted to depth 

dose readings normalised to Dmax• This can be referred to as an experimental depth dose 

curve because the ionization fluence correction ratio for the chamber within the lung analog 

when taken as a ratio to that in tissue analog (TG 21, 1983) defined as Pnue,heJ Pnue,hom was 

calculated to be less than 2% using the radial build up factor method of Rice et al (1988) 

(see Appendix 2). The accuracy of the experimental results is further verified by the close 

agreement of the data points obtained from a full field Monte Carlo simulation of 8.2 million 
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incident photons, which is also shown on the graph plot of Figure 4.21. The mean 

difference between the Monte Carlo and experimental results for data points within the lung 

regions is 1.6%. 

Figures 4.19 and 4.20 indicate the range scaled superposition results obtained using the 

superposition method in the low density cork/polystyrene phantom for 5 x 5 cm and 10 x 10 

cm beams respectively. The simulations show close agreement with the experimental 

results. 

Figures 4.21 and 4.22 indicate the range scaled superposition results obtained using the 

superposition method in lung/muscle analog phantom for 5 x 5 cm and 10 x 10 cm beams 

respectively. The simulations show close agreement with the experimental results. The 

mean percentage difference between the superposition and experimental data, shown in 

Figure 4.22, in the lung regions for the 5 x 5 cm simulation is 2.0%. The percentage 

difference between the superposition and Monte Carlo results in the lung regions is 1.6%. 

Therefore the superposition results show good agreement with experiment and Monte Carlo 

simulations respectively. 

Lines produced using the E-TAR (Sontag and Cunningham 1978) and the Batho dSAR 

(Wong and Henkelman 1983) correction methods are also shown in chapter 3 and compared 

to the experimental results. For the convenience of the reader some results from chapter 3 

are re-presented in Figure 4.23 along with superpositon and experimental results for a 5 x 5 

cm field, 10 MV in the lung phantom B. The difference in the data points and for 

experimental results within the lung regions was calculated using (3.22). For the E-T AR 

correction the difference is 3.5% and for the Batho correction the difference is 12.3%, 

whereas for the superposition method the difference is only 2.0%. Despite the match being 

better in _the central axis for E-T AR than for Batho, this method has previously been shown 

to be more inaccurate than this, particularly at higher X-ray energies and lower lung densities 

(Metcalfe and Battista 1988). 

To further test the accuracy of the superposition method experimental results for mid lung 

off-axis profiles are compared with the superposition simulation method. The results of such 

a study are shown in Figures 4.24 and 4.25 for phantom A and B respectively. The profile 

shapes produced using superposition follow the experimental results quite well. For 

example the results show percentage differences at 5 cm off-axis of 6.4% and 4.3%, 

respectively. This is an improvement in accuracy of a factor of three over the results 

presented in chapter 3 for methods which use penumbra! forming functions. 
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Figure 4.19: Depth dose plots of superposition and experimental measurements: 
Berun energy 10 MV, field size 5 x 5 cm, phantom A. 
Mean difference 2.3%, mean lung difference 2.7%, maximum difference 6.2%. 
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Figure 4.20: Depth dose plots of superposition and experimental measurements: 
Beam energy 10 MV, field size 10 x 10 cm, phantom A. 
Mean difference 1.9%, mean lung difference 2.0%, maximum difference 4.6%. 
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Figure 4.21: Depth dose plots of superposition, Monte Carlo and experimental measurements: 
Beam energy 10 MV, field size 5 x 5 cm, phantom B. 
Mean difference 2.0%, mean lung difference 2.0%, maximum difference 4.8%. 
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Figure 4.22: Depth dose plots of superposition and experimental measurements: 
Beam energy 10 MV, field size 10 x 10 cm, phantom B. 
Mean difference 2.9%, mean lung difference 2.5%, maximum difference 7.0%. 
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Figure 4.24: Dose profile of off axis ratio versus off axis distance as predicted by superposition: 
Also measured with ionization chamber and film at, mid lung, 8 cm depth: 
Beam energy 10 MV, field size 10 x 10 cm, phantom A. 
Difference at 5 cm is 6.4%. 
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Figure 4.25: Dose profile of off axis ratio versus off axis distance as predicted by superposition: 
Also measured with ionization chamber and film at, mid lung, 8 cm depth: 
Beam energy 10 MV, field size 10 x 10 cm, phantom B. 
Difference at 5 cm is 4.3%. 
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4,8 CONCLUSIONS 

Figure 4.15 indicates that using monoenergetic beam assumptions to model a polyenergetic 

beam is not sufficiently accurate for radiotherapy planning purposes as recommended by 

ICRU # 24 (1976). The results show that the MDSAs produced are not adequate models of 

a polyenergetic beam. 

The results in Figures 4.17 and 4.18 show that a calculation of polyenergetic TERMA is a 

very accurate way to account for attenuation in a polyenergetic beam and this computation 

should be used in preference to monoenergetic TERMA. It is apparent that since the TERMA 

is affected in this manner then the DSAs are also affected by beam hardening and this was 

studied using the EGS Monte Carlo code to generate PDSAs with four different 

polyenergetic spectra. 

By comparing "primary" PDSAs produced at two different depths (0 cm and 40 cm), the 

effect of beam hardening on the PDSA has been quantified. Calculations outlined in section 

4.5.3 show the mean electron range due to the surface primary PDSA is 6.67 mm and the 

mean electron range of the beam hardened primary PDSA is 8.24 mm. In comparison a 3 

Me V primary monoenergetic dose spread array (MDSA) has a much smaller mean electron 

range of 4.81 mm (see Table 4.3). These electron range calculations show differences of 

about 1.5 mm between the surface PDSA and the beam hardened PDSA respectively. In 

contrast the 3 Me V PDSA has a much shorter range. 

The superposition process (see Figure 4.17) does give accurate depth dose results down to 

40 cm depth using a single surface spectrum dose spread array convolved with a depth 

dependent polyenergetic TERMA. The correct selection of the spectrum is not critical for the 

PDSAs but is important when calculating the TERMA. 

Work in this chapter provides additional confidence that the convolution method can be used 

to predict radiation therapy dose. A major conclusion, namely that one needs to account for 

hardening of the primary photon intensity but that the convolution kernel is relatively 

invariant with respect to changes in spectrum varifies the assumption made previously by 

Mackie et al (1985a, 1987). The results indicate that production of several DSAs from 

different spectrum is not essential and this result has major implications in reducing 

computing time required for the convolution process. 
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As far as the author is aware this is the first time that the characteristics of PDSAs have been 

studied in detail. The implications are that point spread distributions typical of that produced 

by radiotherapy X-ray beams have been visualised and their properties (eg. effective charged 

particle range) characterised. 

Methods of scaling PDSAs and TERMA to account for low density lung inhomogeneous 

regions show good agreement with experimental results and Monte Carlo simulations, even 

in regions of lateral electronic disequilibrium. The mean difference between experiment and 

superposition simulation tested in the two lung phantoms tests is better than 3% in most 

situations (see Figures 4.19 - 4.25 for details). Note the E-TAR and Batho results show 

inferior accuracy to the superposition results in all situations tested and reported in this 

thesis. 

With standard methods, the penumbra simply follows the same shape in all media. It 

should also be remembered that disagreement occurs in the penumbra! region even when 

transient equilibrium is achieved in the centre of these fields at larger field sizes. This effect 

leads to an isodose flaring effect which is not accounted for by methods which use empirical 

penumbra! forming functions (as do most TAR methods). This flaring is only correctly 

modelled using superposition and Monte Carlo methods (Ahnesjo 1989). Figure 4.26 is 

presented which clearly shows the effect of penumbra! flaring in lung. 
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Figure 4.26: lsodose lines showing "penumbral flaring" of a 10 MV X-ray beam in lung as predicted using 
the superposition scaling method of Hoban et al (1990a). The lsodose lines are normalised to 100% at 
Dmax· The phantom lung density is 0.3 (ie. phantom B) and the field size is 10 x 10 cm. The flaring clearly 
indicates that disequilibrium occurs in the penumbral region of standard sized fields in low density media. The 
figure was produced on the Transputer Treatment Planning System at the University of Waikato. 
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CHAPTER 5 

SUMMARY AND FUTURE PROJECTS 

5.1 THE PRODUCTION OF BODY ANALOGS AND PHANTOMS 

Bone, muscle and lung analog materials have been manufactured in-house, and dosimetry 

phantoms have been produced (as described in chapter 2). A method using CT has been 

developed to check that the analogs match the radiation properties of body tissues. The 

relative electron densities and ratio of electron cross sections are calculated from elemental 

compositions of the analogs. Using the data, theoretical CT numbers have been calculated 

and these numbers were compared with experimental CT numbers for the analogs produced. 

The experimental CT numbers were found by scanning the samples on a Seimens DRH CT 

scanner. Results presented in chapter 2 show the maximum difference between theoretical 

and experimental CT numbers for the analogs is 18 Hounsfield units, which relates to a 
.11Ncr of less than 1 %. Comparison of analog CT numbers with CT numbers for the related 

patient tissues also shows a close match. 

The in-house manufacture of epoxy resin based analogs shows benefit provided sufficient 

analog has to be manufactured and a suitable laboratory for manufacture is available. Being 

able to mould the analogs to the required configurations directly is another advantage of in­

house production. The CT quality assurance method outlined is advisable for both in-house 

and commercially acquired analogs, as this provides the physicist with essential information 

about the radiological properties of the analog. 

The production of these analogs has already lead to several useful phantoms being produced 

for radiological physics applications in CT and radiotherapy. The lung phantom produced 

was used in subsequent experiments to assess the accuracy of effective path length, Tissue 

Air Ratio, Monte Carlo and superposition calculations. 

5.2 E-DEPTH, BATHO AND E-TAR CORRECTIONS IN LUNG REGIONS 

The accuracy of inhomogeneity corrections in a two lung phantom geometry has been 

discussed in chapters 3 and 4. The photon beam methods reviewed in chapter 3 show 

inaccuracy in lung, because they fail to account for charged particle transport. The E-depth 

correction shows large differences (MPD about 10%) for the majority of beam energies and 

field sizes tested. This is because the method fails to model photon scatter and charged 

particle transport. 
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The Batho and E-TAR corrections show small differences (MPD about 3%) in the central 

axis depth dose regions of 10 x 10 cm field sizes even at 10 MV. This is because these 

methods account for photon scatter in their scaling procedures. However, the Batho and E­

T AR methods display large differences in their off-axis profiles (eg. percentage difference at 

off-axis distance 5 cm in phantom B is 12.6% for 10 x 10 cm field at 10 MV). This is 

because these methods use penumbra! forming functions which fail to account for loss of 

electron equilibrium at the penumbra! edge of the beam. 

The failure to account for charged particle transport leads to electron disequilibrium 

extending to the centre of the field for 5 x 5 cm fields tested. This leads to MPDs in the 

central axis of between 3.5 and 6.3% for E-TAR at 10 MV and between 8.8% and 10.0% 

for Batho (dSAR) at ,10 MV. The differences depend on the field size, phantom type, beam 

energy and correction method employed. 

The guideline for dose accuracy recommended by ICRU (1976) is that the total error in dose 

delivered be less than 5% and the contribution to this error from beam models be less than 

2%. Therefore in terms of this guideline all methods reviewed in chapter 3 are inadequate in 

the central axis region for 5 x 5 cm fields in lung, and are inadequate in the penumbra! region 

in lung for 10 x 10 cm fields. 

5,3 PROPERTIES OF POL YENERGETIC DOSE SPREAD ARRAYS 

By comparing "primary" PDSAs produced at two different depths (0 cm and 40 cm) in 

chapter 3, the effect of beam hardening on the PDSA has been quantified. Calculations 

show the mean electron range due to the surface primary PDSA is 6.67 mm and the mean 

electron range of the beam hardened primary PDSA is 8 .24 mm. In comparison a 3 MV 

primary monochromatic dose spread array (MDSA) has a much smaller mean electron range 

of 4.81 mm. 

5,4 SUPERPOSITION METHOD ACCURACY IN WATER AND LUNG 

Percentage depth dose results from the simulations are compared in homogeneous media and 

the results are presented in section 4.6. The mean percentage difference between depth dose 

curves obtained using superposition of surface and beam hardened PDSAs is only 0.1 %. 

The mean percentage difference from experimental data for these superposition curves is 

2.8% down to 40 cm in a homogeneous phantom. The superposition process is shown to 
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be forgiving to spectrally induced differences in the PDSA but sensitive to spectrally induced 
changes in the TERMA. 

Methods of scaling PDSAs to account for lung inhomogeneous regions are discussed in 

section 4.8 and simulations in the two lung phantoms show good agreement with 

experimental results and Monte Carlo simulations. 

Figures 4.21 and 4.22 indicate the range scaled superposition results obtained using the 

superposition method in lung/muscle analog phantom for 5 x 5 cm and 10 x 10 cm fields 

respectively. The simulations show close agreement with the experimental results. The 

mean percentage difference between the superposition and experimental data, shown in 

Figure 4.21, in the lung regions for the 5 x 5 cm simulation is 2.0%. The percentage 

difference between the superposition and Monte Carlo results in the lung regions is 1.6%. 

Therefore the superposition results show good agreement with experiment and Monte Carlo 

simulations respectively. 

To test the accuracy of the method experimental results for mid lung off-axis profiles are 

compared with the superposition simulation method, the results are shown in Figures 4.24 

and 4.25 for phantom A and B respectively. The profile shapes produced using 

superposition follow the experimental results quite well. For example the results show 

percentage differences at 5 cm off-axis of 6.4% and 4.3%, respectively. This is an 

improvement in accuracy of a factor of three over the results presented in chapter 3 for 

methods which use penumbra! forming functions. Note the E-T AR and Batho results show 

inferior accuracy to the superposition results in all situations tested and reported in this 

thesis. 

5.5 RELATED AND FUTURE PROJECTS 

Charged particle contamination affects the shape of the dose build up curve in the first 

superficial centimeters. A correction for this contamination has not been shown in the depth 

dose curves presented in this thesis. However a colleague has already isolated the electron 

contamination component (Harper 1990, Harper et al 1990). It should be a relatively easy 

task to overlay a set of contamination data into the final isodose distributions. 

Most of the programs tested in chapter 4 were developed on a Vax 6220 at the University of 

Waikato and have also been adapted so that they now run on a Multicomputer system called 

the Transputer Treatment Planning System (TTPS) at a considerably faster speed. A 

member of the research group has been responsible for the majority of this implementation 
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(Murray et al 1990). This researchers current interests also involve the improvement of the 

EGS Monte Carlo resource which he has implemented on both Vax and TIPS systems 

(Murray 1990). These Monte Carlo programs were used extensively for the production of 

DSAs and full X-ray beam simulations presented in chapter 4 of this thesis. It is envisaged 

that many more EGS Monte Carlo simulations will be employed in future work by the 

group. 

The effect of voxel weighting on the ray trace and ultimate accuracy in low density media has 

not been discussed in detail here, although it is briefly mentioned in section 4. 7. The 

approximation of rectilinear range scaling of DSAs does cause small inaccuracies in lung ( 1 

to 2%) that may increase as density is reduced (eg. in air cavities). A member of the 

research group has studied this effect in more detail elsewhere (Hoban et al 1990a). It is 

also expected that this researcher, in combination with the author of this thesis, will further 

study the accuracy of the superposition scaling method in non slab geometries as well as in 

bone. 

This researcher (Peter Hoban) is also continuing to study the intricacies of charged particle 

transport in relation to electron beams. He has recently implemented two pencil beam 

scaling methods for electron beam planning onto TTPS. Both methods are 3-Dimensional. 

One method is based on the Fermi-Eyges generated pencils and the other is based on Monte 

Carlo generated pencils. 

Accurate three-dimensional photon (and electron algorithms) have been produced by 

members of our research group. TIPS has already been used as a planning aid in some 

specific CT patient situations. The next challenge is to account for beam manipulation 

requirements in a more routine fashion, for example beam angulation, weighting, 

compensators, blocks all have to be accounted for so that TIPS may be used for routine 

planning of Radiotherapy Cancer patients. The future prospects of this project are truly 

exciting. 
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APPENDIX 1 

Example Of How to Calculate Ra, p; and Zerr for Bone Analog Material 

To calculate~ at 71 keV the mass attenuation coefficients at this energy for the composite 

elements are found from Tables (Jackson and Hawkes 1981). The A/Z ratios are found 

from the periodic table. Percentage by mass of elements are from White et al (1977). A 

summary of the data is shown in Table Al.I. 

ELEMENT % BY MASS (% fi) (A/Z)j (µ/p)j 

H 7.90 1.008 0.3165 

C 63.79 2.001 0.1666 

N 4.23 2.001 0.1736 

0 9.88 2.000 0.1736 

Cl 14.20 2.085 0.3037 

Table Al.I: Percentage by mass %fj, atomic to mass number ratio (A/Z)j, and attenuation coefficients (µ/p)j 
for constituent elements in bone analog material. 

To calculate Ra then for water 

[tr, ( ~ H~ )1 = (0.112)(1.008)(0.3165) + (0.888)(2.0)(0.1736) 

= 0.3440 (Al.I) 

Also for the bone analog substance 

[ t ~ ( ~ )j ( ~ 11 = (0.079)(1.008)(0.3165) + (0.6379)(2.001 )(0.1666) 

+ (0.0423)(2.001)(0.1736) + (0.0988)(2.000)(0.1736) 

+ (0.1420)(2.085)(0.3037) 

= 0.3768 . (Al.2) 
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Then from (2.20) 

[t f, (fl (Hl 
[t fj (n (~)J. 

= 0.3440 
0.3768 

= 0.9330 . (Al.3) 

The mass density was measured as p = 1.16 then 

p: = 1.81 p (i r, (D) = 1.14 
i=l 1 

(Al.4) 

Therefore 

Ncr 
1000 w 1000 = ~ (pe - Ra)= 0_9330 ( 1.14 - 0.9330) = 222 HU . (A 1.5) 

The NcT value calculated using the method outlined above is shown in Table 2.7. In order 

to calculate Zeff using (2.27). The expression is repeated here for convenience: 

The denominator is given by 

q 

L½(~). = o.5357 
j=l J 

and the numerator for one of the elements (hydrogen) is given by 

f 1 ( ~ \ = (0.079)(0.992) = 0.0784 . 

(Al.6) 

(Al.7) 

(Al.8) 
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Therefore repeating the summation for the constituent elements as outlined in (2.21) and 

including Z with the exponent (a= 2.94) the expression is 

1 

z,ff = ( ta, (Z;)' r = 9.26 . (Al.9) 

The effective atomic number relative to water ze;f is the ratio of the substances effective 

atomic number Zeff,s to the effective atomic number of water Zeff,w, such that 

= 
9.26 
7.40 = 1.25 . (A.10) 



152 



153 

APPENDIX 2 

Calculation of Pnue using Radial Build up Factors 

The ratio Pnue,herfPflue,hom can be calculated from talcing the ratio of radial build up factors 

(RBFs) (Rice et al 1988) such that 

Pnue,het RBF(r1) 
= 

Pnue,hom RBF(r2) ' 
(A2.l) 

where RBF(r) is the ratio of dose at dmax for a field of radius r relative to the dose at dmax 

for a field size large enough to ensure electronic equilibrium (approximately at r = dmaxf2p ). 

The term ri is the effective radius in g/cm2 of the field without the detector present. The 

term r2 is the effective field radius with the detector present. 

The appropriate RBFs have been calculated using a superposition calculation method 

outlined in chapter 4. The superposition results for different field sizes are shown in Figure 

A2. l and as the most important field sizes are for small radii then a more detailed graph is 

shown in Figure A2.2 (this shows part of the data in Figure A2.1 in more detail). 

