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is associated with the required dose reduction in the spinal cord. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Copyright © 2006 Jörgen Olofsson (pp. 1-50) 

Figures 2 and 10 have been reproduced by permission of IOP Publishing Ltd. 

ISBN 91-7264-141-X 

ISSN 0346-6612 

New series no. 1044 

Printed in Sweden by Print & Media, Umeå. 



ABSTRACT 

A prerequisite for modern radiotherapy is the ability to accurately determine 
the absorbed dose (D) that is given to the patient. The subject of this thesis has 
been to develop and evaluate efficient dose calculation models for high-energy 
photon beams delivered by linear accelerators. Even though the considered 
calculation models are general, the work has been focused on quality assurance 
(QA) tools used to independently verify the dose for individual treatment plans. 
The purpose of this verification is to guarantee patient safety and to improve the 
treatment outcome. Furthermore, a vital part of this work has been to explore the 
prospect of estimating the dose calculation uncertainties associated with individual 
treatment setups. A discussion on how such uncertainty estimations can facilitate 
improved clinical QA procedures by providing appropriate action levels has also 
been included within the scope of this thesis. 

In order to enable efficient modelling of the physical phenomena that are 
involved in dose output calculations it is convenient to divide them into two main 
categories; the first one dealing with the radiation exiting the accelerator’s 
treatment head and a second one associated with the subsequent energy deposition 

processes. A multi-source model describing the distribution of energy fluence (Ψ) 
emitted from the treatment head per delivered monitor unit (MU) is presented and 
evaluated through comparisons with measurements in multiple photon beams and 
collimator settings. The calculations show close agreement with the extensive set 

of experimental data, generally within ±1% of corresponding measurements. 

The energy (dose) deposition in the irradiated object has been modelled 
through a photon pencil kernel solely based on a beam quality index (TPR20,10). 
This model was evaluated in a similar manner as the multi-source model at three 
different treatment depths. A separate study was focused on the specific 
difficulties associated with dose calculations in points located at a distance from 
the central beam axis. Despite the minimal input data required to characterize 
individual photon beams, the accuracy proved to be very good when comparing 
the calculated results with experimental data. 

The evaluated calculation models were finally used to analyse how well the 
lateral dose distributions from typical megavoltage photon beams are optimized 
with respect to the resulting beam flatness characteristics. The results did not 
reveal any obvious reasons why different manufacturers should provide different 
lateral dose distributions. Furthermore, the performed lateral optimizations 
indicate that there is room for improved flatness performance for the investigated 
linear accelerators. 

 

Key words: Radiation therapy, high-energy photons, dose calculation, multi-
source model, pencil kernel, uncertainties, action levels. 
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1. INTRODUCTION 

1.1. Background 

Treating cancer through radiotherapy is a process that revolves around 

the absorbed dose (D), i.e. the energy that is deposited per mass (to a 

point) by ionizing radiation. The absorbed dose is quantified through the 

SI unit gray (Gy), which is equivalent to one joule per kilogram (J/kg). In 

medical applications it is important to also consider other aspects of energy 

deposition that may have a biological impact, such as the microscopic 

ionization density, without being included in the physical definition of 

absorbed dose. These effects are expressed through the so-called relative 

biological effectiveness (RBE) that relates doses from different types of 

radiation to a reference radiation quality (normally photons with energies 

between approx. 0.2 and 1.5 MeV). For the radiation qualities that have 

been studied in this thesis the RBE is considered to be equal to unity and 

the absorbed dose can, therefore, be used for treatment prescription and 

evaluation without modification. 

One similarity between the absorbed dose that is given during 

radiotherapy and common pharmaceutical drugs is that they can be 

associated with serious detrimental effects on human health. In the field of 

diagnostic radiology this is the dominating view on the dose absorbed by 

the patient as it is a purely negative side effect that must be accepted in 

order to acquire diagnostic images. In radiotherapy the absorbed dose is on 

the other hand potentially beneficial to the patient as many cancer cells are 

more sensitive than normal human cells to ionizing radiation and can, 

therefore, be eradicated at a higher rate. This therapeutic effect is, 

however, dependent on a number of treatment conditions that must be 

carefully considered, such as the region (i.e. volume) of the patient that 

should be included in the treatment target, the prescribed dose to this 

target volume, the maximum dose acceptable to healthy tissue outside this 

volume (including critical organs), the delivery of dose over time 

(commonly described through a fractionation scheme), etc. A prerequisite 

for the entire process is, however, that the distribution of absorbed dose, 

inside and outside the target volume, is a quantity that can be determined 

with sufficient accuracy. 

Over the years a number of publications have addressed the clinical 

requirements for dosimetric accuracy in radiotherapy (ICRU 1976, 
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Mijnheer et al 1987, Brahme et al 1988, Mijnheer et al 1989) and the 

general conclusion seems to point to the interval between 3 and 5%. The 

Nordic Association of Clinical Physics (NACP) presents a simple relation 

(Aaltonen et al 1997) that estimates the required target dose accuracy ∆D 

for achieving at least 95% of the maximum possible complication-free 

tumour control (P+) 

ˆ

10

D
D

γ
∆ =

⋅
                                                                       (1) 

where D̂  is the optimal mean dose to the target and γ is the mean 

normalized slope of the dose response relation for the tumour and the 

normal tissue. Typical values for γ lie in the interval between 0.5 and 5 for 

local tumour control, while being shifted slightly upwards for normal 

tissue reactions (Mijnheer 1996). Applying equation (1) on a clinical 

example where D̂ =64 Gy and γ=4 yields an accuracy requirement of 1.6 

Gy or 2.5% (1 std. dev.). In order to avoid ambiguity such accuracy 

requirements should be coupled to a specification, preferably stating the 

number of included standard deviations (the so-called coverage factor). 

The various accuracies and uncertainties presented in this thesis are 

generally specified by the mean deviation together with one associated 

standard deviation. From this the suggested confidence limit (Venselaar et 

al 2001), equivalent to the absolute mean deviation plus 1.5 times the 

standard deviation, can also be calculated. 

Radiotherapy can be performed employing a few considerably different 

treatment techniques. One is external beam therapy, or teletherapy, where 

an intense radiation source located at a distance from the patient is used 

and the associated radiation beam is then shaped and directed towards the 

target volume from one or a few different directions. Although Cobalt-60 

sources are still widely used in developing countries, they have in practice 

been replaced by medical electron accelerators (see figure 1) in the rest of 

the world. These accelerators (often referred to as “linacs”, as in linear 

accelerators) produce electron and/or photon beams comprising maximum 

particle energies from 4 up to roughly 25 MeV, depending on the 

configuration. Another technique is brachytherapy, where several small 

radiation sources are placed very close to the target volume, resulting in 

potentially very high dose levels in the adjacent regions. Yet another 

option, clinically not as regularly used as the other techniques, is 
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radionuclide therapy. Here the radioactivity is administered in a similar 

manner as conventional pharmaceutical drugs, e.g. orally or intravenously, 

and is then being transported inside the patient’s body to the target volume. 

This thesis is, however, focused on external beam therapy utilizing high-

energy (megavoltage) photon beams produced by different linear 

accelerators dedicated for radiotherapy. 

 

Figure 1. The rotatable gantry of a Siemens Oncor™ linear 

accelerator (the author is posing as patient on the treatment 

couch). The photograph is taken at the radiotherapy department 

of the University hospital of Umeå (NUS). 

Common to these treatment techniques is that the absorbed dose in the 

patient is based on calculations instead of direct measurements. For linacs 

the real-time dose monitoring during treatment delivery is quantified 

through so-called monitor