For a 5 x 5 cm field the effective field radius r1 is 

2.82 (0.2) 

= 0.564 g/cm2 (A2.2) 

For the Baldwin Farmer chamber used in chapter 3 in the 0.2 density cork phantom the 

equivalent thickness of the chamber wall is t = 0.0375 g/cm2. The equivalent thickness of 

the cork replaced by the detector wall is t' = tp, therefore r2 is equal to 

r2 = t + p ( r1 - t') 

= 0.0375 + 0.2 ( 2.82 - 0.0375) 

= 0.594 g/cm2 (A2.3) 
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Therefore the ratio Pnue,herl Pnue,hom is 

Pnue,het RBF(0.57) = RBF(0.59) Pflue,hom 

0.770 = 0.785 

= 0.98 (A2.4) 

Repeating the calculation for the 0.3 density lung analog material (LN ions) gives a 

Pflue,herl Pflue,hom ratio equal to 

Pflue,het 

Pflue,hom 

= 

RBF(0.85) 
RBF(0.87) 

0.920 
0.930 

= 0.99 . (A2.5) 

These estimates of the Pflue,herl Pflue,hom ratios are the maximum deviation from unity, 

because the effective radius of the beam is calculated from the density of the low density 

medium only, whereas in reality a significant number of electrons reaching the cavity come 

from the denser overlying layer (see Hoban et al 1990a, Figure 5 for details). Therefore 

the effective field radius is always more than the radius used in these calculations. This 

implies that the respective RBFs will fall further up the graph in Figure A2.2, and the ratio 

will be closer to unity. A more complex calculation could be undertaken involving ray 

tracing to more accurately predict equivalent field radius. Because the effect is very small it 

was felt that an estimate of the maximum effect was an adequate approximation, note RBFs 

are an assessment of the maximum magnitude of the error. Because the magnitude of the 

effect is not predicted at all positions then no correction for Pflue was applied in the results 

shown in chapters 3 and 4. 
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Figure A2.1: Radial build up factor RBF versus field radius r in g/cm2 for IOMV X-rays. The RBF values 
were obtained by performing a superposition calculation. Electron equilibrium is reached at about r=l.25 
g/cm2 and the dose output still increases beyond this radius due to scattered photons. 
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Figure A2.2: Radial build up factor RBF versus field radius r in g/cm2 for IOMV X-rays. More detailed 
results were required for small radii fields so Figure A2.l is reproduced up to a radius of r = 1 g/cm2. The 
lines near a are the radius with and without the detector present in 0.2 cork, and the lines near b are the 
respective RBF values. The lines near care the radius for 0.3 lung analog with and without the detector 
present, and the lines near dare the respective RBFs in this case. The difference between the lines at b is 2% 
and between the lines at dis 1 %. These results are consistent with (A2.4) and (A2.5), respectively. 
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Radiotherapy Planning Accuracy in Terms of C.T. Numbers and 
Inhomogeneity Correction Techniques 

P.E. METCALFE, MSc. AND W.A. BECKHAM, MSc.(MED PHYS). 
Department of Scientific Services, 

Waikato Hospital, Private Bag, Hamilton, New Zealand. 

INTRODUCTION 
The following is an analysis of how accurately 

relative electron densities for Radiotherapy plan­
ning may be derived from true C.T. numbers 
and how adequately the effective depth 
inhomogeneity correction method 1 handles these 
data. However, the error analysis is defined with 
sufficient generality for the same analysis to be 
applied to other dose calculation algorithms. 

Parameters which contribute to errors in 
Radiotherapy planning from C.T. data are 
outlined in Figure l. The structure of this paper 
is reflected in the figure. 

1. C.T. Derived Electron Densities 
A. Atomic Number Bone Assumptions 

Samples of known electron density and 
effective atomic number2.3 were placed in plugs 
in an acrylic phantom (30 cm diameter) on the 
Seimens DR-H C.T. scanner. The resultant 
C. T. number (Net) versus relative electron den­
sity (p:) calibration graph is shown in Figure 2. 
Other variables which have been shown to ef­
fect C.T. number4 are size and position of the 
scanned sample object. On the Seimens DR-H 
these effects have been shown to produce an 
uncertainity in p: of less than 1.5 OJo for all 
situations tested. The x on y regression lines are 
represented by equations 1-3. Workers2.3 have 
used both CaC 1 2 and K 2HPO 4 in bone 
equivalent solutions. As was seen in Figure 2 
the plots of C.T. number verses p; for these 

Key Words: 
Computed tomography 
radiotherapy planning, 
inhomogeneity correction. 
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two solutions are reasonably close. Bone was 
assumed to lie between these two values. The 
equation of this line is given by equation 4. 

When Zeff = zWater 
eff 

p: (tissue) N = CT+ 1 (1) 
1000 

When Zeff = zCaCl2 
eff 

w p e (CaCl2) = 0.38NCT 

1000 
+l (2) 

When Zeff zK2HPO4 
eff 

w 0.55Ncr 
Pe (K2HPO4) = + 1 

1000 
(3) 

zbone 
eff = ½(ZCaCl2 + zK2HPO4) 

eff eff 

pbone = 0.465 NCT + l (4) 
e 

1000 

~Dp = Dp (p; (bone))· Dp (p: (tissue)) (5) 

3µ. (x,y,z) 
0 (6) 

az 

~Dp = Dp-DE (7) 

Accepted for publication on 28th July, 1987. 
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RADIOTHERAPY 
PLANNING 
ACCURACY 

A, ATOMIC 
NUMBER 

l. C, T. DERIVED 

ELECTRON DENSITY 

BONE ASSUMPTION 

B. PARTIAL 
VOLUME 
EFFECT 

FIGURE I - Error analysis structure chart. 

The error in dose due to incorrect density is 
defined in equation 5. The dose Dp is ideally 
measured in a phantom, or it can be modelled 
using a simulation with an appropriate correc­
tion alogrithm. 

A worst case bone error estimate is simulated 
using the effective depth algorithm on a head of 
femur model shown in Figure 3. 

Values of Dp are presented in Table 1 for two 
cases, that of no bone calibration when conver­
ting C.T. numbers to p; and that for using a 
bone calibration in the conversion. It is apparent 
from these results that bone calibration is essen­
tial to reduce errors in dose calculation. 

TABLE I 

Effect of non-use of Bone Calibration 

Calibration 
Dp Cobalt-60 

31.51 
Dp !OMV photons 

44.4 
No calibration 
t.Dp 

Notes: 

25.8 
5,7 

I. Figures are given as a percentage of Dmax 
2. Assume Ncr = 700 for observed bone. 

pr (bone) = 1.33 pr (tissue) = I. 7 

39.2 
5.2 

This leads to two values of pr depending on whether a 
calibration is used or not. 
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2, DOSE 
COMPUTATION 

ACCURACY 

REGIONAL 
DENSITY 
AVERAGING 

B. Partial Volume Effect 

E, DATA 
COMPRESSION 

ERRORS 

Inherent in the C. T. scanning process is the 
principle that a two dimensional pixel set is pro­
duced from a three dimensional set of voxels, 
hence constant attenuation is assumed across the 
slice width (as described by equation 6). 

To study the effect for bony structures cones 
of Teflon were produced with different edge 
angles. Only the edge pixels of the structures are 
affected, provided the structure passes fully 
across the slice width. However, a major effect 
on average C.T. number estimation occurs if the 
structure partially fills the slice width, in which 
case serious discrepancies between actual and 
apparent values of P; are introduced. As long as 
structures pass fully through the slice width, 
derived values of P:' can be relied upon. We are 
not able to consistently predict the effect in 
patient anatomy situations, although errors 
from this source can be minimised by choosing 
scans where, for example, spinal processes 
"look well defined" across the scan plane. If this 
is done then the criterion that the structure falls 
within the slice width is satisfied. Where scan­
ners have accurate scan position estimation from 
scout views, positioning of eg. the vertebra total­
ly within the slice width is made easier. 

Assuming one can minimize the partial 
volume effects a decision has to be made as to 
what to do with the P:' value gained for in this 
case the vertebra. Obviously some consideration 

Australasian Radiology, Vol. XXXII, No. 3, August, 1988 
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FIGURE 2 - C.T. number versus relative electron density (12S kVp) calibration. 
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FIGURE 3 - Bone simulation, head of femur interface. 

must be given to the fact that the spine is not a 
continuous length of bone of electron density as 
determined from the vertebrae but that it is 
interruped by less dense spinal discs. An average 
p;value is required. More work needs to be done 
to assess this. 

2. Dose Computation Accuracy 
C. Inhomogeneity Correction Algorithm 

A "cork/polystyrene" phantom was pro 
duced to simulate the effect of high energy 
photon beams passing through patient "lung 
type" tissue. Computer generated "effective 
depth", Batho6 and E-T AR 7 dose data is com­
pared with in-phantom ionisation chamber 
readings. The phantom configuration is shown 

Australasian Radiology, Vol. XXXII, No. 3, August, 1988 

4cm Polystyrene 

8cm Cork 

4cm Polystyrene 

8cm Cork 

4cm Polystyrene 

FIGURE 4 - Lung phantom configuration. 

in Figure 4. This phantom configuration more 
closely models a beam traversing typical patient 
chest wall and lungs8 than other commonly used 
lung phantom configurations outlined in the 
literature9. 
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FIGURE S - Cobalt-60 depth dose comparison 10 cm. field between effective depth algorithm and experimental 
measurements. 

A consistent difference between experiment 
and effective depth calculation was observed for 
5, 10, 25 cm2 Cobalt-60 field sizes tested. 

As shown in Figure 5 the error in dose at dif­
ferent points due to inadequacies in the correc­
tion algorithm are defined in equation 7. Op is 
the dose to a point as calculated by the algorithm 
and DE is the dose obtained from ionisation 
chamber measurements. The error analysis is 
presented in table 2 for 4 positions. The main 
reason for the difference, Op, is because the 
effective depth method merely scales full scatter 
depth dose data and does not attempt to correct 
for lack of scatter in the lung medium. The 
phenomenon is better coped with by empirical 
scatter weighting techniques such as equivalent 
tissue air ratio methods (E-TAR), Figure 6. 

As shown in Figure 7 this effect is reduced for 
the effective depth correction method for 10 MV 
photon square fields of 10 cm2 and above due to 
the backscatter being a smaller component of the 
beam at these higher energies. However, at small 
field sizes and high energies as shown in Figure 8 
another phenomenon becomes significant: a 
non-equilibrium in central axis is set up due to 
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TABLE 2 

Errors due to inadequate correction algorithm 

Mode/position Op De ~Op 
Cobalt-60 
10 square 

I 75 68 + i 
2 65 58 + 7 
3 58 53 + s 
4 45 38 + 7 

Linac 10 MV, 
IO square 

I 86 83 + 3 
2 77 74 + 3 
3 69 69 0 
4 57 ss + 2 

Linac 10 MV, 
S square 

I 85 73 + 12 
2 76 66 + 10 
3 70 68 + 2 
4 58 so + 8 

Notes: 
I. Positions are as defined in figures S, 7 and 8. 

Australasian Radiology, Vol. XXXII, No. 3, August, 1988 
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FIGURE 6 - Depth dose comparison "Cobalt-60, IOxl0 field". 

the electron range from the Kerma site to the 
dose deposition site being greater than the field 
width 10, a problem not solved by E-T AR type 
methods (Figure I). Convolution techniques 
handle this problem11,12 but require more 
development before implementation into com­
mercial systems becomes a reality. 

D. Regional Density Averaging 
The density texture across the lung is signifi­

cant 12. To assess this effect on dose two dif­
ferent cork densities were tested as shown in 
Figure 8. 

Investigation showed that using a typical lung 
density value causes systematic dose errors, 
whereas calculating a lung specific average den­
sity causes relatively small errors. Pixel correc­
tion for density variations across the lung is 
ideal, but may not be essential. 

E. Data Compression Errors 
Due to the limits imposed on computing 

facilities it is sometimes necessary to compress 
some of the information contained in the C.T. 
scanner data. Compromise is often necessary in 

Australasian Radiology, Vol. XXXII, No. 3, August, 1988 

the picture matrix size. If the scanner's matrix 
is 512 x 512 pixels then it may be necessary to 
compress the matrix to 256 x 256 or even 64 x 64 
for the radiotherapy computer. Obviously then 
when it comes to contour mapping, eg. bound­
ary between bone and soft tissue, the coarser 
matrix may lead to uncertainties in boundary 
position. Figure 11 shows the effect of changing 
chest wall thickness at 5 cm depth in lung I. 
Note that spatial accuracy is less important for 
photon beams than electron beams. 

It may also be necessary to reduce the fineness 
of the density scale applied to a given pixel. 
Some scanners may have up to 12 bits to define 
density. Due to computer memory restriction 
this may have to be reduced, and as a result may 
lead to problems in differentiating between 
tissues of reasonably similar densities. 

SUMMARY 
The use of C.T. scanners in radiotherapy 

planning is becoming widespread. It is essential 
therefore that adequate assessment of the 
reliability of the C.T. acquired data for planning 
purposes is carried out. It is also important that 
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FIGURE 7 - Linac IOMV depth dose comparison 10 cm. field between effective depth algorithm and experimental 
measurements. 

all makes of C.T. scanner be assessed due to 
their varying characteristics. 

Dose computation inaccuracies have to be 
considered also if one is to get an estimate of the 
overall accuracy of a given radiotherapy plann­
ing technique. In general, it would appear that 
until the convolution techniques become com­
mercially available the Radiotherapy computer 
is now the primary source of dose calculation 
error, due to inadquacies in commonly used 
inhomogeneity correction algorithms. 

ABSTRACT 
A protocol is described for assessing the 

accuracy of radiotherapy plans produced using 
C.T. derived electron density information. 
Essentially there are two main sources of error, 
those coming from various C.T. related inac­
curacies and those from inaccuracies in the 
radiotherapy dose calculation algorithms. The 
various subdivisions of these two sources of 
inaccuracy are discussed in detail. 

More specifically this paper deals with the 
effective depth method of inhomogeneity correc-

376 

tion, but sufficient generality is applied to the 
discussion to enable the same analysis to be 
applied to other dose calculation algorithms. 

It would appear that with state of the art 
C.T. scanning that the area which introduces 
the greatest errors is now radiotherapy com­
puting accuracy. Until convolution correction 
techniques become commercially available this 
will probably continue to be the case. 
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FIGURE 10 - Cobalt-60 depth dose comparison 10 cm. field varying cork density. 
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Abstract 

Inaccurate density assessment of tissue regions within the patient can conaibute significantly to errors in dose 
during radiotherapy plarming. The impact of inaccura~c patient density information on dose has been quantified 
for pho10n (Co-60) and electron (18 MeV) beams. 

Spatial maps of isodose differences are presented 10 visualise the magnitude and location of density-induced 
errors. 

The algorithms for dose calculation used in this study were the Equivalent-TAR (E-T AR) for Cobalt-60 pholOnS 
and the Fenni-Eyges Hogsaom (FEH) pencil beam for 18 Me V electrons. Dose trends were studies in a "spinal 
bone" and a '"two hmg" phanlOm. 

Inhomogeneityc:orrectionfactor(CF)versusde:nsitygraphsarepresent.edwhichshowdoseem,rsof7.0%inmid­
hmg for the electron beam if typical densities are used and 1.5% if accurate CT densitometry information is 
employed. For the photon beam, the mid-lung error is 0.9% using typical densities in conzrast with 0.2% if CT 
data are employed. Bone phan10m tests confirm similar advantages in using CT densitometry. 

A prolOcol is discussed for improving the accuracy of electron density information obtained from CT scans by 
using a crescent-shaped phan10m placed beneath the patient for continuous quality assurance. 

Keywords 

Radiotherapy, Computerised Treatment Planning, 
Computed Tomography 

Introduction 
Dosimetry prolOCols can ensure the accurate measure­
ment and prediction of absorbed dose from radiotherapy 
photon and elecaon beams at points in a homogeneous 
water phantom (1). However, the human body is inho­
mogeneous, with strucllll'CS of variable density such as 
lungs and bon~ which can affect the dose disttibution 
within a patient to a level well beyond the required 5% 
accuracy (2). 

The errors which arise during the radiotherapy trc:itment 
planning process are due to a combination of inaccurate 
electron density infonnation obrained from either X-ray 
or CT images and inadequate corrections for tissue 
inhomogeneities as outlines in a companion article (3). 
This article concentrates on quantifying the error contri­
bution arising only from inaccurate density assignments. 

It should be noted that practical constraints often limit 
the availability and suitability of CT for radiotherapy 

• Pruenud MPM conference Mu:higllll•De1roiJ, USA, 1987 aNi 
EPSM cOllferuce A111:kuutd, New ualand, 1987 
Ma,uacrip1f,r.r1 receind 29 J111U 1988. Re11i.red A111au11988. 
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planning purposes. The majority of treatment plans are 
still produced using cross sectional contours recon­
structed from conventional X-ray simulation tech­
niques. For these patients "average" densili~ are as­
signed within inhomogeneous regions (the average 
being a sample population average). In contrast, the 
protocols of choice when CT scans are available make 
optimum use of more patient-specific densiromecry. 

Density cahbration curves can be used lO determine 
elecaon density of pixels in a CT image and dose 
computation algorithms can make use of this informa­
tion. Vector-based algorithms use the tissue contours 
and average "in-vivo" density calculated within the 
conroured regions. For pixel-based algorithms, the con­
touring is avoided as individual pixel densiti~ are used 
~tly; . ~ is th~ most advanced use of CT density 
1nfonnauon in radiotherapy planning today. 

'.fhe con~ersion of CT ~ to accurate electron density 
mformauon (e cm·3 ) 1s usually achieved by scanner 
calibration performed on a periodic basis. Using samples 
of known electron density and atomic number placed in 
phantoms, suitable calibration graphs are produced. 

An alternative calibration method is presented which 
~ a modified crescent-shaped phantom placed be­
neath the patient during a scan. This work is an extension 
of tJ:ie sllldies ~~ CaJ:in ( 4) and accounts for a wider range 
of ussue dens1ues as encountered in radiotherapy. The 



p~ure ~escribed may also have applications in diag­
nos~ ~ft ussue densitometry (for example lW1g density 
morulalng). 

~e phantom provides continuous calibration. slice-by­
slice, of electron density information for use later at the 
~diotherapy planning comput='. The phantom design 
mC?rponlle:8 three soft tissue and three bone analogs 
which are msened lO monitor calibration over a wide 
dynamic ~ge of density. A.recent design by another 
:worker (5) incorporates only two samples which results 
~ a more ~om~~ phantom ~ the expense of having 
assumed lineanty on the basis of two sample points. 

Methods and results 
R_adiotherapy Dost! E"ors Caust!d by Using Con~n­
uonai X-ray Projt!ction 

It is of interest to compare the resultant errors in planned 
dose caused by different density assignments. To assess 
the effect of incorrect density on calculated dose we have 
in~ted _ the _ density_ Wlcenainty data from previous 
p_ublicauons mto radiotherapy dose computation algo­
nthms. These tests are designed to indicate the magni­
tude and spatial extent of errors which accumulate when 
"ave~e" density ~ptions are applied within geo­
metru: contours obtained by either conventional simula­
tion X-ray imaging (or CT scans in which the density 
infonnalion has been discarded). 
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The '."gorithms for dose calculation used to study the 
densuy effect were the Equivalent-TAR (E-T AR) (6) for 
Cobalt-60 photons, the accuracy of which is discussed in 
the companion article (3) and the Fenni-Eyges 
Hagstrom (FEH) (7) pencil beams for 18 Me V electrons 
the accuracy of which has also been the subject of ~ 
recent detailed swdy (8). Within the consuaints of the 
phantom configurations used here and the beam energies 
chosen, these algorithms produce accurate dose results. 
The phantoms used to model these dose trends include a 
"two-lW1g" phantom shown in Figure l(a)anda .. bone" 
phantom shown in Figure l(b). 

Based on a survey of lung densities "in-vivo" by Van 
Dyk et al (9), it is reasonable to assume the range of lung 
density which we have chosen (0.25 to 0.45) encom­
passes expected lung density variations encountered in a 
sample of radiotherapy patients. 

Dose errors in radiotherapy plans due to these assigned 
lun~ densities are vis~ in two dimensions using 
spatial maps of dose differences. As shown in Figure 2 
for 18 MeV electrons (corrected with Lhe FEH algo­
rithm). two plans (Figures 2(a) and 2(b)) with different 
hmg density are compared and the resultant subtraction 
of dose levels is shown (Figure 2(c)). Increases in dose 
of up to 25% occur for this electron beam due to Lhe 
increase in the electron range caused by a lWlg density 
reduction (0.45 to 0.25). 

For a Cobalt-60 photon beam (corrected with theE-T AR 
algorithm), Figure 3 indicates that dose differences of 
only 4% occur for the same density change. This smaller 
error is, however, over a more significant volume of 
IWlg. This error in dose is systematic and as total errors 
in dose are cumulative, this still represents a significant 
conttibution to the total error in dose delivered.. Such a 
large conttibution to the total dose error should still be 
avoided if the 5% total error guideline in dose delivered 
~ to be met (2). However, it is evident that the penetra­
uon ~fa photon beam (Figure 3) is less influenced by 
density than the penetration of an electroo beam (Figure 
2). 

Dose Di/fert!nces From C.T. Derived Dt!nsiry 

As predicted in the next section. an uncertainty in density 
of about 0.025 is expected from CT scan data. This is a 
considerable improvement over the density ranges. used 
~i~ contours which use "standard lung" and bone dcn­
SlUCS. 

Since difference maps do not clearly show up the effect 
of such small density changes on dose, a more sensitive 
. approach was required. Hence Figures 4 and 5 were 
p~uced to show comparisons of inhomogeneity cor­
recuon factors at a point (mid lung and mid bone respec­
tively) for electron and pho1011 beams. These results 
confirm the relative insensitivity of photon beam dose ro 
density changes when compared with electroo beams. 

Results obtained at other depths are shown in Figure 6. 
The correction factor varies with the depth in phantom. 
Therefore unc can only specify an approximate gradient 
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of dose change per unit density change. To determine 
this gradient for the curves of Figure 4, 5 and 6 the 
correction factor CF is defined as the correction factor 
for dose at a point ori the beams central axis in the lung 
or bone phantom as related to p of this regions (Note: p 
= p • the relative electron density to water in equations 
l Lo3). 

Polynomial regression of the curves superimposed in 
Figure 4, 5 and 6show good fits to the data of CT p versus 
p. 'The results are ~umm!1fise4 in equation ? with the 
appropriate coefficients listed m Table 1. nus curve fit 
enables errors to be calculated between any two extreme 
values of [pl ,p2J.: 

4 3 2 
CTp=Ap +Bp +Cp +Dp+E (1) 

The percentage change in correction factor (%6CF Ail is 
defined as the change in CF over a density interval 
between [pl,p2): These values can be used in equation 
1 subsliUJting p = pl and p = p2 respectively where 
6p = pl - p2: 

(2) 

The relationship of percentage CF change per unit CT 
nwnber (Nc:r in Hounsfield units) is eslablished: 

%6CF '1p (%6CF 11~ 
---=~~-- (3) 

dNcr (;_J (~) 

Equation 3 gives a useful relationship between the effect 
of a change in N c:r on change in CF because as shown in 
the next section Ry, as defined in equation 5, varies 
significantly with atomic number of material. It is as­
signed unity for lung and approximaiely 0.55 for bone 
tests (see Figure 7 (b)). Hence equation 3 shows that as 
the bo~ curve (Ncr v~us p) has approximately twice 
the gradient of the soft ussue curve. 

Fig. J: Plaoto11 /3odo.,c Di.strib"'iDM: . Cobalt-60, E-TAR aigorilJim, JO 3q. cm fuid, BO cm SSD 
(a) Liuag Dc11.111y 0.25: (b) Liuag DcMuy 0.45: (c) Do.,• Dijfcr•ru:c Map (a-b) 
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. 
The error in dose depends on lhe density :range parame-
ters [pl.p2]. Table 2 shows some typical values of pl 
and p2 for bone and lung situations as encountered in 
Figures 4, 5 and 6 and gives indications of Lhc associated 
change in dose wilh these density changes. 

Use of equalion 2 for lhe lung density ranges quoted in 
lhe previous section will give an indication of extreme 
range. Whilst [0.25, 0.45] is an extreme range of lung 
density variation nobody au.empting an approximation 
woulduseeithervalueandintbeabsenceofCTiiiforma­
tion lhey are most likely to select a mean value of 0.35. 
The density range [0.35, 0.45] was therefore used in 
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observed. mid-lung for lhe electron beam, if arbiLrary 
density infonnation is used but much smaller errors of 
less than 1.5% are observed if CT patient specific d:ita 
are used. 

The order of magniblde of lhese results indicates lhat lhe 
dose emr which can be expected from CT d:ita is within 
lhe required accuracy (2) provided care is taken wilh CT 
nwnber versus electron density calibration (paniculnrly 
wilh regard to lhe bone calibration line). Two different 
calibration methods are discussed in lhe next section. 

CI Calibralion Methods 

Calibration plots for a Siemens DRH and a General 
Electric 8800sc:anner.as shown in Figures 7(a)and 8(b) 
were obtained from data included in Table 3. ln this case 
lhe electron density relative to water {pe•) are related to 
mass density (p.): 

w 
Pe =Pm (4) 

The relationship of CT nwnber (Ncr) to electron dcnsiLy 
relative to water is quasi-independent ofbcmn energy, 
only if the effective atomic nwnbcr (Z.•) of the substance 
matches that of water (and hence soft tissues). This 
assumption is valid for lhe lung analogs made of cork 
which conformed to lhe Hounsfield regression line fit 
shown in Figure 7(a). 
For the other compounds of different atomic number 
(Polystyrene, Acrylic. Ertaiyte and Delrio) the electron 
densities are calculable since the chemical formula and 
mass density are available. Electron densities and atomic 
numbers were calculated for such compounds. using lhe 
formulae of McCullough (10)) and lhe results of calcu­
lations for the samples are provided in Table 3(a): for the 
OHR and 3(b) for the GE8800. 

Bone exhibits extra photOeleclric absorption due to its 
yet higher atomic number. These have been investigated 
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here using liquid solutions with various concentrations 
of mono hydrogen di-powsium phosphale (K.}IPO,). 
The method used to ascertain the electron densities and 
effective atomic numbers from the solution concentra­
tions also followed the guidelines of McCullough (10) 
also and the results are listed in Table 3. 

In comparing FigW"CS 7(a) and (b) it is interesting to note 
the energy dependance of Ncr for the analogs with the 
grcaier atomic numbers. Figure 7(b) shows that liquid 
analogs arc limited to elecuon density levels below pe• = 
1.3. because the solutions become samrated. Due to this 
upper limit on density and also long term instability of 
liquid solution. our fuwre smdies will focus upon lhe use 
of solid bone analogs as proposed by White et al (11. 12. 
13. 14). 

The samples listed in Table 3(a) were smdied on a 
Siemens DRH scanner. Due to a change in the primary 
beam attenuation filter (from 0.4 10 0.2 mm Copper) the 
opponunity arose to examine the effect of tube kilovolt­
age on sample calibration. Three effective energies were 
studied (75. 71 and 64 keV) as determined by the use of 
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t:OlllptlruJ lo 01/ur calibra1ion 
lfWINJtU. 

"effective KeV liquids" (15). It was found that the 
change in X-ray spectra had little effect on the soft tissue 
analog calibration lines (Figure 7(a)) but a more signifi­
cant effect on the bone analog line gradients (Figure 
7(b)). This is auributed to the energy dependance of the 
enhanced photoelectric effect observed in samples of 
greaier atomic number. 

Intcrcomparison of these plots with "in-vivo" data ob­
tained independently by Compron scanning (16) and a 
dual pholOll CT method (17) as shown in Figure 7(b) 
indicates that the ~HPO, compound closely models the 
slop of the "in-vivo" data. The offset relalivc to the "in­
vivo" dala is in pan due to uncenainties in the experi­
menlal dala of 5% for the dual photon case and 10% for 
the ComplOll scan data. By inlroducing the following 
linear relationship we can obtain the regression lines for 
the different samples: where R'"( represents the experi­
mental regression line gradient {sec Figure 7(b)). 

P: = R-,(1~ Nery+ C (5) 



The results in Figure 7(b) show variation of Ncr with 
bc:lm energy and suggest I.hat a periodic calibration 
technique or continuous "on-line" calibrations will en­
sure that a change in effective energy is accounted for by 
the recalibration. 

Independent scanner calibration with phantoms requires 
access to valuable CT scanner time which could be used 
instead to scan patiei,ts. A novel approach to this prob­
lem is to introduce a slice-by-slice method of CT calibra­
tion. 

lmple11um11Uion of Slice-1,y-Slice Caiibrmion On a GE 
8800 er Scanner 

The crescent shaped phantom design used for density 
quality assurance is shown in Figure 8(a). Soft tissue and 
bone analog calibration lines for the GE8800 are shown 
in Figure 8(b) to indicate the variation in Nc:r for samples 
placed either in a body phantom or the crescent phantom. 
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The reproducibility oflung and bone analog Ncr was also 
measured when placed in various other body phantom 
configurations. In summary the ~er dependence on 
sample position and patient size within the image plane 
is less than 16 HU for cylindrical phantom lCSlS and less 
than 25 HU for body phantom configurations. The differ­
ence in the CT numbers is due in the first case to beam 
hardening across the image plane and in the second case 
to cylindrical gcomeuy assumed during the system cali­
bration and image reconsuuction process. 

Further details of the variations expected for this scanner 
are also delailed elsewhere ( 18) and the magnitude of 
these effects for several diff etcnt scanner models has 
been outlined previously in a paper by Mahaworasilpa 
and Southon (19). Using a crescent phantom underlying 
the patient is an acceptable way to monitor CT calibra­
tion of density within the patient at least for radiotherapy 
planning purposes. 

Conclusions 
Large variations ( 15 % ) in scanner calibration have been 
reported by other authors (20). This paper shows that if 
periodic calibration checks arc not implemented a 
change in CT beam energy can significantly affect bone 
density assessmenL 

This variation in tube energy was however due to tube 
replacement and it is doubtful whether current CT scan­
ners under nonnal operating conditions will exhibit 
major changes in calibration. such is the consistency of 
these devices. It is likely therefore lhatan initial detailed 
CT calibration is adequate provided CT tube or detector 
devices arc not modified. 

Accurate densitometry is essential for radiotherapy 
treatment planning with electton beams and is less criti-

Fig. 8: 
(a) Crest:•11t sltap•d Co1111 pJ,a,u- med ii& 011-li11• d•uity 
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cal for photon beams. The magnilllde of dose errors ~ue programming assistance with dose diff erencc maps and 
to density effects have been quantified and effccuve the electron beam algorithm. 
proux:ols have been proposed lO reduce their cxl.CnL The primary author wishes to thank Dr W.H. Round and 

Martin Pracy for encouraging his further research in this 
Acknowledgements area. Also Tracy Mcu:alfe for helping prepare the manu-
We thank Mr Ernest Mah for his comments and for scripL 

Table 1: Regression Coefficients Relating Cuves in Figures 8, 9, 10 to Equations 5 and 6 

This table provit.U!s data used in equation 1 and enables e"ors to be calcuiaJed between any two ranges of <knsiry 
selection {pl ,p2] 

Phantom Beam Depth Corricients Reference 

Type Type (cm) A B C D E Figure 

"Two-Lung" 18 Mev 8 5.384 -8.881 1.717 -0.571 3.345 4 
Cobalt 8 -0.006 0.039 -0.085 -0.042 1.095 4,6 

15 0.073 -0.457 1.385 6 
20 -0.066 0.257 -0.787 1.597 6 

"Bone" 18MeV 6 -0.334 -0.438 0.902 5 
Cobalt 6 -0.051 1.051 5 

Table 2: Errors expected in terms of (%.6CF) In the Lung and Bone Phantoms 

Phantom Beam Depth Conventional X-ray er Densitometry 
(cm) 

pl p2 %.6CF pl pl %.6CF 

"Two-lung" 18MeV 8 0.35 0.45 7.0 • 0.35 0.375 1.5 •• 
Cobalt 8 0.35 0.45 0.9 • 0.35 0.375 0.2 •• 

15 0.35 0.45 3.3 • 0.35 0.375 0.8 •• 
20 0.35 0.45 4.6 • 0.35 0.375 1.0 •• 

"Bone" 18MeV 6 1.25 1.45 10.5 • 1.25 1.264 0.3 ••• Cobalt 6 1.25 1.45 1.0 • 1.25 1.264 0.1 ••• 

Footno~s 

• These changes relare to a density vamlion of 0.1 as expected using population averaged density assignments for lung 
and a varation of 0.2 arbib3rily assigned for bone. 

•• These changes relare to an Ncr variation of 25 HU using Ry of 1.0 in equation (3). (Ap = 0.025) 

••• These changes relate to an Ncr variation of25 HU using Ryof 0.55 in equation (3) (Ap = 0.014) 
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Compound 

(Formula) 

AIR 

CORK 

CORK 

CORK 

POLYSTYRENE 
<CsH8> 

ACRYUC 
(C5H30:z) 

ERTALYra 
(C5l40:z) 

Compound 

(Formula) 

AIR 

LAM+ 

CORK 

LAM+ 

CORK 

LAM+ 

WATER 

Table 3(A): Electron Density, Errective Atomic Number and 
N CT for a Siemens DRH CT Scanner 
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Mass 

Density 

Electron 

Density 

Effective Concentration 

Atomic No: (mg/ml) 

C.T. Scanner (NCT) 

0.001 0.001 1.02 

0.2 0.2++ 1.0++ 

0.4 0.4++ 1.0++ 

o.s 0.5++ 1.0++ 

1.04 1.01 0.77 

1.19 1.16 1.02 

1.29 1.31 0.89 

1.41 1.36 0.94 

1.06 1.05 1.15 

1.13 1.11 1.29 

1.18 1.15 1.36 

1.23 1.19 1.42 

1.27 1.23 1.47 

75 

180 

250 

325 

400 

7S keV 7lkeV 

-985.6 

-789.2 

-606.3 

-491.S 

8.3 

128.1 

274.6 

348.5 

88.2 96.1 

204.0 223.5 

276.0 302.6 

359.3 383.1 

424.3 454.0 

64 keV 

-984.2 

-789.4 

-605.5 

-501.9 

1.6 

115.2 

327.2 

412.4 

122.l 

286.9 

391.5 

488.5 

580.5 

Table 3(B): Electron Density, Effective Atomic Number and 
NcT for a GE 8800 CT Scanner 

Mass 

Density 

.001 

0.11 

0.23 

0.25 

0.32 

0.40 

1.0 

1.03 

1.07 

1.13 

Electron 

Density 

.001 

.11++ 

.23++ 

.25++ 

.32++ 

.40++ 

1.0 

1.03 

1.06 

1.11 

Errectlve 

Atomic No: 

1.02 

1.0++ 

1.0++ 

1.0++ 

1.0++ 

1.0++ 

1.0 

1.11 

1.19 

1.31 

C.T. Scanner (NcT) 

Concentration C.T. Scanner GE 8800 (72KeV) 

(mg/ml) Cann Phantom Body Phantom 

-992.5 -995.0 

-875.l -884.8 

-766.9 -766.4 

-748.2 -753.4 

-683.2 -690.2 

-619.7 -608.9 

-3.1 5.4 

so 64.1 61.l 

100 113.3 129.1 

200 252.6 248.1 

Foo1no1es: 
+ LAM= Lung analog maaerial, manufacwrer claims coniains approximaaely 6% H. 68% C, 9% N, 17% _O. _ . 
-H- Lack of deuiled chemical formulae, n:quin:s equation 4 10 be invoked. Evidence thal this approxunauon is valad for these: samples 

provided by the linear n:lation between Ncr and density as shown in Figures 7(a) and 8(b). 
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Abstract 
Dosimetry results obtained using a "two lung" phantom are compared with dose computations produced by 
superposition ( 1 ), equivalent TAR and regional Bathe methods. The TAR methods show reasonable agreement 
with dosimetry results at cobalt 60 energy, but errors as high as 17% were observed in the lung phantom at a higher 
photon energy (15MV). We discuss the TAR algorithm assumptions which do not allow for electronic disequili­
brium and thus lead to significant errors in dose prediction accuracy. A superposition technique which shows better 
agreement with the experimental data at high energies is presented. Tiris shows promise within the bounds of certain 
computing time constraints which are quantified. 

Key Words 
Radiotherapy, Computerised Treatment Planning, 
Superposition, Convolution, Tissue-Air-Ratio 

Introduction 
Monte Carlo methods provide accurate dose results for 
beams incident on inhomogeneous media (2). However, 
the computing time required to simulate the history of 
several million particles to achieve accurate results is 
unacceptable for routine use in radiotherapy patient 
beam planning. 
Hence semi-empirical approximations (3) have been 
devised which predict dose distributions from broad 
photon beam interactions with body inhomogeneities of 
various complexity. These algorithms generally repre­
sent a compromise between dose accuracy and comput-
ing time constraints. 2s cm 

I 
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4 cm 
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S cm 
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Fig.l Two Lung Pha,11om (ObliqUll Chut) 
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This article quantifies errors in dose computation which 
occur in lung by comparing dose computations with 
dosimetry results in a "two-lung" model shown in figure 
1. This arrangements approximates the situation of a 
therapy beam laterally traversing the chest wall and lungs 
in the patient thorax region (4). 

The density of the materials used in the phantom have 
been accurately measured to minimise the uncertainty in 
dose caused by inaccurate density assessmenL Appraisal 
of the latter effect is the subject of a companion article 
(5). 

Theory 
Correction Factors For Tissue Inhomogeneities 

Correction methods are often compared in terms of 
inhomogeneity correction factors (CF) which relate the 
dose in an inhomogeneous medium to the dose in an all 
water medium: 

CF Do~ to inhomogneous medium 
Do~ to homogeneous nr.diwn 

(1) 

This pertubation approach produces a convenient way of 
adjusting doses in a homogeneous medium, which are 
precalculated by the multiplication factor (CF) to give an 
estimate of the degree of perturbation due to interaction 
with the inhomogeneous media. 

The BATIIO Correction 

The Batho power law method of dose computation uses 
tissue-air-ratios raised to an exponent based on density 
differences. The method corrects for changes in primary 
photon fluence and approximates scattered radiation 
effects (6). The inhomogeneity is assumed to be slab 
extending well beyond the beam boundaries. The origi­
nal method only calculated dose beyond inhomogenei­
ties (7) but Sontag and Cunningham (8) subsequently 
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extended the technique to calculate dose within inho­
mogeneities. The technique used in this article is based 
on a f unher small modification by EI-Khatib and Battista 
(9) which improves the accuracy of this method within 
lung by using tissue-phantom-ratios (TPR). 

CF !Tm(d 1,r)l P2-P1 (2) 

[TPR(d2,r)] l -P1 

TPR = Tissue - phantom - ratio 
p1 = relative electron density of medium 1 
f?2 = relative electron density of medium 2 
d1 = distance from calculauon point to top of inho-

mogeneity 
d2 = distance from calculation point to skin surface 
r = beam radius at depth of calculation point 

As with all TAR (TPR) methods, the Batho method 
inherently assumes full electron beam equilibrium and it 
is this assumption which leads to the errors in dose 
prediction for high energy X-rays. 

The Equivalent (TAR) Correction 
The Equivalent tissue air ratio (E-T AR) method devel­
oped by Sontag and Cunningham (10) was the first 
algorithm which attempted to correct for the scattered 
radiation component by using multiple slice CT pixel 
density information. This was achieved by scaling the 
beam size in proportion to the lateral electron density 
distribution and associated photon scattering. At present, 
it is the "benchmark" to which other algorithms arc 
compared since it is the most advanced algorithm com­
mercially implemented and shows a good compromise 
between dose accuracy and speed of computation. 

This algorithm and the superposition approach outlined 
in the next section both rely on O'Connors range scaling 
theorcm(ll) which predicts that the dose to a point in a 
unit density medium is the same as the dose to a point in 
a non-unit density medium provided the beam radius (r) 
and depth (d) are appropriately scaled. The inhomogene­
ity correction factor is defined using the E-T AR method 
as: 

CF= TAR(d' ,;•) 
TAR(d,r} 

-

(3) 

The derivation of suitable ways to scale d' and r' to 
account for primary and scauer contributions arc dcall 
with as follows. Using standard ray tracing the radiologi­
cal beam depth ('1) is the geometric depth scaled by the 
avcrag~ density(j5) lying ~long a beam ray where the path 
lcngtfi 1s made up of n pixels: 

d'=dp 
(4) 

(5) 

As the scatter increases with beam size, the beam radius 
is scaled in a complicated fashion to account for the 
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relative "scauering power" of the neighbouring voxcls Lo 
thi:: dose voxel in question: 

-r'=rp 

where: 

LLL Pijkwijk 
i j k 

p = --=----=---
I I I: wijk 

i j k 

(6) 

(7) 

The E-T AR algorithm is three dimensional in conception 
but only two dimensional in implementation. The three 

dimensional summation of W ij( has not been attempted 
as itis considered too time consuming for available com­
puting resources. Hence present day commercial imple­
mentations use a two dimensional simplification of the 
method, relying on the "assumption" of separability: 

w.,,, = wk w.. (8) 
1,-. IJ 

where: 

, ~f(~Pijkwkjwu 

P20= LLWu (9) 

i j 
and 

r1 = radius of large field size and 

r2 = radius of small field size 

This reduces the method to a two dimensional method 
with some weighting applied from the third dimension by 
placing the lateral density infonnation in an effective 
scaucring slice at an average location away from the 
calculation plane (see Figure 2). 

Wk 
k 

Fig. 2: ScMmalic of Sca11t,r PlaM 

Posilio,ti11g for £-TAR Corr11c1ion 

/ Z cit• lhc disianco or Iha c!fcctivc scaucring pl.inc 



Regardless of iLS two or three dimensional implementa­
Lion. however. the accuracy of the algorithm relics on the 
calculation of weighting factors. The calculation of W.. 
includes the consider.ition of first and multiple scatter'! 
ing, separated into first and multiple scatter components. 

Accurate experimental measurement of such differential 
scaucr-air-ratios has proven difficult due to the small 
dose differences .vhich need to be detected (12). Weight­
ing factors arc thus calculated using semi-analytic prin­
ciples described in the original work (13, 14, 15). These 
derivations assume electron equilibrium and this leads to 
the errors in dose prediction accuracy shown later in 
Figure 5. 

laleral Electron Disequilibrium 

This phenomenon has been characterised by other re­
searchers ( 16, 17, 18) but a brief discussion is included 
here. Due to electrons ranging longitudinally and later­
ally from the site of photon interactions, the site of energy 
deposition (dose) is different from the site of energy 
release (KERMA). If the beam width and phantom depth 
are greater than the longitudinal and lateral range of the 
electrons set in motion, then the same aggregate electron 
energy enters a dose site as leaves the site. In this case 
electronic equilibrium is said to exist. the phenomenon is 
sketched in Figure 3 which shows that disequilibrium 
occurs near the edge of photon fields. The latter effect is 
small in unit density media but it is nevenheless observ­
able in the penumbra! isodose lines of high energy photon 
bc:lms. These effects are generally accounted for in a 
water medium through the use of empirical beam edge 
shaping functions. 

In a lower density medium, the electron range is extended 
at high energies (eg.15MV X-rays) to sometimes exceed 
the lield width. In this situation electron lateral disequili-

Photons 
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brium extends across the entire field width lc~1ding to a 
"dose void" along the central axis, as is described in this 
article. 

The SUPERPOSITION Correction (Deposition View­
point) 

The superposition system of mapping dose deposition in 
a homogeneous phantom implies that the dose to a point 
r, (D(r )), from a photon interaction at point r -7 can be 
represented by the superposition integral (convolution 
integral in real space) of the primnry fluence (4>) and the 
energy sprcnd function (G). In this manner scattered 
electrons ranging away from the initial interaction sites 
are accounted for. Therefore, the dose deposition site and 
(KERMA) interaction sites are not coincident, unlike 
previously described methods which assume "on the 
spot" energy absorption. 

Following the implementation of Mackie et al (1) we use 
a Greens function which serves as the superposition 
Kernel describing energy spread from the primary inter­
action site. The subcomponents of this energy spread are 
electrons from p,j_m_!!f'Y KERMA interaction GO <i-i' ), 
first scatter G ( r - r) and multiple scatter Gm ( r - r1 ). 
Schematic representation of this relationship is shown in 
Figure 4 and the mathematical description is given in 
equations 11 and 12. If<!> is the photon fluence at positi_Qn 
(?) and D is the dose to tile volume element at position (r) 

~ (f) = f cpJ.r}G,ci-t)d l 

+ f <!>Ji)G5 (r-?)dt 

+ f <!>Ji") Gm (r-?) d ii (11) 

Lateral Electron 
Disequilibrium 

Equilibrium 

Fig. 3: Geo-try of El11ctrot1 Dis11quiiibrilllfl 
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By invoking the "Superposition" principle all three ker­
nels can be summed such that the total Greens function 
kernel describing electron energy deposited at D(r) is 
given by 

(12) 

The Kernels arc obtained by Monte Carlo techniques, 
such as (MOCA) (I) or electron gamma shower codes 
(EGS) (19,20,21,22) as discussed funher in appendix I. 
These yield an accurate mapping of charged particle 
transpon which can be manipulated to account for the 
lateral disequilibrium in non unit density media. The 
computer implementation uses discrete summation over 
Cancsian coordinates for voxel elements: 

D(l ,S ,k') = 2,2,2,cl>p(i' ,j' ,k ') G ( i-i' ,j- j ',k-k ') 
i' j' k' (13) 

The advantage of this approach is that the dose at all 
locations (i,j,k) is incremented progressively as photon 
"impulse" locations (i' j' ,k') are scanned, yielding ulti­
mately the complete three dimensional dose distribution. 
The disadvantage is the difficulty in properly modifying 
the Greens function (as generated in the homogeneous 
media) to account for inhomogeneities. 

D(F) 

(A) 

(C) 

In this application O'Connors range scaling assumption 
as discussed previously has been used on a ray-by-ray 
basis (along r -r') to approximate the change of the 
Greens function by the density. 

Methods 
Batho, E-T AR and superposition computations were, 
performed on a VAX 11/780 computer running the 
Alhena Treatment Planning (ATP) software (23). Com­
parisons were made for two photon energies (Cobalt-60 
- Theratron-80 and 15MV X-rays - Siemens Mevatron 
XX) along the beam central axis. Dosimetry was per­
formed by placing an ionisation chamber at various 
positions in a cork-polystyrene sandwich phantom de­
scribed in Figure I. 

Measurements were performed at the two participating 
institutions. The Cobalt-60 data were obtained with a 
Baldwin Farmer type (Nuclear Enterprises, 0.6ml, 2571 
graphite) ionisation chamber in cork with a relative 
electron density of0.2, whereas the l 5MV readings were 
recorded using a Baldwin farmer type Capintcc (PR-06, 
0.65ml) ionisation chamber in cork with an electron 
density of 0.25. 
All "in-cork" measurements were recorded without a 
build-up cap in order to avoid inducing a false electronic 
equilibrium. The 2% error bars shown in Figures 3 and 5 
represent the experimental uncertainty using this tech­
nique due to positioning errors and changing spectra in 
regions of severe disequilibrium. A recent publication 
(24) indicates that the mismatch between chamber wall 

(B) 

(D) 

Fig. 4'. ScJi.ma1~ ~/IM_ Dose S11perposilion Fro-worlc (o): G~1111ns F1111c1ion Describing Electron Ranging From Pri KERMA b . 
F11111:1,o,a Ducrib111g First Sca1111r (c): Greens Fwnt:tum Describing Mwitiple Scauer (d): Gr1111ns Fu•~,,·-- D•• ib · "'°:'tai D T( ). Greens -- - 5~cr uig , o ose ronsport 
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and a low densiLy medium causes very small errors in 
dose prediction and this article confirms Lhat using Lhc 
simple ratio of ionisation chamber readings is valid for 
Lhe ionisation chambers used in Lhis study. 

Results 
C..::ntral axis depth close results shown in Figure 5 indicate 
Lhat the T AR(TPR) based algorithms closely model the 
experimental results at Cobalt energy ( 1.25 Me V) for this 
phantom configuration. The results indicate that the 
Batho and E-T AR corrections arc adequate for all data 
points to within the 2% experimental uncertainty. Simi­
larrcsults were obtained for other field sizes (5cm square 
and 25cm square) but these arc not reported here. 

A similar accuracy was also achieved along the central 
axis of ISMV X-ray fields for sizes greater Lhan 10cm 
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square. However for a smaller field size (5cm square) 
both TAR(TPR) algorilhms arc inaccurnte by as much as 
17% us shown in Figure 6. This is due to the disequili­
brium effect caused by lateral electron scattering as 
described previously (16,17,18). 

Results of the superposition algorithm are also shown in 
Figure 6, indicating superior performance, allhough 
Lherc is some disagreement in the second deeper lung. It 
is speculated that this may be due to beam hardening 
which is significant at this depth. This could be overcome 
by eilher doing repeated superpositions for each beam 
spectral component or by simply modifying the fluence 
component by a depth by depth KERMA weighted at­
tenuation coefficient ralher than "an effective attenu­
ation" coefficient. This would better account for poly-

. Exp. Data 
• Bathe 
• E-TAR 

Fig. 5: Depth Dose 

8 Comparison" I.25 MeV, 

Cork Poly 10 z 10 field" 

18 20 22 24 26 28 
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II Superposition 

• • 
Fig. 6: Depth Dose 
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chromatic beam components, although may be an insig­
nificant effect (1). It also appears that this implementa­
tion of the algorithm is insensitive to very localised 
density changes at tissue interfaces. probably due to the 
coarse voxel arrays which hold the spread kernels (lcm1); 
this tends to "smear" the localised dose perturbation. 
This limitation can be overcome by performing the 
computation with a finer Cartesian grid. As the lung 
density is increased and the disequilibrium effect be­
comes less significant. one would expect the T AR(1PR) 
and Superposition Corrections to con verge as was indeed 
found in Figures 7a and 7b. 
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The computing implemenl..'.lt.ion of the superpos1t10n 
technique is intrinsically three dimensional. Thus, field 
length and width are accounted for in the compul..'.ltion; 
this has advanl..'.lges over the T AR(TPR) methods which 
rely on equivalent square field data.. Figure 8 indicates the 
errors introduced by implied field symmetry when sim­
plified two dimensional algorithms arc applied. This 
result suggests that three dimensional algorithms need to 
be incorporated in to planning systems for optimum dose 
accuracy. 



Number of Dose Voxels 

700 
1008 
1372 
2800 
4096 
32768 

*T.R. Mackie (29), 

Dose Matrix 

5x5x28 
3xI:.x28 
7x7x28 

10x10x28 
16xl6xl6 
32x32x32 

CPU Time(minutes) 

3.11 
6.15 
10.21 
34.00 

50.00* 
492.00* 
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Vax 11/780 processor, 4 Megabytes of Main Memory, Kernel size 1 cm 

Table 1: CPU Timing Resuiu for Swperposilion in Real Space 
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Fig. 8: Superposition Performance C(.)mparison "15 MV 5 x 5 versus 12 x J cm fields" 

Computational Speed 
Timing tests summarised in Table 1, indicate Lhe comput­
ing Lime required for the superposition algorithm using 
present day hardware. A coarse matrix was used Lo 
generate Lhe central axis results shown in Figure 6 in only 
3.11 minutes. Howeverasprcviouslypointedout,funher 
opLimisation of this technique is required lo :main suffi­
cient spatial resolution in high dose gradient regions such 
as tissue interfaces and the beam penumbra. 

The technique slows markedly as the number of voxcls 
increases. This is because the real space superposition of 
a primary lluence distribution di (i' ,j',k') with a scatter 
kernel G(ai,aj.~) requires i2 x Pj2 x k2 multiplications. 
Two dimensional implementations reduce the comput­
ing times by two orders of magniLude but Lhis compro-
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mises dose accuracy as shown for example in Figure 8. 
Another suggested approach to increasing the speed of 
the process is called "nesting" superposition, whereby 
the matrix size is adjusted for each scatter eomponenL 
This technique has precedent, as it is already used in E­
T AR implementations where the scatter weights are 
applied on a coarser grid. Present research at the Waikato 
University centre if focused on speeding up the process. 
By using a more powerful computer (a VAX 8530) speed 
gains of a factor of eight have been achieved for a find 
grid three dimensional dose matrix ( 64 x 64 x 8) and using 
the nesting approach could further significantly reduce 
these times. As tests are incomplete this will be the 
subject of a future publication. Further improvements of 
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speed may also be obtainable by the introduction of even 
faster computer hardware such as "transputers", which 
may more quickly handle the large multiplications in­
volved. 

Perhaps the most efficient increase in computation speed 
is promised by reducing the superposition integral to a 
convolution product (25) and performing a convolution 
in Fourier space (26) using the fast fourier transform. 

Computing tests performed by Field and Battista (25) in 
a homogeneous phantom show that a strict convolution 
oftwo32x 32x 32dosespreadarrays using the transform 
reduces computing time by a factor of 36. This result 
although less optimistic than that of Boyer's (27) never­
theless indicates beuer than an order of magnitude im­
provement in computation speed for 3 dimensional cal­
culations. Unfortunately convolution in Fourier space is 
valid only if the Greens function is spatially invariant 
(27 ,28). Since inhomogeneities introduce non-linearities 
into the Kernels, no obvious solution to this problem 
exists and further research is warranted. 

Conclusion 
Implementation of the superposition technique com­
bined with O'Connors scaling does account for lateral 
disequilibrium of electrons and leads to an improved 
dose accuracy superior to that presently achieved with 
T AR(1PR) based methods. Superior accuracy is also due 
to its inherent three dimensional approach which may 
become more important as three dimensional planning of 
beam positioning and dose distributions evolves. How­
ever there remains time constraints for routine planning 
applications which have yet to be overcome. 

Appendix 1: 
Discussion of Monte-Carlo Techniques 
Dose spread array data are obtained by using Monte­
Carlo techniques. The exact "scoring" technique has 
been discussed in previous articles (1,21,29) so will not 
be further outlines here. 
However Monte-Carlo codes which are employed in the 
procedure do warrant brief discussion. At least 10-
charged particles per cm2 are set in motion by a pencil 
beam of monochromatic photons. Like many statistical 
techniques a large number of histories are necessary to 
reduce the statistical error in the results. 

Both MOCA and EGS take into account the photoelec­
tric, Compton and pair production effects. At the 15MV 
energy sbldied here the codes have been shown to pro­
duce virtually identical.results (29). 

EGS is however more adaptable over a wide photon 
energy range, partly because it distinguishes positrons 
from electrons, whereas MOCA transports positrons as 
though they were electrons. Also MOCA employs the 
continuous slowing down of electrons approximation to 
delta rays and does not account for bremsstrahlung. 

74 

MOCA is adequate at the energies tested in this article but 
for the above reasons the new data base produced by 
Mackie ct al (21) which contains dose spread arrays for 
energies from 0.1 to 50 MeV is produced using the EGS 
code. This is because of its greater accuracy over this 
large energy range. 
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Abstract 

A unified three dimensional supeJpOsition approach to dose calculations used in treatment planning of 
polychromatic high energy photon beams in radiotherapy is developed. The approach we have used 
involves computing the dose at all points in a mediwn by superposing the dose spread array (DSA) from 
the interaction of a photon at a point in the mediwn with an array of dala representing the TERMA 
(photon fluence times the photon energy) at points in the beam. 'The polychromatic naw:re of the beam is 
accounted for by modelling the beam as having ten spectral components. A "polychromatic dose spread 
mray" (PDSA) for an interaction from a beam with this spectrum was derived. The TERMA array is cal­
culated from a weighted average of the TERMA arrays for the ten photon energies to give a 
"polychromatic TERMA array". Tims the method acco1D1ts for the effect of beam hardening of the 
TERMA. But it does not acco1D1t for the effect of beam hardening on the PDSA since a single PDSA 
(usually for the spectrum at the surface of the mediwn) is used at all depths. However, by considering 
measured and calculated beam c:enttal axis data, this model is shown to be adequate for computing 
depth doses for beams in a homogeneous medium pme1rating to extreme radiological depths. A compu­
tation time advantage is gained because only one superposition per beam is required. 

Key Words: 

Radiotherapy, computerised treatment planning, 
superposition, convolution, polychromatic dose 
spread arrays, Monte Carlo. 

Introduction 

Present commercial computer algorithms based on 
the "scatter function" (tissue-air-ratio or TAR) model1 
are inadequate as high energy photon beam models.2 

The deficiencies of this method are outlined further 
in Appendix A. The inability of these models to cope 
with electron dise.quilibrium situations has been out­
lined by several authors. J,4., Their work indicates 
there is a need for a more rigorous model which 
combines accuracy with acceptable computation 
speed. 

The "superposition" methods which employ convolu­
tion mathematics show acceptable agreement with 
experimental data in regions of electronic disequilib­
rium. '-7·u Further improvements in the speed of these 
techniques are possible using Fourier ttansfonns10.11, 

Rccei'lled 28 March; o.ccep1ed info,alfonn 27 J1111e, 1989 
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although the requirement of an invariant kernel 
makes it difficult to provide an adequate inhomo­
geneity correction technique some success using this 
process at low photon energies has been reported by 
Boyer and Mok. 7 Recent computer hardware 
improvements as outlined in a complementary article 
by Murray et a/12 suggest that these methods, either 
with or without Fourier transform techniques, may 
~n be able to be used in routine radiotherapy plan­
rung. 

Only the method of Mohan et al•, however, rigorous­
ly models the polychromatic nature of the high 
energy photon b_eam~ used in radiotherapy. The 
penalty mvolved m this approach is that a convolu­
~on is required for each spectral componenL This 
mcreas~s the computation time significantly. An 
altemauve approach developed here includes correct­
ing for the polychromatic nature of the beam while 
maintaining a single convolution per beam. 

The Superposition Approach 

~e ~uperposition system of mapping dose deposi­
_bon m a homogeneous phantom calculates the dose 
~(r) _to a point ~ from a photon interaction at point 
r (Figure 1) usmg the superposition (convolution) 
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Figure 1: Vectorial framework for the superposition 
approach, the photon interacts at r' and dose is trans­
ported to r by any one of the interactions ouzlined in 
Equation 1. 

integral of the primary fluence <t> and the energy 
spread function G. In this manner scattered charged 
particles ranging away from the initial interaction 
sites are accounted for. Therefore, the dose deposi­
tion site and photon interaction sites are not 
coincidenL In contrast. previously described methods 
(including scatter function and effective pathlength 
methods) assume "on the spot" energy absorption. 

Unifying the implementations of Mackie et al ', 
Boyer and Mok1', and Metcalfe and Battista', an 
energy spread function serves as the superposition 
kernel G describing energy spread from the primary 
interaction site. The components of this energy 
spread are energy from charged particles (positrons 
and electrons) from primary photon interactions 
Ge(r - r'), energy from charged particles from first 
scatter photon interactions G1(r - r') and energy from 
charged particles from multiple scatter photon inter­
actions G,m(r - r'). If <t> is the primary photon 
fluence at position r' and Dis the dose to the volume 
element at position r, then for a monoenergetic 
photon beam in a homogeneous medium the dose is a 
convolution over the volume being irradiated. d3r', 
such that 

D(r) = l <I>(r') G.(r - r') ct3r • (1) 

+ t <I>(r') G,(r - r') d3r' 

'The assumptions involved here are: 

(1) Ge, G,, Gsin, are spatially invariant due to 
invariant photon energy and medium com­
position. 

(2) The beam is directionally invariant as is the 
case for a non-diverging (infinite SSD) 
beam. 
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All three kernels can be summed 

GT(r - r') = G,(r - r') + G,(r - r') + G,m(r - r') (2) 

and thus the total kernel describing energy deposited 
by charged particles at D(r) is given by 

D(r) = 1 <I>(r') GT(r - r') ct3r' . (3) 

The term G-r{r-r') represents the dose deposited at r 
due to a unit fluence at r'. This term includes factors 
which convert from fluence (photons cm-2) to energy 
per unit mass by the inclusion of the mass attenuation 
coefficient (µ/p)0 multiplied by the beam energy Eo­
For a monochromatic beam then 

(4) 

The term H-r{r-r') is the dose spread function which 
represents the fraction of energy released at r' that is 
deposited in a unit volume at r. 

An equivalent approach to Equation 3 is to place the 
energy transfer terms into the fluence part of the 
equation (that is the mass attenuation coefficient 
(µ/p)0 and the beam energy Eo are multiplied by the 
fluence). This new quantity has been defined as the 
"Total Energy Released per unit MAss" (1ERMA).14 

IBRMA is the total energy Removed from the inci­
dent beam and it should not be confused with the 
"Kinetic Energy Released per unit MAss" 
(KERMA). The IBRMA includes the kinetic energy 
imparted to electrons and the energy of the residual 
photon. The 1ERMA T(r') at point r' is 

T(r') = (1:. l Eo <I>(r') 
p Jo 

thus Equation 3 can be rewritten as 

(6) 

For a dose spread function defined in an infinite 
volume, the energy released at the interaction site 
matches that deposited during the ranging process•J, 
that is: 

(7) 

A problem with the approach outlined so far is that 
the model assumes the beam to be monochromatic. 

The differential pencil beam (DPB) method of 
Mohan et al • adjusts the superposition model by pre­
senting fluence and dose spread information which is 
representative of a polychromatic beam. This method 
defines two quantities: the probability of photons 
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interacting (a similar quantity to TERMA); and the 
DPB (similar to H) of the dose distribution. 
Converting to the nomenclature used in this paper the 
following equivalent relation is obtained 

where T E(r', E) is the TERMA per unit energy inter­
val at E and HE(r-r', E) is the dose spread per unit 
energy interval. 

The major improvement of this superposition model 
is that it inCOipOrates a superposition of each discrete 
beam energy component and then an integration over 
the energy components. Though this is the most rig­
orous way to cope with the polychromatic beam 
hardening effect, it slows the process by a factor pro­
portional to the number of energy components used 
(for example a ten component spectra will slow the 
process by a factor of ten). 

The method we have used involves computing the 
dose at points in a medium by supezposing an array 
of data representing the dose spread function (the 
dose spread array or DSA) from the interaction of a 
photon at a point in the medium with an army of data 
representing the TERMA at points in the beam. The 
polychromatic nature of the beam is accomued for by 
modelling the beam as having ten spectral compo­
nents. A "polychromatic dose spread array" or PDSA 
for an interaction from a beam with this spectrum 
was derived. The TERMA army is calculated from a 
weighted average of the TERMA arrays for the ten 
photon energies to give a "polychromatic TERMA 
army". Thus the method accounts for the effect of 
beam hardening of the TERMA. But it does not 
account for the effect of beam hardening on the 
PDSA since a single PDSA (usually for the spectrum 
at the surface of the medium) is used at all depths. 

This m_odel is shown to be adequate for modelling a 
beam m a homogeneous medium penetrating to 
ex~eme radiological depths. A time advantage is 
gamed because only one superposition per beam is 
required. This method is examined later in the paper 
to show that it provides accmate depth dose data to 
extreme radiological depths. A complementary paper 
by Murray et a/12 outlines the times required to 
compute dose distributions using this method. 

Beam Spectra 

Bremsstrahlung X-rays produced in a linear accelera­
tor by electrons slowing down during passage 
through the target have a continuous range of energy. 
The practice of referring to a beam by its nominal 
peak energy indicates little about. the spectral spread 
of photons below this value. In some applications a 
nominal value of 30% is applied to get an average of 
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the photon enezgy. For example, a 10 MV beam is 
often assigned an approximate mean energy of 3 
MeV. 

An excellent review of the differences in penetration 
characteristics which do occur between different 
linear accelerators of the same target and flanening 
filter design can be found in the British J oumal of 
Radiology's Supplement 17.15 'The differences are a 
function of the nominal enezgy of the electrons when 
they strike the target. and this can vary from machine 
to machine depending primarily on specific wave­
guide and klystron characteristics. 

Very little measured information on high energy 
spectra is available mainly due to difficulties with the 
high photon fluence saturating detecting systems. 
Some analysis has been attempted using spectral 
analysis• ... , and attenuation analysis .• .,., The devices 
and computations employed are complicated and 
computationally intensive, respectively. 
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Fip,n _2: Ten Componenl JOMV photon speclrllln, a sun­
plificat,on of thal published by Mohan ONi CJaMi.• 

The data used to calculate polychromatic TERMA 
~d DSAs for the the studies described in this paper 
JS the spectral beam information published for a 10 
MV Clinac 18 by Mohan and Chui.20 They produced 
the_ expected spectrum by using a Monte Carlo simu­
lau~n. The spectral distribution is a simplified 
version of the original spectra in that it has a ten 
con:1ponent spectra as shown in Figure 2. The distri­
buuon. shows how the beam's spectral components 
are weigh!-ed ~ward the low end of the enezgy spec­
~- V~ri.ficauon of the suitability of this spectral 
infonnabon fm: the Waikato Hospital lOMV photon 
~ was ob~ed by using the Waikato University 
implementauon of the "electron gamma shower" 
(EGS) Monte Carlo simulation code as supplied by 
the Stanford Linear Accelerator Centre (SLAC) 
Nelson et ar•, and implemented at Waikato by 
Murray et al .12 
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Table 1 

EGS PARAMETERS USED IN SX5 CM FULL PHOTON BEAM SIMULATION 

PARAMETER NAME DESCRIPTION VALUE 

EI Incident photon energies Spectral see table 2(A) 

NCASE Number of photons incident 6.75 million 

ES1EPE Maximum fraction of electron 0.05 
energy loss per step 

TIME Vax 6220-CPU simulation time 108 hours 

ECUT' Electron kinetic energy local S0keV 
energy deposition cut-off 

AE' Minimum delta ray energy S0keV 

AP Minimum scattered photon energy S0keV 

PCUT Photon energy local deposition 50keV 
cut-off 

An EGS simulation was run on a VAX 6220. It simu­
lates the percentage depth dose (%D) properties of a 
SxS cm beam. The EGS parameters used in the simu­
lation are outlined in Table 1 and the spectral 
components used are shown in Table -2. The results of 
the simulation which followed the histories of 6. 75 
million incident photons over a computing time of 
108 CPU hows are shown in Figure 3. Note that each 
point shown on the graph represents the dose scored 
in a cylindrical voxel element of 8mm radius and 
5mm depth. The dose is normalised to the voxel con­
taining maximum dose <Dm.J· The results of the 
EGS simulation agree to within a 3% mean enor 

%0 

80 

60 

40 

20 

- Experimenral mcasurcnents 
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Figur• 3: Central tJJCis puctmlage depth dose ('1oD) 
curves showing a comparison between a Monte Carlo 
(EGS) simulation which follows the histories of 6.75 
million photons and experimental dala colil!cted using a 
PTW ionisation chamber in a Therados water tank. The 
beam size is 5x5 cm. 
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with the depth dose readings obtained for a similar 
beam from the Waikato Hospital's Varian Clinac 18 
linear accelerator measured with a PTW ionisation 
chamber in a Therados RFA-3 water tank (see 
Appendix B, Equation B2 for details of error analy­
sis). This indicates that it is appropriate to use the 
simplified spectral data of Mohan and Chui20 to simu­
late a l0MV beam from our linear accelerator. 

Fluence and Terma 

Let the relative fluence at a depth r' of a monochro­
matic beam of energy Eo be cz»(r'). If <t>(r') is the 
relative primary fluence at the surface, then 

(9) 

where µ is the linear attenuation coefficienL 

For a polychromatic beam where there is a range of 
photon energies from 0 to E mu• then 

<l>(r') = Le,_ d«:t) dE 

where d<t>(r')/dE is the number of photons in a unit 
energy interval. 

To acquire a discrete summation equivalent, each 
energy interval is assigned a mean energy Ea, and an 
energy fluence weighting F n which defines the rela­
tive number of photons per energy interval (see 
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Figure 2). Then taking the discrete sum of energies 
from O to Emu,, the fluence is 

where n=l is the first spectral energy component and 
N is the total number of spectral components, 4>i!n(r.) 
is the discrete photon fluence at the surface for the 
nth spectral component and ~ is the attenuation 
coefficient for the nth spectral component (note ~ is 
the same as (µ/p) 0 for unit density material). An 
inverse square correction (r,/r''jl is also included to 
account for intensity reduction of the fluence with 
distance from the source. 

The polychromatic TERMA is given by 
2 N 

T(r') = ( ;? ) L ( ~ l En Fn ~n e- ~ Ir' - r, I 
n=I 

(12) 

The values used far F0 and Ea are listed in Table 2(a) 
for the ten spectral components used. 

To observe the effect of monochromatic and poly­
chromatic spectrum assumptions on the expected 
fluence, the relative fluence produced using a 
nominal 3MeV monochromatic beam is graphed 
against depth in Figure 4(a) along with a graph of 

relative fluence against depth produced by using the 
polychromatic beam spectrum. Comparison of the 
curves in Figure 4(a) shows that the error in the 
monochromatic fluence curve is about 15% at points 
beyond 10cm (see Appendix B, Equation Bl). This 
indicates that the assumption that the fluence of a 
beam can be modelled as monochromatic is invalid 
and that it should be modeUed as being poly­
chromatic. 

To observe the effect of monochromatic versus poly­
chromatic spectral assumptions on the relative 
TERMA, a graph of relative TERMA produced using 
a nominal 3Me V monochromatic beam is plotted 
against depth in Figure 4(b). This graph also includes 
a plot of relative TERMA against depth produced by 
using the polychromatic beam spectrum. Comparison 
of the curves in Figure 4(b) shows that the difference 
between the monochromatic and polychromatic 
T£RMA curves is 2% at 10cm and inaeases to 10% 
at 50 an. This indicates the assumption that the beam 
must be modelled as being polychromatic rather than 
monochromatic is not as vital when calculating 
TERMA as it is when calculating fluences. But the 
mor is still significant enough to require that a poly­
chromatic beam assumptioo is made where possible. 

Dose Spread Arrays 

The effects of assuming a polychromatic or a 
monochromatic beam on DSAs are studied in this 
section. Several EGS Monte Carlo simulations were 

'lable 2: 

(A) SPECTRAL DATA USED IN GENERATING FLUENCE AND PDSA INFORMATION 

ALSO USED IN GENERATING 5X5 CM FULL FIELD MONTE CARLO SIMULATION: 

Attenuation coefficients (Johns and CunningbamJS: 
spectral components N = 10 

EI =Enezgy En 0.5 1.5 2.S 3.5 4.5 5.5 6.5 7.5 8.S 9.5 
% Fn, row 1 (d= 0cm) 17.5 22.0 20.4 12.9 9.2 7.1 4.9 3.2 1.9 0.9 
% F0 , row 2 (d= 25cm) 5.1 16.6 21.1 16.0 12.8 10.7 7.5 5.3 3.4 1.S 
% Fn, row 3 (d = 50cm) 1.2 10.4 18.3 16.8 15.2 13.7 9.8 7.5 4.8 2.3 
µn .0969 .0575 .0445 .0368 .0321 .0289 .0284 .0251 .0237 .0227 

(B) 3MEV MONOCHROMATIC DATA USED IN GENERATING FLUENCE 

AND MDSA INFORMATION 

Attenuation coefficients (Johns and Cunninghamis: 
spectral components N = 1 

(Eo) 3.0 
JJ0 .0397 
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nm wheieby a monochromatic DSA (MDSA) for a 
3MeV photon beam was produced using the spectral 
information outlined in Table 2(b ). This was com­
pared with PDSAs produced using the spectral 
components outlined in Table 2(a) . 

Sets of DSA data were formed by forcing 250 000 
photons to interact at a point and following the dose 
deposition histories. Figure S shows the DSA polar 
scoring coordinate geometry used in the EGS imple­
mentation. The radial shells arc separated into 5 
degree angular intervals (48 = S degrees). Enezgy is 
scored in radial shells of Imm length (M = 1 mm) 
and these shells radiate out from the interaction voxel 
along a distance to the centre of the shell which is 
defined as the "shell depth s" and an angle which lies 
between 8 and 8 + 48. Important parameters used in 
the EGS simulation are outlined in Table 3. The EGS 
simulation gives results in tenns of energy deposition 
per voxel volume normalised to energy released at 
the interaction site. These are then divided by voxel 
volume to give values of relative energy deposition 
pe.r unit volume . 

Flgr,n 5: Polar geOflllltry ducribing tl&c DSA scoring 
coordinate frameworlc usu. ITJ EGS. TM pl&oton inleacts 
at tM primary inta-ection siu and dose is scored in a 
sMll of dqtla s . TM dose is sconui into a vo""- defuwd 
1rJ tl&c polar Vt»rlll inttITVal willlin tlut angle 8 and 9+tl8 
and tlut ll!ngtla oftlut sl&cU i.r &. 

TableJ 

EGS PARAMETERS USED IN MDSA AND PDSA BEAM SIMULATION 

PARAME1ER NAME DESCRIPI'ION VALUE 

EI Incident photon energies PDSA Spectral see table 2(A) 
MDSA Eo = 3 MeV 

NCASE Nmnber of photons incident 250000 

ESTEPE Maximum fraction of electron 0.02 
eneigy loss pe.r step 

TIME Vax 6220-CPU simulation time 12homs 

ECUT Electron kinetic energy local S0keV 
eneigy deposition cut-off 

AE' minimum delta ray energy 50keV 

AP minimum sc:attcred photon energy 50keV 

PCUT photon energy local deposition 50keV 
cut-off 
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The term H(r) in Equation 13 re~~ts the r~lative 
fraction of energy released at r which 1s depoSlted at 
r' per cm3 of deposition volume. It is equivalent f? a 
normalised relative dose. For an MDSA the equauon 
which defines this is 

d.Eo(r) 
• H(r) = E0(r') dv (13) 

where dv is a small volume in the shell at depth s and 
angle 8 (see Figure 5), and dEo(r)/Eo(r') is the frac­
tional energy deposited in the volume dv of the 
energy E0(r') released at position r'. 

The PDSA data could have been derived from 
several monochromatic EGS simulations by comput­
ing a weighted sum over the spectral components in 
much the same way as the fluence was derived, such 
that 

N 

H(r) = L, Fn H(r, En) 

n=l (14) 

. . 
• .,.1 . . . . . . . . . . . . . . . . . 

Figure 6: PDSA profiles showing relalive dose plotted 
against shell depth for three polar anglu, 0 - 5 degrees, 
45 - 50 degrus and 90 - 95 degrees. Thi! PDSAs were 
generated ILSing the surface polychromatic spectra ( see­
Table 2a, row 1). 

Note that this is not how the PDSAs were formulated 
here. Instead H(r) was obtained directly using the 
EGS simulation with the simplified polychromatic 
spectrum of Mohan and Chui20 for a beam at the 
surface of a water phantom (see Table 2(a), Fn row 
1, for details of the spectrum used). In Figure 6 
graphs of the PDSA data produced from the EGS 
simulation are plotted against distance from the inter­
action site. The vertical axis of the graph is H(r) (cf. 
relative dose), and the horizontal axis the mean shell 
depth, s, of the shell in which the energy is deposit­
ed. We have called such graphs "DSA profiles". Data 
for three different shell angular intervals are shown 
on the graphs and indicate the reduction of dose 
deposition with angle and the rapid reduction of dose 
deposition as the distance from the interaction site 
increases. As expected, most of the energy is deposit­
ed downstream of the interaction site. 

Shown in Figures 7(a) - (c) are DSA data produced 
from two different EGS simulations. In one simula-
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Figure 7: PDSA profiles showing relative dose ploned 
against shell dq,th for thru polar onglu- compared with 
MDSA profiles prodw:ed using a monochromaiic 3MeV 
beam (see-Table 2b). 

( a) PDSA versus MDSA comparison al 0 - 5 degree polar 
interval. 

(b) PDSA versus MDSA comparison a1 45 - 50 degree 
polar interval. 

(c) PDSA versus MDSA comparison al 90 - 95 degree 
polar interval. 

tion 3Me V MDSA data is produced; the other simu­
lation was that which produced the PDSA data 
shown in Figure 6. Graphs for three angular intervals 
are. shown, between 8 = 0 and 8 + ae = 5 degrees 
(Figure 7(a)), between 8 = 45 and 8 + ae = 50 
degrees (Figure 7(b)) and between 8 = 90 and 8 + .118 
= 95 degrees (Figure 7(c)). Note that the DSAs pro­
duced using the polychromatic beam are significantly 
different from that produced using the monochromat­
ic beam. They show a 1~ defined electron range and 
less immediate deposition close to the interaction 
site. For example, at the location s = 5 mm in the 
polar interval 0-5 degrees close to the interaction 



voxel. the difference is almost a factor of ten and this 
reduces to a factor of five at the 45-50 degree angular 
interval. This demonstrates that the use of MDSA 
data is ·probably inadequate for the superposition 
process; an assumption confirmed in the next section. 

To examine the effect of beam hardening, further 
PDSAs were then produced by EGS simulation using 
the spectra calculated from the spectrum of Mohan 
and Chui» for depths of 25cm and 50cm (see Table 
2(a), F0 rows 2 and 3). These data were in tmn com­
pared with the PDSA for the spectrum at the surface 
(ie that of Mohan and Chui). The results are shown in 
Figure 8 for the polar angle 45-50 degrees. These 
results demonstrate that beam hardening induces rel­
ative dose differences of up to a factor of two 
between the distributions produced using the surface 
spectra and that produced using the 50cm deep 
spectra. This difference is caused by spectral beam 
hardening. The insignificance of this difference·to the 
accuracy of the superposition process is outlined in 
the next section. 

POSAOCmdePll'I 

• POSA2ScmdaDll'I 

• POSA50cmdllDltl 

• • • 

10· 8 +--....... - ............... - ........ -.--.,........--.--.,........--,---1 
0 1 0 1 2 1' 16 1 8 20 

Figure B: PDSA profilu sJsowing relative dose plotted 
against siwU dqth for three different spectra at a sing~ 
45-50 degree polar interval. TM spectra geMTated for 
u.se in tlw EGS sinwJQlions were those expected using tlw 
flwmce attelllUllion equation 11, applied to dqths of 0, 25 
and 50cm (tlwse spectral componenls are shown in Table 
2a). 

Superposition Results 

Superposition was carried out using the newly devel­
oped framework whereby the superposition Equation 
6 was used in conjunction with T as defined in 
Equation 12. and H as defined in Equation 14 (but 
actually obtained by performing a Monte Carlo simu­
lation for a polychromatic beam). The beam 
spectrum chosen was that for a O cm depth (see table 
2(a) F0 , row 1). 

In Figure 9(a) is shown the central axis percentage 
depth dose (%D) curve for a 5x5 beam generated by 
superposition of the surface polychromatic spectra 
with the polychromatic TERMA. Also shown is the 
experimental depth dose curve obtained by using a 
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PTW (0.1cc) thimble ionisation chamber in a 
Therados water tank. The reasons for the discrepancy 
in results in the build up region are outlined in a 
complementary article. see Murray et al. 12 

Comparison of the superposition results with the 
experimenlal depth dose data gave a mean enor of 
2% (see Appendix B. Equation B2) in the depth dose 
(fall off region). The small error indicates that the use 
of a single PDSA is adequate to model beam depth 
dose characteristics in a homogeneous water medium 
down to an extreme radiological depth (50cm which 
may occur in the pelvic region). This demonstrates 
that not accounting for beam hardening of the poly­
chromatic DSA component does not cause a 
significant error in percentage depth dose calculation. 
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Figure 9: 
( a) TM cenlrtll am perc1!1114ge d,q,tla dose ('foD) C11TV e 
for a 5%5cm beam generated by SKperposition of the 
surface polychromalic spectra (seefigW't! 6)with tlw poly­
chromatic TERMA ( sa fig Wt! 4( b )) is shown. Also plotted 
is tl,e uperimental central aJtis depth dose c11.rv e 
obtained using a P1W ionisation chambt!r in a Therados 
water ta.nJc. A comparison of res11.lts shows that tM 
superposition dala points coincide with tlw aperilMntal 
dala to within a mean error of 2'1o with tlw apt!!l'itMntal 
dala 

(b) TM central aJCis perr:1!1114ge depth dose ('foD) curve 
for a 5%5cm beam generated by s11.perposition of tlw 
3MeV MDSA (see figMre 7) with the polychromatic 
TERMA (see figure 4(b)) is shown. Also plotted is tlw 
uperimental central azis depth dose curve obtained 
using. a P1W ionisation chamber in a Therados water 
tank. A comparison of res11.lts shows that tlw superposi­
tion data points coincide with tlw aperimDual dala to 
within a mean e"or of 8'1o with IM aperilMntal dala 
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Shown in Figure 9(b) is a central axis depth dose 
curve generated by superposition of the 3MeV 
monochromatic DSA (MDSA) with the polychromat­
ic TERMA. Also shown is the experimental depth 
dose curve obtained. Comparison of the curves 
shows that the curve produced by superposition of an 
MDSA is too sharp in the build up region and the 
depth dose (fall off) region shows a mean error of 
8%. It is obvious from the inaccuracy in results 
shown in Figure 9(b) that superposition involving the 
use of an MDSA does not produce sufficiently accu­
rate depth dose information for radiotherapy 
treatment planning. 
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Appendix A: 

Re-examination of the Scatter 
Function Model 
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In effect. the present "scatter function" model of dose 
deposition states that the beam can be represented by 
two components. That is the dose deposition due to 
primary photons TAR(d,0) at depth d and beam size 
0, and the dose deposition due to scattered photons 
SAR(d.S) at depth d and beam size S: 

TAR(d,S) = TAR (d.O) + SAR (d.S) . (Al} 

If the dose and fluence site arc now represented using 
a vectorial framework (see Figure 1) then the 
assumption of the scatter function model is that: 

Dose(r) = Primary Dose(r) + Scatter Dose(r) . (A2) 

This model implies that the dose deposition site is 
at the same position as the dose interaction point 
Thus in the scatter function model it is assumed that 
the photon electron interaction site and the site where 
electrons deposit their energy arc spatially coinci­
dent. that is: 

r= r'. (A3) 

This assumption is not correct for high energy 
photon beams, because high ene.rgy electrons have a 
significant range. For example the mean range in 
tissue for electrons of 3Me V is about 2.0 cm and this 
range extends in low density media. 

The "on the spot" energy deposition assumption is 
the major model inadequacy of the scatter function 
method. This assumption requires electronic equilib­
rium to exist for it to be accurate. The number of 
disequilibrium situations now encountered in day to 
day radiotherapy treatment planning situations is 
increasing due to the replacement of Cobalt-60 
machines with higher energy acceleral01'S. and so the 
need to replace this model in dose calculations where 
disequilibrium may occur (in regions of interfaces, 
inhomogeneities and beam boundaries) is paramounL 
The logical replacement framework is a superposi­
tion approach since this accounts for dose deposition 
at sites remote from the original interaction. 
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Appendix B: 

Error Assessment Method 

The errors quoted relate to normalised errors. This 
means that all data points are given an equal weight­
ing of importanee in error assessmenL This is a very 
critical way to assess enors especially in regions of 
extreme radiological depth. For assessing the 
TERMAerror 

N 
L [ ( I T monochromatic - T po_lychromatic J ) X loo] 
n =I T polychromauc 

%enor= N (Bl) 
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where N is the number of sample points and T repre­
sents the TERMA calculated for monochromatic and 
polychromatic beam respectively. Assessment of 
fluence error was undenaken using equation B 1 by 
replacing T with ct>. respectively. 

For assessing the error of Monte Carlo and superpo­
sition simulations 

N 
L [( J Dsimulation - Dexoeriment J) X lOO] 
n =l Dexpenment 

%error= N 

(B2) 

where N is the number of sample points and D is the 
percentage dose due to the simulation and experi­
mental data respectively. 
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Total and primary polyenergetic dose spread arrays (PDSAs) have been generated for a high 
energy 10 MV radiotherapy photon beam using the electron gamma shower (EGS) Monte 
Carlo code. By considering the attenuation of fluence per energy interval, PDSAs have been 
produced at radiological depths of 0 cm (the surface PDSA) and 40 cm (the beam hardened 
PDSA). 

By comparing primary PDSAs produced at these different depths, the effect of beam 
hardening on the PDSA has been quantified. Calculations show the mean electron range due 
to the surface primary PDSA is 6.67 mm and the mean electron range of the beam hardened 
primary PDSA is 8.24 mm. In comparison a 3 MeV primary monoenergetic dose spread 
array MDSA has a much smaller mean electron range of 4.81 mm. 

A radiotherapy X-ray beam computation method is introduced which involves a single 
superposition of the surface generated PDSA or beam hardened PDSA with a polyenergetic 
TERMA. The mean percentage difference between depth dose curves obtained using 
superposition of surface and beam hardened PDSAs is only 0.1 %. The mean percentage 
difference from experimental data for these superposition curves is 2.8% down to 40 cm in a 
homogeneous phantom. The superposition process is shown to be forgiving to spectral 
differences when calculating the PDSA, but sensitive to the incident photon energy spectrum 
used to calculate the TERMA. 

Key Words: 
radiotherapy, computerised treatment planning, superposition, convolution 
dose spread arrays, Monte Carlo, beam hardening, beam spectrum. 
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1, INTRODUCTION 

The properties of dose spread arrays (DSAs) have been reported by various authors (Dean 
1980, Mackie et al 1985a, 1988, Boyer and Mok 1985, 1986, Boyer et al 1989, Mohan 
et al 1986, Ahnesjo et al 1987, Ahnesjo and Mackie 1987, Ahnesjo 1989, Metcalfe _e~ al 
1989). These dose spread arrays (DSAs) have also be~n termed as energy _deposmon 
kernels, differential pencil beams and point spread funcuons by the authors cited above. 
The work of Mackie et al (1988) demonstrates the effectiveness of applying DSA data to 
find solutions to radiotherapy beam interaction phenomena. 

The "superposition" methods developed by these authors employ convolution mathematics 
applied to DSAs to effectively model charged particle transpo~ in three dimensions. 
Superposition methods have been shown to closely match expenmental data and Monte 
Carlo simulations in regions of electronic disequilibrium (Mackie et al 1985a, Mohan et al 
1986, Metcalfe and Battista 1988, Ahnesjo 1989). In contrast, other currently employed 
algorithms such as scatter function and effective pathlength methods, which only model 
photon transport, display inaccuracy in such regions (Kornelson and Young 1982, 
Cunningham 1982, Mohan and Chui 1985a, Mackie et al 1985b, Metcalfe and Beckham 
1988). 

Further improvements in the speed of superposition techniques using Fourier transforms 
have been demonstrated (Boyer 1984, Boyer et al 1988, Field and Battista 1987, Murray et 
al 1989). It is however more difficult to achieve correct range scaling using Fourier 
convolution techniques (Boyer and Mok 1986, Ahnesjo 1989). Prudent programming of a 
parallel computing system has recently shown that real space superposition with range 
scaling is approaching the speed required for use in routine radiotherapy planning (Murray 
et al 1990). 

The superposition methods of Mohan et al (1986) and Boyer et al (1989) rigorously model 
the polyenergetic nature of the high energy photon beams used in radiotherapy. The penalty 
involved in this approach is that a separate convolution is required for each of the beam's 
spectral components. This increases the computation time for convolution approximately in 
proportion to the number of spectral components. 

An alternative approach is to correct for the polyenergetic nature of the beam while 
maintaining a single convolution per beam. This method does not explicitly account for the 
effect of beam hardening on the DSA as it traverses tissue. Hence a detailed analysis of the 
effect of beam hardening on polyenergetic dose spread arrays (PDSAs) and the final dose 
distribution is essential. The magnitude of this effect is quantified in this paper. 

patient surface 
-----1-----11--_ 

r 

deposition site 

Figure l(a): Vectorial framework for the superposition approach. The photon interacts at r' and dose is 
transported to r by charged particles. 
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2, THEORY OF SUPERPOSITION 

The superposition system of mapping dose deposition in a homogeneous phantom calculates 
the dose D(r) to a point r from a photon interaction at point r' (Figure l(a)) using the 
superposition (convolution) integral of the primary fluence cl> and the energy spread function 
G. 

In this manner scattered charged particles ranging away from the initial interaction sites are 
accounted for. The components of the total energy spread function GT are energy from 
charged particles (positrons and electrons) from primary photon interactions, energy from 
charged particles from first scatter photon interactions and energy from charged particles 
from multiple scatter photon interactions. If cl> is the primary photon fluence at position r' 
and D is the dose to the volume element at position r, then for a monoenergetic photon beam 
in a homogeneous medium the dose is a convolution over the volume being irradiated v , 
such that 

(1) 

The term GT(r-r') represents the dose deposited at r due to a unit fluence at r'. This term 
includes factors which convert from fluence (photons cm-2) to energy per unit mass by the 
inclusion of the mass attenuation coefficient (µIp )o multiplied by the beam energy. For a 
monoenergetic beam of energy Eo then 

(2) 

The term HT(r-r') is the dose spread function which represents the fraction of energy 
released at r' that is deposited in a unit volume at r, such that 

(3) 

where dE(r - r') is the energy deposited per unit volume at r due to a photon interacting at r'. 
Note that the energy released includes that of the scattered photons. 

An equivalent approach to (1) is to place the energy transfer terms into the fluence part of the 
equation (that is the mass attenuation coefficient (µ/p)o and the beam energy Eo are multiplied 
by the fluence). This new quantity has been defined as the "Total Energy Released per unit 
MAss" (TERMA) (Ahnesjo et al 1987). The TERMA T(r') at point r' is 

T(r' ) = ( ~ ) 0 Eo <l>(r' ) , 

and thus ( 1) can be rewritten as 

(4) 

(5) 

A problem with the approach outlined so far is that the model assumes the beam to be 
monoenergetic. 
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The differential pencil beam method of Mohan et al ( 1986) and the convolution method of 
Boyer et al (1989) adjust the superposition model by presenting fluence and dos~ spread 
information which is representative of a polyenergenc beam. T~ese methods defme two 
quantities: the probability of photons interacting (a similar qu~nnty to TE~~); and the 
differential pencil beams or several monoenergetic convolut10!1 kerne_ls (s1milar t_o H). 
Converting to the nomenclature used in this paper the followmg eqmvalent relation 1s 
obtained 

(6) 

where TE(r', E) is the TERMA per unit energy interval and H(r - r', E) is the dose spread 
function for the energy E. 

The major improvement of this superposition model is that it incorporates a superposition of 
each discrete beam energy component by integrating over the energy components. Though 
this is the most rigorous way to cope with the polyenergetic beam hardening effect, it slows 
the process by a factor approximately proportional to the number of energy components used 
(for example the five component spectrum used by Boyer et al ( 1989) requires five 
convolutions and thus will slow this part of the computation process by about a factor of 
five). 

The method we have used involves computing the dose at points in a medium by convolving 
a polyenergetic dose spread array (PDSA) with a TERMA array derived from polyenergetic 
data. The PDSA is obtained from the fractional energy deposition at a position r-r' from an 
interaction point. Note that the photon spectrum used to compute the PDSA is that at a 
reference position r'refin the medium. Therefore the modification of (6) which we have 
used is 

(7) 

where Hp(r'ref, r - r') is the polyenergetic dose spread function as described in this paper 
and is equal to 

f dE(r - r' , E) : (r' ref• E) ( J:: (E)) dE 
H ( I ') E p 

P r ref• r - r = 
J E : (r'ref• E) ( ~ (E)) E dE 

(8) 

The term dE(r - r', E) is the energy deposited due to an incident photon of energy E in a unit 

volume at r from a photon interaction at r'. As (d<l>/dE) is the photon fluence per unit energy 
interval then ( d<l>/dE) multiplied by (µ/ p) is the number of interactions in a unit mass per unit 
energy interval at energy E. Therefore Hp is the energy fraction deposited at a point r 
normalised to the energy released at r'. 

For an incident photon of the ith energy component Ei, the probability of the interaction 
occuring varies with energy according to (µ/p)i. To allow for this the PDSAs are generated 
by weighting the incident photons by a factor proportional to (µ/p)i. This is done in the 
EGS code by setting the particle weight parameter WTIN to equal (µ/p)i. 
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Note from (7) that the TERMA value at r' is calculated from an integral over the energy 
components at depth r'. Accounting for beam hardening effects on the TERMA in the 
computation is trivial but is nevertheless essential because this defines the energy imparted to 
the medium at r. Comparison with monoenergetic TERMA arrays of the same mean energy 
have been shown to differ from the polyenergetic TERMA arrays by up to 10% (Metcalfe et 
al _ 1989). Therefore the method accounts for the effect of beam hardening of the TERMA. 
U smg (7) the effect of beam hardening with depth on the polyenergetic dose spread function 
is not accounted for, but it is shown in this paper that this does not lead to significant errors. 
A time advantage is gained because only one superposition per beam is required. 

Murray et al (1990) outline the times required to compute dose distributions using this 
method on eight T800 Inmos transputer modules. In brief, computation times of only a few 
seconds are required for convolution in Fourier space and computation times of about two 
minutes are required for superposition in real space, utilising a simple range scaling 
algorithm. 

3. BEAM SPECTRA 

3 .I Full Field Monte Carlo Verification al Surface Spectra 

The spectral data used to calculate polyenergetic TERMA and PDSAs for the studies 
described in this paper is the spectral beam information published for a 10 MV Clinac 18 by 
Mohan and Chui (1985b). They produced the expected spectrum by using a Monte Carlo 
simulation combined with geometric information about the target and flattening filter design. 
The spectral distribution we use is a simplified version of their originally published 23 
component spectrum in that it has ten components as shown in Table 1 (row 3). The 
distribution shows how the beam's spectral components are weighted toward the low end of 
the energy spectrum. 

Verification of the suitability of spectral information for our 10 MV photon beam was 
obtained by doing full field EGS Monte Carlo (Nelson et al 1985) simulations on a DEC 
VAX 6330. The simulations followed the histories of 4 million incident photons down to 
40 cm depth with the electron step length being set dynamically using the parameter reduced 
electron step algorithm (PRESTA) (Bielajew and Rogers 1987). The simulation batches the 
results into a set of ten and from these data sets the error in the mean is estimated. This was 
found to be less than 1 % in all positions down to 40 cm depth. The computing time for each 
simulation was about 40 CPU hours. 

The percentage depth dose (%D) curves for two 5 x 5 cm beams are plotted in Figure 2. 
Two different incident beam spectra were used for each simulation. The surface spectrum 
components used for the first simulation are shown in Table 1 (row 3, dref = 0 cm). To 
show the effect of using an incorrect spectrum the process was repeated using the beam 
hardened spectrum (Table 4, row 4, dref = 40 cm). 

Enerl!V En (Me V) 0.5 1.5 2.5 3.5 4.5 5.5 6.5 7.5 8.5 9.5 

(µ/p)n* .0969.0575 .0445.0368.0321 .0289.0284 .0251 .0237 .0227 
%Fn, dref = 0cm 17.5 22.0 20.4 12.9 9.2 7.1 4.9 3.2 1.9 0.9 
% Fn, dref = 40 cm 2.0 12.8 19.5 16.8 14.4 12.7 8.9 6.6 4.2 2.1 

Table I: Spectral data and mass attenuation coefficients used in generating fluence, TERMA and PDSA 
information. The data was also used in the 5x5 cm full field Monte Carlo simulation. * Mass attenuation 
coefficient data from Johns and Cunningham (1983) 
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Note that each point shown on the graph represents the dose scored in cyli_ndrical voxel 
elements which step down the central axis and are of dimensions 10 mm radius and 5 mm 
thickness. The dose is normalised to the voxel containing maximum dose (Dmax)-

As shown in Figure 2 the results of the EGS simulation using the O cm depth, 10 MV 
spectrum agree to within a mean difference of 1.2% with the experimental depth dose 
readings obtained for a similar beam from our Varian Clinac 18 linear accelerator, measured 
with a PTW ionisation chamber in a Therados RFA-3 water tank. This indicates that it is 
appropriate to use the spectral data of Mohan and Chui (1985b) to simulate a 10 MV beam 
from our linear accelerator, provided the surface spectrum is used. Hence dose spread arrays 
and TERMA arrays were generated using this spectral information. In contrast the results of 
the EGS simulation for the 40 cm depth, 10 MV spectrum show a shallow fall off compared 
to the experimental depth dose results. This is because the incident beam spectrum is too 
heavily weighted with high energy components. 

To demonstrate that the main difference in the depth doses generated using the different 
spectra for the two Monte Carlo simulations is due to beam hardening of the TERMA, Figure 
3 is presented. This graph shows the percentage TERMA (%T), calculated using (4) and 
(11), normalised to 100% at the surface plotted against depth as calculated for the O cm 
depth, 10 MV and 40 cm depth, 1 OMV spectrum. Note the differences between the curves 
are significant and reflect those in Figure 2. 
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Figure 2: Central axis percentage depth dose (%D) curves showing a comparison between a Monte Carl 
(EGS) simulation which follows the histories of 4 million photons. The Monte Carlo simulation £ 0 

two different spectral distributions; that typical of a 10 MV surface spectrum (normalisation at O s_ arleOO~ 
1 2 . max IS 7o 

= 3.11 pGy Mev- cm ) and that typical of a 10 MV beam which has traversed 40 cm of t 
(normalisation at Dmax is 100% = 3.98 pGy Mev-1 cm2). Experimental data collected us· wPaTWer . . . h be . mg a 
1omsauon c am rm a Therados water tank is also plotted on the graph. The beam size is 5 x 5 cm. 
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Figure 3: Percentage IBRMA versus depth curves. The two 1ERMA curves are for the surface spectrum and 
beam hardened spectrum respectively. Normalisation at the surface T max for the surface spectrum is 100% = 
6.03 pGy Mev-1 cm2, and normalisation at the surface Tmax for the beam hardened spectrum is 100% = 5.42 
pGy Mev-1 cm2. 

3 .2 Chan~e qf Beam Spectrum with Depth 

It is possible to account for beam hardening effects on fluence as follows. For a 
polyenergetic beam where there is a range of photon energies from O to E max 

(9) 

where d<l>(r')/dE is the photon fluence in a unit energy interval at E. For a discrete number 
of spectral components 

N 

<l>(r' ) = L <I>n(r') (10) 

n=l 

A normalised spectrum at depth r' is found by normalising each component at depth to the 
total fluence at depth r'. If Fn(r') is the normalised component of fluence at r' then 

Fn(ro) e-(µ/p)n Ir'- ro I 
Fn(r') = _N___;_ _______ _ 

L F/ro) e -(µ/p)j I r' - ro I 

j=l 

(11) 
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where Fn(ro) is the normalised fluence component at the surface. 

A normalised photon spectrum at any depth may now be found from the normalised 
spectrum at the surface. Values used for Fn have been calculated for the ten component 
spectrum as it is attenuated down to 40 cm depth, and the values for 0 cm and 40 cm spe~tra 
are listed in Table 1, rows 3 and 4 respectively. The data in Table 1 shows that there 1s a 
higher relative proportion of low energy spectral components for the surface spectrum than 
for the 40 cm depth spectrum. This is due to the more rapid attenuation of the low energy 
components with depth. The normalised fluence at any depth may then be used to generate 
the PDSAs using the method outlined in section 2, in this manner the effect of changing 
energy fluence with depth is accounted for. 

4, DOSE SPREAD ARRAYS 

4.1 Polyenergetic Dose Svread Arrey Profiles in Polar Coordinates 

Sets of DSA data were formed by simulating 250 000 photons interacting at a point at the 
origin of a polar coordinate system and following their dose deposition histories. Figure 
l(b) shows the DSA scoring geometry used in the EGS simulation. A scoring voxel is 
defined as the ring shaped region formed by the intersection of a concentric radial shell and a 
discrete polar angular interval. The radial shells have a thickness of 1 mm and the angular 
intervals span 5 degrees. The "voxel radius" ri is defined as the distance from the origin to 
the centre of the shell, and the "polar angle" Si is defined as the angle to the centre of the 
voxel. 

interaction 
site 

,,,,••··· .. , ...... •'••··· ··········· 

rz,.l!!!!!;;.;;;;:;;:==t•_-:_:,::::r:.=:~~~ deposition 
site 

deposition 
shell 

~igure l(b): Polar: geom~try de~crib~ng the DSA _scoring c?Ordinate framework used by EGS. The photon 
mteracts at the pnmary mteracuon site and dose 1s scored ma shell of mean voxel radius ri. The dose is 
scored into a volume defined by the polar voxel interval within the angle 8 and 8+t18 which has a mean 
shell angle 8i, 

Imponant parameters used in the EGS simulation are outlined in Table 2. The EGS 
simulation gives resul~s in te~s o! energy deposition per voxel volume as a fraction of the 
energy released at the mteracuon site. Because the voxels are of unequal volume, the result 
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is then divided by voxel volume to give values which are defined as fractional energy 
deposition per unit volume (Ahnesjo 1989), in units of cm-3. 

PARAMETER NAME DESCRIPTION VALUE 
EI Incident photon enenries Spectra see table 4.1 

Number of photons incident 250 000 
ESTEPE maximum electron energy loss per step 0.02 

Vax 6330-CPU approx. simulation time 12 hours 
ECUT' Electron kinetic energy deposition cut-off 50keV 
AE' minimum delta ray kinetic energy loss 50keV 
AP minimum discreet radiative ener£!V loss 50keV 
PCUT photon local deposition energy cut off 50keV 

Table 2: EGS parameters used in MDSA and PDSA Monte Carlo simulations. 

In Figure 4, DSA values produced from the EGS simulation are plotted against distance from 
the interaction site for a particular angular interval centred at ei. The vertical axis of the 

graph is H(ri, 0i), which is the fractional energy deposition per unit volume, and the 
horizontal axis is the voxel radius ri of the shell in which the energy is deposited. We have 
called such graphs "DSA profiles". 

Shown in both Figures 4(a) and 4(b) is DSA data produced from three different EGS 
simulations. In one simulation 3 Me V monoenergetic dose spread array (MDSA) data is 
produced (this is the mean weighted energy of the 10 MV beam); the other two simulations 
produced PDSA data using spectral components encountered at two depths, dref = 0 cm and 
dref = 40 cm respectively. Graphs for two angular intervals are shown with Si= 2.5 
degrees in Figure 4(a) and Si = 47.5 degrees in Figure 4(b). The graphs indicate the 
reduction of dose deposition with angle and the rapid reduction of dose deposition as the 
distance from the interaction site increases. As expected, much of the energy is deposited 
downstream of the interaction site. 

Note that the DSAs produced using the polyenergetic beam are significantly different from 
that produced using the monoenergetic beam. They show a less defined electron range and 
less deposition close to the interaction site. For example, at the location ri = 8 mm in the 
polar interval centred at 2.5 degrees the MDSA line starts to dip below the PDSA lines and 
the dose deposition is much lower at about ri =14 mm, which appears to be the maximum 
range of electrons from primary interactions. Note at greater angles the difference between 
initial dose deposition are even greater (see Figure 4(b)). This is because the dominant 
Compton scattering angles are more obvious for the MDSA profile than the PDSA profile. 
These results demonstrate that the use of MDSA data is probably inadequate for the 
superposition process. This assumption has been previously confirmed elsewhere (Metcalfe 
et al 1989). 

There are also differences in relative energy deposition between the two PDSA profiles. The 
magnitude of this effect is not clearly shown on the plots because of the log scale on the 
vertical axis (which is unavoidable due to the rapid energy deposition fall off). Note that 
these differences lead to very small spatial differences of about 1 mm between the profiles. 
This is because of the rapid energy deposition fall off. It is important to realise that although 
the percentage difference between the O cm and 40 cm PDSAs increases with depth, the 
actual contributions to dose at larger distances from the interaction voxel are several orders of 
magnitude lower than those close to the interaction voxel. The difference is caused by harder 
spectrum. Note, for example, that the beam hardened PDSA shows energy deposition at a 
greater range than the surface PDSA. The insignificance of this difference to the accuracy of 
the superposition process is outlined in section 5. 
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Figure 5: 
Primary PDSA profiles showing relative dose plotted against voxel radius ri for two polar angles compared 
with primary MDSA profiles produced using a monoenergetic 3 MeV beam. 
(a) primary PDSAs versus primary MDSA comparison at 0i = 2.5 degree polar interval. 

(b) primary PDSAs versus primary MDSA comparison at 0i = 47.5 degree polar interval. 
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4.2 Primary Polyenergetic Dose Spread Array Profiles in Polar Coordinates 

The process described above was repeated, except only dose from primary photon 
interactions at the origin which led to charged particle transport was scored. Mackie et al 
(1988) call these primary dose spread arrays or primary deposition kernels. 

This data is shown because it gives an indication of dose deposition from charged particle 
transport. The graphs of Figures 5(a) and 5(b) show the "primary DSA profiles" for two 
angular intervals, the interval centered at ei = 2.5 degrees (Figure 5(a)) and the interval 

centred at 0i = 47.5 degrees (Figure 5(b)). 

Note that the energy deposition close to the interaction voxel is very similar to the values 
obtained for the total DSA profiles. However, the profiles diverge from those of Figure 5 
further from the interaction voxel because the flat tail due to secondary photon interactions is 
not present in these profiles. The difference between the surface and beam hardened PDSA 
primary profiles is once again small, however their fall off is much less rapid for both of the 
polyenergetic profiles than the monoenergetic DSA profile. This is because of the much 
broader range of electron energies present in the case of the PDSAs, leading to a less defined 
electron range. 

It is important to note that for these graphs the geometric centre of the voxel has been used. 
It is valid to define the voxels at the geometric centre for these plots provided it is not 
assumed that the effective position of energy deposition is at this position. 

4.3 Etfective Range of Energy Deposition for Primary PDSAs 

Mackie et al (1988) have shown that the assumption of dose deposition at the geometric 
voxel centre is not valid when an accurate assessment of primary DSA charged particle range 
is required. For this reason we have developed a method of calculating the effective range 
within the EGS simulation, using the position of each charged paticle step. This avoids the 
need to calculate the effective voxel centre as is the case when energy scored per voxel is 
used to calculate the range (Mackie et al 1988). 

This has been achieved using the position of each charged particle step relative to the primary 
interaction point. Energy Eri is deposited for the nth step, and the effective charged particle 
range reff is given by 

N 

L Enc~+ y~+ ~)1,2 

n=l 
reff = N (12) 

Len 
n=l 

:,vhere ~n, Yn, and Zn are the cartesian coordinates describing the particles position and the 
mteractton occurs at (x,y,z) = (0,0,0). To e~s.ure that energy is deposited on average at the 
cen!Te _of the charged parttcle step, the pos1~on of energy scoring alternates between the 
begmmng and end of the step for each successive particle history. 
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Similarly the effective longitudinal range Zeff can be established as 

N 

LEn2n 
n=l 

Zeff N (13) 

LEn 
n=l 

and the lateral range Yeff is defined here as 

Yeff = 
n=l 

N 
(14) 

A summary of the range calculation results are shown in Table 3. MDSA results show good 
agreement with the calculations of Mackie et al (1988) for a 3 MeV dose spread array for all 
range calculations. The table also indicates the longer effective range of the PDSAs 
compared to the MDSA. The difference in mean ranges between the surf ace and beam 
hardened PDSAs is small (less than 1.5 mm) for all component range calculations. Note that 
Mackie et al ( 1988) use a different definition of lateral range to calculate Yeff which produces 
slightly different results. We have replicated this method for comparison and these results 
are in the column designated as y'eff• 

Type ofDSA Zeff reff Yeff Y1eff 
primary surface PDSA 5.73 6.67 2.79 3.41 
primary 40 cm PDSA 7.15 8.24 3.35 4.09 
primary mono. 3 Me V DSA 3.95 4.81 2.28 2.74 
primarv mono. 3 Me V DSA + 3.968 4.803 ----- 2.705 

Table 3: The effective depth of penetration Zeff, the effective range reff and the effective lateral distance Yeff 
of charged particle transport generated by primary dose spread arrays.. Also included is y'eff• The units of 
range are in mm. + Data from (Mackie et al 1988) 

4,4 !saline DSA Distributions 

In order to get some indication of spatial energy distributions of total PDSAs, they can be 
represented in isoline distribution, ie. lines of equal fractional energy deposition per unit 
volume. Shown in Figure 6 are the lines plotted for polar angle Si versus voxel radius ri. 

To demonstrate the differences in DSA characteristics, a single isoline for different DSAs is 
presented in Figure 6. The least penetrative is the 3 Me V MDSA, due to the absence of high 
energy recoil electrons. The surface 10 MV PDSA and beam hardened 10 MV PDSA show 
very small spatial differences, with the surface PDSA being slightly less penetrating than the 
beam hardened PDSA. 
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Figure 6: Isoline distributions showing levels of equal dose deposition within a mean polar angle versus mean 
shell radius. Different DSAs intercompared showing the 10-3 lsolines for the total 3 MeV MDSA, total 
surface 10 MV PDSA and total beam hardened 10 MV PDSA respectively (units cm-3). 
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Figure 7: (a) Two dimensional single quadrant representation of "non-smeared" DSAs scored in Cartesian 
coordinates. The upper values in each voxel refer to the dose deposition values obtained using the surface 10 
MV PDSA spectrum. The lower values in each voxel refer to the dose deposition values obtained using the 
40 cm depth, 10 MV PDSA spectrum (units cm-3). 
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Figure 7: (b) Two dimensional single quadrant representation of "smeared" DSAs scored in Cartesian 
coordinates. The upper values in each voxel refer to the dose deposition values obtained using the surface 10 
MV PDSA spectrum. The lower values in each voxel refer to the dose deposition values obtained using the 
40 cm depth, 10 MV PDSA spectrum (units cm-3). 
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Figure 8: Percentage depth dose comparisons in homogeneous media. The central axis percentage depth dose 
(%D) curves for a SxS beam generated by superposition compared with experiment The PDSAs used in these 
simulations were non-smeared. 
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5 RESULTS 

5.1 DSAs in Cartesian Coordinates 

In order to carry out superposition one can use polar arrays direct~~ (Mohan e~ al. 1986) or 
Cartesian arrays of data. The computation method for superposmon at our insutute uses 
Cartesian arrays. The cartesian arrays can be formed by "smearing" the ~hoton interaction 
points evenly throughout the interaction voxel or alternately the cartes1an arrays can be 
formulated as "non-smeared". 

A very small part of these Cartesian DSAs used in the superposition are shown in Figure 7. 
The energy is deposited in (5 mm)3 Cartesian voxels is shown across the central axis of a 
symmetric quadrant. The upper numeric values shown in Figure 7(a) are the fractional 
energy deposition per unit volume for the non-smeared surface 10 MV PDSA and the lower 
numeric values in each voxel are the fractional energy deposition per unit volume due to the 
beam hardened non-smeared 10 MV PDSA. This representation clearly shows that most 
energy is deposited in the interaction voxel but a significant amount of energy is also 
deposited in the other voxels. The fractional energy deposition in the interaction voxel is 
higher for the surface 10 MV PDSA than the beam hardened 10 MV PDSA but the 
differences in the other voxels are small. 

The comparison is repeated in Figure 7 (b) for smeared surface and smeared beam hardened 
PDSAs respectively. For the smeared spread arrays there is less energy deposition in the 
interaction voxel and more energy is deposited in the surrounding voxels. Examination of 
these figures shows that smearing, non smearing and the spectrum significantly affects the 
dose deposited in the interaction voxel and surrounding voxels. But we have found that the 
use of any of these DSAs produces only a small percentage difference (0.3% at 10 cm depth 
and 1.3% at 20 cm depth) in depth dose results following superposition. 

5.2 Superposition in the Homogeneous Environment 

Superposition programs have been developed at our institute to test the effect of beam 
hardening on the superposition process. Further details of beam profile and build-up 
simulations are given elsewhere (Murray et al 1989, 1990). The programs can perform 
superposition in Fourier space or real space. The calculations outlined in this section used 
C~esian dose spread an:ays generated in Cartesian coordinates which were "superposed" 
using real space superposmon. 

Superposition was carried out using (7) which gives results in dose units of (Me V g-1 ), this 
has been convened to dose per energy fluence (pGy MeV-1 cm2) to comply with other work 
(Ahnesjo 1989). Because comparison with experimental results is required, the dose per 
energy fluence is normalised to 100% at Dmax for the graphs which follow, and the 
conversi~n factor for 1:11,e si!llulations is provided in the caption of each graph. Normalisation 
at Dmax 1s adequate m this case because measurements using a thin window ionisation 
chamber under our beam have shown the contribution to dose at Dmax from contamination 
electrons is less than 1 % for a 5 x 5 cm field (Harper et al 1990). 

In Figure 8 is shown the central axis percentage depth dose (%D) curve for a 5x5 cm beam 
generated by superposition of the surface spectrum PDSA with a surface spectrum TERMA 
(whi~h alters ~ue to ~earn hardening with ~epth),_ al~o s~own on the graph are depth dose 
readings obtained usmg a PTW (0.1cc) thimble 10msatton chamber in a-Therados RFA3 
water tank. The results show a mean difference of 1.2% down to 20 cm and 2.8% down to 
40 cm. Also shown in Figure 8 is the curve generated by superposition of a beam hardened 
PDSA with a surf ace spectrum TERMA, these results differ from the experimental results by 
2.9% down to 40 cm. 
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Note the depth dose results obtained using superposition of the surface and hardened PDSAs 
in Figures_ 8 are virtually the same and the mean difference between these two curves is only 
0.1 %. Tius shows that the spectrum from which the PDSA is formed has very little effect on 
the superposition. It has been shown previously however (Metcalfe et al 1989) that an 
MDSA calculated from a single energy is not adequate for accurate superposition results. 

The graph of Figure 8 also shows the depth dose curve obtained by superposition of the 0 
cm_ depth, 10 MV PDSA with TERMA calculated using the 40 cm depth, 10 MV spectrum. 
This depth dose curve shows a mean difference of 8.2% from the experimental results. It is 
obvious from the inaccuracy in results shown that superposition involving the use of the 
wrong spectrum for the TERMA calculation does not produce sufficiently accurate depth 
dose information for radiotherapy treatment planning. It is also apparent from this result that 
it is the spectrum used for calculating the TERMA which most affects the shape of the depth 
dose curves. 

The small difference in results using the two PDSAs indicates that the use of a single PDSA 
is adequate to model beam depth dose characteristics in a homogeneous water medium down 
to 40 cm depth. This demonstrates that not accounting for beam hardening of the PDSA 
component does not cause a significant error in percentage depth dose calculation. 

5 ,3 Superposition in the Inhomogeneous Environment 

Detail of the superposition of PDSAs which produces accurate simulations in low density 
media using our method has been outlined in detail by Hoban et al (1990). In brief, the 
method uses a complete 3 dimensional ray trace of the TERMA array (Siddon 1985) 
combined with a z-direction ray trace used to ascertain scaling information for the DSAs. 
The method uses interpolation between sets of DSA data scored in density steps. The 
method is similar to that developed by Mackie (1985). Like Mackie we have also found 
some interaction voxel weighting is required in the DSA ray trace to more accurately account 
for the electron scattering mechanism. This affect appears to be more marked at low 
densities, as the electrons' curved paths approximate less and less to rectilinear scaling. 

6. CONCLUSIONS 

The effect of beam hardening on the structure of polyenergetic dose spread array 
distributions has been studied, using the EGS Monte Carlo code to generate PDSAs for two 
different polyenergetic spectra which modelled the 10 MV beam at 0 cm and 40 cm depth, 
respectively. These PDSAs display small differences which are clearly shown using DSA 
profile and Isoline distributions. Mean electron range calculations show differences of about 
1.5 mm between the surface PDSA and the beam hardened PDSA respectively. In contrast 
the 3 Me V PDSA has a much shorter range. 

The superposition process (see Figure 8) does give accurate depth dose results down to 40 
cm depth using a single surface spectrum dose spread array convolution with a depth 
dependent polyenergetic TERMA. The correct selection of the spectrum is not critical for the 
PDSAs but is important when calculating the TERMA. 

This paper provides additional confidence that the convolution method can be used to predict 
radiation therapy dose. The maj<;>r co~clusion, namely that on~ needs to _accoun_t for 
hardening of the primary photo_n mtens1ty but that _t~e convolutton kei:nel 1s r~lauvely 
invariant with respect to changes m spectrum adds addittonal credence to this assernon made 
previously by Mackie et al (1987). 

Methods of scaling PDSAs and TERMA to account for low density lung inhomogeneous 
regions also show good agreement with experimental results and Monte Carlo simulations 
even in regions of lateral electronic disequilibrium (Mackie et al 1985a, Hoban et al 1990, 
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Ahnesjo 1989). Improved scaling methods are _the sub~ect of c_o~tinuing_ research _at our 
institute. Development of the programs for rounne use m the chmcal environment 1s also 
presently in progress at our centre. 
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Abstract 

Bone, muscle and lung analog materials have been produced in-house., and dosimetry phantoms have 
been produced. A method using computed tomography (CT) has been developed to check that the 
analogs produced match the radiation properties of body tissues. The relative electron densities and ratio 
of electron cross sections are calculated from elemental compositions of the analogs. Using these data 
the theoretical CT numbers are calculated and these numbers are compared with experimental CT 
numbers for the analogs produced. The experimental CT numbers are found by scanning the samples on 
a Siemens DRH CT scanner. Resuits show the maximum difference between theoretical and experimen­
tal CT numbers for the analogs is 18 Hounsfield units, which relates to a ~CT of less than I%. 
Comparison of analog CT numbers with CT numbers for the related patient tissues also shows a close 
match. 

Key Words 

Computed Tomography, Quantitative Computed 
Tomography, Body Analogs. 

Introduction 

Being able to tailor the exact density, atomic number 
and shape of radiation dosimetry phantoms has 
obvious advantages, and the use of commercial sub­
stances does not always give one this flexibility. 
Therefore in-house manufacture of lung, tissue and 
bone analogs for dosimetry phantoms was undertaken, 
and the manufacturing and quality assurance methods 
developed for this process are described here. 

The in-house production of epoxy resin based body 
analogs is outlined in the next section. A quality 
assurance method which uses computed tomography 
(CT) scan data to analyse these analogs is also 
outlined. Several phantoms produced using this 
material are described and these include a two lung 
phantom, build-up caps and CT phantoms. 
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Conjuence HamJlton, New Zealand./989 
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The analog materials manufactured are available in 
30 x 30 x 1 cm slabs by a commercial supplier, 
(REM New Zealand Ltd. agents for Radiation 
Measurements Inc., Middleton Wisconsin, U.S.A. 
1989). Their price was quoted as NZS560 per muscle 
or lung slab and NZS920 per bone slab. If purchased 
from the commercial supplier the analog material for 
the two lung phantom would have cost NZS15680 
(ie. 28 slabs x $560). This cost was considered to be 
excessive considering the large amount of material 
which was required for the phantoms. 

In contrast, in-house manufacture is relatively inex­
pensive. The cost for materials including resins, 
moulds and equipment to manufacture the analogs 
in-house is about NZS45 per slab. Hence the cost to 
produce the two lung phantom in-house worked out 
at NZ$1260 (ie. 28 slabs x $45). 

!he in-house manufacture of solid bone analogs is 
Jus_t as advantageous as that of solid lung analogs. 
This 1s because no mass produced solid materials are 
suitable as bone _analogs. In fact delrin, ertalyte and 
teflon are relatively poor bone analogs as their 
atomic numbers are much less than that of in vivo 
~one. Though the effective atomic number of the 
hqu1d analog K2HP04 closely matches in vivo bone 
the liquid analog solution reproducibility stability is ~ 



problem. Also these analogs have to be housed in the 
required shape by some sort of vessel which cannot 
itself perturb the radiation beam. This is the main 
drawback when liquid analogs are used in radiothera­
py phantoms. 

Production of Moulds, Analogs and 
Phantoms 

3one, muscle and lung epoxy resin based analogs have 
been produced for use as dosimetry phantqm material. 
The recipes and methods of White et al ·- have been 
followed in the manufacture of these substances. A 
method has been developed by White'·' to show that the 
radiation properties of these analogs match closely 
1.hose of their respective equivalent human tissues. The 
!11ass stopping powers S/p, and mass attenuation coeffi­
;.:ients µ/p, of these substances match those of their 
human tissue equivalents to w,i}hin 3% over the x-ray 
energy range ofO.l to 10 MeV . 

~ables 1, 2, and 3 show the constituent elements 
required for production of bone, muscle and lung 
analog material respectively. Included.in the tables is 
the code which White et al use to refer to these 
materials. for information about material description 
and supply (see column 1), and percentage by mass 
oi constituents (see column 2), respectively. 

The apparatus used for the manufacture of bone, 
muscle and lung analogs is shown in Figure 1. It 
consists of a powerful electric mixer (an electric drill 
motor J which turns a mixing propeller within a 

Figure J: Photograph showing the mixing and vacuum 
apparaJus used for the in-house manufacture of body 

analogs. 
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reaction vessel. The vacuum is provided by a vacuum 
pump, which is able to maintain a vacuum of 0.001 
Torr. This is connected to the top of the reaction 
vessel by a flexible hose. An electric drill motor is 
connected to the mixing propeller by a connecting 
rod which feeds through a glass stirring gland. The 
gland is sealed by glycerol and the reaction vessei 
has a ground glass edge which means it can be 
\'acuum sealed with grease. The apparatus is housea 
in a fume cupboard because the epoxy resin 
hardeners are extremely toxic. 

The ingredients are combined on a percentage by 
mass basis. All ingredients are poured into the 
reacnon vessel and are given a thorough manual mix. 
The reaction vessel is then attached to the mixing 
device. Automatic mixing is applied for a further ~ 
minutes and then the vacuum is applied to the 
reaction vessel. The pressure reduction in the vessel 
causes the fluid to rise in the vessel, but the rotating 
blades break the resulting foam and the trapped gases 
escape. This prevents bubbles forming in the mix. 
Mixing for 20 minutes under vacuum is essential to 
remove all the bubbles. The vacuum is then released 
and the mixing is stopped. The reaction vessel is then 
removed from the mixing device and the mixture is 
poured into the waiting mould. 

The mixture settles in the mould and is left for 2..;. 
hours to harden. Complete curing is achieved by then 
heating the analogs in an oven at 70 degrees Celsius 
for a further two hours. At this stage the analog is set 
and can be removed from its mould. If the mixture is 
not exactly the desired shape then it can be reheated 
to 70 degrees Celsius, in which case it becomes 
slightly flexible and can be reset to the desired shape. 
If the mixture is not of the correct thickness it can be 
successfully faced off using a conventional milling 
machine. 

The lung analog is made using the same process 
except the vacuum is not applied. The mixture is 
simply poured into waiting moulds and gently rises 
due to the expanding agent (Dow Coming 1107) 
which blows hydrogen bubbles into the mixture. The 
amount of large gas spaces left in the lung analog is 
reduced by the surfactant (Dow Coming 200/50). The 
type of MgO used is critical to the process. The.more 
pure grades of MgO tend to collapse the mixture-. The 
MgO which we found most suitable was laboratory 
grade "MgO heavy". The curing process for the lung 
analog was supplemented by placing the material in 
an oven at 70 degrees Celsius for two hours. This 
speeds up the curing process and helps prevent the 
mixture from collapsing before it is set 

The moulds used to produce slab phantom material 
are constructed from acrylic and are screwed together 
such that the ends can be disassembled. This helps in 
the release process as does the addition of "mould 
release". To remove the analogs from the mould the 
sides are removed from the moulds and a chisel is 
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Table 1 

Ingredients used to produce bone analog material for X-ray beam simulations (Whites code IBl). 

MATERIALAND (SUPPLIER) DESCRIPTION %MASS 

Araldite F (Ceiba Geigy) Epoxy resin 47.0 

Synolide 960 (TR Chemicals) Hardener 28.2 

Polyvynylchloride PVC powder 24.8 

Table 2 

Ingredients used to produce muscle analog material for X-ray beam simulations (Whites code MS 10). 

MATERIAL AND (SUPPLIER) DESCRIPTION %MASS 

Araldite F (Ceiba Geigy) Epoxy resin 47.5 

Synolide 960 (TR Chemicals) Hardener 28.5 

Polyethylene Powder50µm 15.0 

Calcium carbonate CaCO3 powder 6.2 

Phenolic micro-balloons PMS low density powder 2.8 

Table 3 

Ingredients used to produce lung analog material for X-ray beam simulations (Whites code LN 10/75) 

MATERIAL AND (SUPPLIER) DESCRIPTION %MASS 

Araldite F (Ceiba Geigy) Epoxy resin 33.71 

Araldite epoxide 8 Hardener control 16.85 

Araldite HY2996 Hardener 9.44 

DC1107 (BDH chemicals) Expander 0.75 

DC200/50 Surfactant 1.00 

Phenolic micro-balloons PMS low density powder 4.42 

Polyethylene Particulate filler powder 15.00 

Magnesium oxide Particulate filler powder 18.83 
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used to gently prize the rest of the analog from the 
base of the mould. The use of a hammer to dislodge 
the analogs from the moulds is not recommended as 
the analogs tend to shatter or crack. 

Another release mould process was developed for 
the lung analogs, as thev use a different hardener 
which does not release easily using mould release. 
The moulds were lined with "laboratory bench 
paper'', with the plastic side facing the analog. The 
:malog is removed from the mould once set and the 
paper peels from the analog. 

\foulds for anthropomorphic and large cylindrical 
analog phantoms are formed by using a heat mould 
process which is commonly used in radiotherapy 
planning departments to create face masks for 
radiation therapy patients. The mould material is 
"cellulose acetate butyrate" and this is heat moulded 
into the required shape by using a dummy former. 
The dummy is removed and this space can be used 
to pour the analog material into. Dummy formers 
which have been successfully used include wood, 
acrylic cylinders, plaster casts and even Rando 
phantom cross sections. 

Acrylic cylinders were used to mould CT phantoms 
and spinal process phantoms shown in Figure 2. The 
moulds are 1 mm thick acrylic and these were 
retained permanently around the analogs as the thin 
layer was found not to affect CT numbers or 
radiation dosimetry water tank measurements. The 
long cylinders produced were not only,pseful as the 
solid constituents of a Cann phantom- - (see Figure 
2a) but could also be used in a Therados water tank 
as cylindrical radiotherapy phantoms. The bone in 
particular is a good way of testing the accuracy of 
electron beam algorithms which until recently have 
been tested using substances such as teflon or lead 
which do not closely model the electron stoVping and 
scattering powers of bone in electron beams . 

Build-up caps for ionization chambers were also 
made using muscle analog material. The moulds 
used consisted of a thin plastic bottle as shown in 
Figure 2b. This is filled with analog material and 
then an aluminium ionization chamber former is 
used to create the desired space for ionization 
chambers. To enable easier release, the former is 
fitted into a thin rubber sheath (commonly used to 
water proof ionization chambers). When the analog 
has set hard the aluminium former plus rubber 
sheath are readily removed leaving an excellent fit 
for real ionization chambers to slot into. This 
process is also repeated in any slab phantom sections 
which need to house ionization chambers. 

Build-up caps were produced out of muscle analog 
material to collect TAR data for high energy beams. 
The alternative method usually employed is to mill 
build-up caps out of acrylic (as polystyrene tends to 
be hard to mill in a lathe) and drill out a space for 
the ionization chamber. The new build-up caps 
produced were not only more tissue equivalent but 
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Figure 2: A selection of phantoms produced in different 
shapes from body analog maierials. 

Figure 2a: Cylindrical phantoms formed in thin acrylic 
pipes for use as radiotherapy phantoms and CT 
phantoms. The sample shown at bottom is muscle MSJO, 
and attop is bone !Bl ( see White et al ( 1.2) for codes) 

Figure 2b: Build-up cap for use with a Baldwin Farmer 
ionization chamber. The centre of the photograph shows 
a build-up cap still in its plastic mould. The aluminium 
former used to create the space for ionization chambers 
is also shown, as is a completed build-up cap shown on 
the right of the photograph. 

Figure 2c: The two lung phantom constructed for 
dosimetry tests using muscle analog (MSJO) and lung 
analog (LN 10175). The slabs make up layers of 4 cm 
muscle, 8 cm Jung, 4 cm muscle, 8 cm Jung, 4 cm muscle, 
respectively. The "wings" shown are included when the 
phantom is CT scanned as this reduces image reconstruc­
tion artifacts. 
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they were also much easier to make by the moulding 
process described earlier. 

The two lung phantom produced is shown in Figures 
2c. It has been used in X-raY. radiotherapy dosime~ 
tests as described elsewhere. The phantom was built 
from comoonents included in the CT analvsis 
described. it consisted of muscle slabs (~= 1.02) to 
simulate muscle and lung slabs of density (~ = 0.3) 
to simulate lung. It has the same geometric dimen­
sions as the cork-polystvrene phantom mentioned 
previously':·11 •12 howeve~ the density of the lung 
analog (~ = 0.28) is closer to thy mean lung density 

- . ,J 
(~= 0.3) for a sample ot pauents . 

CT Quality Assurance Body Analog 
Composition 

X-ray computed tomograpy (CT) scanners provide 
high contrast X-ray pictures and electron den~ity 
information in the transverse axial patient plane·"·' . 
The CT scanner used for tests in this paper was a 
Siemens DRH CT. 

To ensure the analogs being manufactured closely 
matched the elemental compositions and therefore 
the radiation properties required, a convenient 
quality assurance method which uses CT analysis 
has been developed. Using the method described, 
experimental CT numbers for analogs are 
compared with the theoretical CT numbers 
expected from the analogs using the elemental 
compositions. 

This is a convenient and accurate method of quality 
assurance which entails no laboratorv chemical 
analysis. If the CT numbers match at this· low energy 
then their behaviour at higher radiotherapy X-ray 
energies (where photoelectric absorption is less 
dominant) is assured. 

THE RELATION BETWEEN CT NUMBER AND 
ELECTRON CROSS SECTION 

In order to understand the calculations used in this 
quality assurance exercise, a theoretical way of cal­
culating the expected CT numbers is developed as 
follows. The relationship defined by Hounsfielct1' 
between CT number NcT, and linear attenuation 
coefficient µ, is 

Ncr = (1) 

where µg (cm-1) is the linear attenuation coefficient 
for a substance at a specific energy and µw is the 
linear attenuation coefficient of water at this energy. 

The product of electron density Pe (electrons/cm3), 
and total electron cross section O'e (cm2/electron), is 

16.17 
equal toµ : 

(2) 
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where cr is the sum of component electron cross 
sections aue to Rayleigh scattering crR, photoelectric 
absorption cr't', Compton scattering crc, and pair pro­
duction crX', such that 

cr = crR + cr. + crc + O'K: • e . (3) 

The pair production tenn can be negiectcd as at diag­
nostic CT cner11:ies of less than l 00 ke V there would 
be no such contribution since 1.022 ~e V is required. 
but it is included here for completeness. 

Now let Pes and Pew be the electron density for a 
substance and water respectively. Also defining C1es 
and crew as the total electron cross sections for a 
substance and water respectively, then by substituting 
(2) into (1) gives 

Ncr = 
lO00(pesO'es - PewO'ew) 

PewO'ew 

and this is equivalent to 

(4) 

(5) 

The term Pes/Pew is the relative electron density of a 
substance to that of water, commonlv called the 
relative electron density ~- The ratio crew/O'es has 
been defined as the ratio of electron cross sections 
Rcr, by Battista and Bronskil1'1

: 

Ra = 

Therefore (5) can be written as 

w ( Ncr 1 
Pe = Rcr 1000 + 1) 

or 

Ncr 1000( w ) = ~ Pe - Rcr 
(J 

(7) 

(8) 

To cal~ulate Rcr using known elemental data, some 
terms frrst have to be defined. 

For an ith element within a compound consisting of 
N elements it can be seen from (2) that 

(9) 

wh~re p is the mass density and therefore pipes• is 
the mverse of the number of electrons of a substance 
per gram, and by rearranging a relation stated by 
McCullough 16

, this is equal to: 

( :es )i = ~ A ( ~ )i 



where NA is Avogadro's number. By substituting 
( 10) into (9) gives 

(11) 

Defining (cres)ctr as the effective cross section for a 
substance with elemental compositions of mass 
fraction fj, then from (11), the relation is 

Remembering from (6) that Rcr is the ratio of cross 
sections, then 

[t fi ( µ \ 
(~)1 df p )j ( O'cs) w 

Ra = = (13) df 

[i f; (~;J ( O"cs)s 
( µ, 

p )j 

Values of (µ/p)j were estimated for bone and muscle 
analogs at 71 keV using elemental· µIp values from 
Jackson and Hawkes19

• Values of (NZ)i were calcu­
lated from elemental A/Z values obtained by using 
the periodic table for chemical elements. Then Ra 
can be calculated using (13) for body analogs and 
their equivalent humanoid tissues (see Table 5). 

CALCULATING THE RELATIVE ELECTRON 
DENSITY 

Now that a method for calculating Rcr has been 
presented then the only unknown in (8) is P~­
Knowing p and the atomic composition then pi: has 
been calculated"': 

p: = NA p [± f; (~)] • (14) 
Pew . 1 J 

J= s 

where NA is 6.023 x 1023 mol· 1 and Pew is 3.33 x 
1()23 electrons/cm3, then 

CALCULATING THE EFFECTIVE ATOMIC 
NUMBER 

Another quantity of interest in assessing the radiation 
properties of analogs is the effective atomic number. 
This is assessed by using an adaptation,~f the methods 
developed by McCullough and Holmes as follows. 

122 

The effective atomic number can be derived from": 

1 

z.,, = (t<X; (Z,J'r 

where 

q 

~ (n-Z-) £..J J J 
j=l 

(16) 

(17) 

The term ni is the number of ith atoms per molecule 
(ie. the empirical fonnula). But to use (14) directly 
from values of constituent fraction by mass fj then <Xi 
needs to be detennined in terms of fi. This can be 
done as follows. Describing fi in terms of Di 

therefore 

ni ~ 
q 

Lnj~ 
j=l 

~ = fi (in; ~J ! 
J=l 

Substitute (19) into (18) then 

but as 
q 

Lnj~ = 
j= 1 

then (17) can be replaced by 

t-(z) 
i A i 

(18) 

(19) 

(20) 

(21) 

(22) 
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By using (13) and (15), in combination with the com­
position data shown in Table 4, values of Rcr and~ 
have been calculated respectively. Using (16) 
combined with (22) values of Zeff have also been 
calculated for both analoizs and human tissues as 
shown in Table 5. Note that in the calculation of Zeff 
using (16) the exponent a which accounts for photo­
electric effects at CT ener!!ies is set at 2.94 to 
conform with other publications!'. 

Comparison of Calculations and 
Experimental Results 

The values of Ncr calculated using (8) are shown in 
Table 6 for one nominal CT energy, 71 ke V. Using 
the compositions of human bone, tissue and lung 
provided in the literarure'·"1

, (8) has been used once 
again to calculate the Ncr values expected for human 
tissue. Comparison of analog CT numbers and 

human tissue CT numbers in the table serves to show 
that at these energies the CT numbers of the analogs 
very closely match the CT numbers of the tissues for 
which they are substitutes. 

As the calculation procedure is quire complicated. an 
example of the calculation for bone is provided in 
Appendix l. this is also included for the convemence 
of readers who may wish to repeat the procedure 
with other analogs or in vivo human data. It is 
important to note the composition of real inner bone 
outlined in Table 4 (row 2) is used for the calculation 
of NcT in Table 6 {row 2),. This data is based on the 
estimate of White et ar that inner bone has an 
average composition of 22.4% hard bone and 77.6Cfc 
red marrow. 

To ensure the analog mix is close to the analog com­
position expected, samples of the analog were 
scanned using a Siemens DRH CT scanner and the 

Table 4 

The percentage by mass compositions (%fi) for bone, muscle and lung analog and human. tissue 
respetively. Elemental compositions are based on data from White et al i.z and Woodard and ·white •1 

ANALOG/TISSUE ELEMENT AND(% fi) 

bone analog H(7.90), C(63.79), N(4.23), 0(9.88), Cl(14.20) 

human bone H(8.67), C(l3.00), N(3.6), 0(66.40), S(0.46), P(2.43), Ca(4.96), (Na. Mg, K,Trace) 

muscle anaiog H(9.15), C(70.66), N(4.28), 0(13.34), Cl(0.11), Ca(2.46) 

human muscle H(I0.20), C(14.30), N(3.40), 0(71.00), K(0.40),Na(0.10), (P, S, Cl, Trace) 

lung analog H(8.36), C(60.41), N(l.67), 0(17.33), Cl(0.15), Si(0.72), Mg(l 1.36) 

human lung H(I0.30), C(I0.1 ), N(2.90), 0(75.50), Na(0.20), P(0.20), S(0.30), Cl(0.30), K(0.20) 

Table 5 

:vlass densit~·, relative electron density, ratio of cross sections and effective atomic numbers for bodv 
analogs and tissues. Values of p were obtained by weighing the samples. • 

SAMPLE p p~ Rcr (71 keV) 2 eff 

bone analog++ 1.16 1.14 0.9130 9.26 

human bone 1.12 1.10 0.8982 9.32 

muscle analog 1.03 1.02 0.9860 7.39 

human muscle 1.05 1.04 0.9965 7.45 

lung analog 0.30 0.28 0.9879 • 7.51 

human lung 0.30 0.30+ 0.9963 7.59 

+ An electron density based on patient survey by Van Dyk et al. 11 

++ An example calculation for bone analog is provided in Appendix 1. 
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results of the experimental CT numbers obtained are 
shown in column 3 of Table 6. 

The LlNcT value in column 4 of Table 6 represents 
the difference in Hounsfield units between the calcu­
lated and measured NcT numbers. where 

If this t.Ncr difference is divided by the usual range 
of Hounsfield numbers. between air and bone from 
-1000 to + 1000 then the difference in percentage 
terms can be estimated as 

%~Ncr = 
~Ncr 

X 100% 
2000 

(24) 

When comparing the the analogs a worst difference of 
(LlNcr = l 8HU) was obtained. This is a %.t.Ncr of 
0.9%. Therefore the experimentally determined Ncr 
values shown in column 3 of Table 6 measured on the 
CT scanner are very close to the theoretically 
predicted Ncr values. Hence if the compound compo­
sition is known and the nominal energy of the CT 

beam is estimated'22. then the expected value of Ncr 
can be calculated. This estimate of CT number agrees 
closely with the samples scanned. and therefore the 
analogs produced closely match the elemental com­
positions expected using the original composition 
data. 

The same procedure has been used for real body 
tissues. The Ncr values for real tissues also match 
closely those for their respective analogs. Comparing 
the CT numbers in the columns in Table 6 also shows 
there is a close match between the CT numbers of the 
tissues and their analogs. 

Ncr values measured for these body analogs are 
compared with some other commercial materials 
commonly used in radiation dosimetry applications in 
Figure 3. A selection of the data introduced in a 
previous publication (Metcalfe et al') for the likely 
bone line is compared with the Ncr value found for 
inner bone analog as shown in Figure 3. Also shown 
in Figure 4 is the Hounsfield regression line, note the 
muscle analog data point shown fits closely to this 
line. It is important not to get confused between the 
experimental Houpsfield regression line gradient R., 
defined elsewhere' and the ratio of cross sections R; 
defined in (13), the mathematical difference between 
these terms is outlined in Appendix 2. 

Table 6 

CT numbers for analogs and human tissue have been calculated and measured . CT numbers caiculated 
using (18) and (8), (column 2). These are compared with CT numbers measured on a Siemens DRH CT 
scanner at a nominal energy of 71 keV (column 3). The numbers in brackets refer to commercial samples 
from RMI which were tested. 

SAMPLE NcTTHEORY NcT EXPERIMENT ~CT 

bone analog 222++ 229 (238) 7 

human bone 224 236+ 12 

muscle analog 34 16 18 

human muscle 44 30 I 

lung analog -716 -720 (-718) 4 

human lung -699 -711+ 12 

(Units - Hounsfield units HU) 

+ The human bone data and human lung data was obtained by sampling 5 patients whose soft bone and lung 
regions were CT scanned. It is recognised that bone density and composition varies greatly depending on site 
and patient. However the pelvic region is a frequent site for radiotherapy treatment,so this was the bone area 
which was surveyed. 
++ An example calculation for bone analog is provided in Appendix l. 
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Figure 3: The CT number versus relative electron density 
for in-house manufactured body analogs compared wirh 
some other substances. The CT numbers were measured 
on a Siemens DRH CT scanner at 71 keV. The continuous 
narrow line is rhe Hounsfield line, where R~equals unity. 
The brackered codes are those used by White et al ( 1 .2) ro 
describe these analogs. 

Conclusions 

The in-house manufacture of epoxy resin based 
analogs shows benefit provided sufficient analog has 
to be manufactured and a suitable laboratory for 
manufacture is available. Being able to mould the 
analogs to the required configurations directly is 
another ad\'antage of in-house production. The CT 
quality assurance method outlined is advisable for 
both in-house and commercially acquired analogs, as 
this provides the physicist with essential information 
about the radiological properties of the analog. 

The production of these analogs has already lead 
to several useful phantoms being produced- for 
radiological physics applications in CT and radio­
therapy. The phantoms produced are also being 
used to assess the accuracy of Monte Carlo and 
superposition calculations being carried out at our 
• . 9 
mst1tute. 
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Appendix 1: Calculation of ~ ~ 
and Zerr for Bone Analog Material 

To calculate Rcr at 71 keV the mass attenuati~n 
coefficients at this energy for the composite 
elements are found from Tables (Jackson and 
Hawkes.)" The A/Z ratios are found from the 
periodic table. Percentage by mass of elements are 
from White et ai':i.. A summary of the data is shown 
in Table A 1. 1. 

To calculate Rcr then for water 

(0.112)(1.008)(0.3165) + (AI.I) 

(0.888 )(2.0 )(0.1736) = 0.3440 
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16. McCullough E.C. (1975). Photon attenuation 
in computed tomography. Med. Phys. 2(6), 
307-320. 

17. McCullough E.C., Holmes T.S. (1985). 
Acceptance testing computerised radiation 
therapy treatment planning systems: Direct uti­
lization of CT scan data. Med. Phys. 12(2), 
237-242. 

18. Battista J.J., Bronskill MJ. (1981). Compton 
scatter imaging of transverse sections: an 
overall appraisal and evaluation for radiothera­
py planning. Med. Phys. Biol. 26(1), 89-99. 

19. Jackson D.F., Hawkes D.T. (1981). 
Attenuation Coefficient data tables. Physics 
Reports. 70(3), 169-233. 

20. Henson P.W. (1989). Determination of 
electron density, mass density and calcium 
fraction by mass of soft and osseous tissues 
by dual energy CT. Aust. Eng. Phys. Sci. 
Med. 12(1), 3-10. 

21. Woodard H.Q., White D.R. (1986).The com­
position of body tissues. B.J.R. 59, 1209-
1219. 

22. White D.R., Speller R.D. (1980).The mea­
surement of effective photon energy and 
linearity in comuterised tomography. B.J .R. 
53,5-11. 

Also for the bone analog substance 

(0.079)(1.008)(0.3165) (Al.2) 
+ (0.6379)(2.001 )(0.1666) 

+ (0.0423)(2.001 )(0.1736) 
+ (0.0988)(2.000)(0.1736) 
+ (0.1420)(2.085)(0.3037) = 0.3768 

Then from (13) 

~ = 

0.3440 
0.3768 

[t f; 

= 0.9330 . 

= 

(Al.3) 
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The mass density was measured as p = 1.16 then 

Therefore 

(~ ( ~ ~] = 1.14 . (Al.4) 
£.,,; ' A J. . . I 
1=1 

(Al.5) 

1000 
0_9330 ( 1.14- 0.933D ) = 222 HU • 

The NcT value calculated using the method outlined 
above is shown in Table 6. In order to calculate Zeff 
using (16), we repeat the expression here for (22): 

q 

~ f. ( z ~ 
L J .AJ. 
j = 1 J 

(Al.6) 

Then the denominator is given by 

0.5357 (Al.7) 

and the numerator for one of the elements (hydrogen, 
is given by 

(0.079 )(0.992) 
(A 1.8) 

0.0784 

therefore repeating the summation for the constituent 
elements as outlined in (16) and including Zj with the 
exponent (a= 2.94) the expression is 

9.26 . (Al.9) 

Table Al.1 

Percentage by mass %fj, atomic to mass number ratio (A/Z)j, and attenuation coefficients (µ/p)j for con­
stituent elements in bone analog material. 

ELEMENT % BY MASS(% fj) (A/Z)j (µ/p)j 

H 7.90 1.008 0.3165 

C 63.79 2.001 0.1666 

N 4.23 2.001 0.1736 

0 9.88 2.000 0.1736 

Cl 14.20 2.085 0.3037 
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Appendix 2: The Difference 
Between R1 and Rcr 

It is imponant not to get confused between the exper­
imental regressi_!)n line gradient coefficient R-v 
defined ~lsewhere and the ratio of cross sections R; 
defined m (13). Note that the equations describing 
these lines are not necessarily the same. For example 
R., may be representative of the bone line and is 
centered around the point of origin CNcr = 0, ~ = 1), 
such that 

1000 ( w 
~CT = ~ Pe -1) 

! 
(A2.l) 

The mathematical difference is that Rcr is a line 
which is centered around the origin (NcT = 0, 
~ = 0), such that 

1000 w 
~CT = ~ (pc - Ra) (A2.2) 

Figure A2. l demonstrates the difference between the 
lines produced using (A2.l) and (A2.2), respectively. 
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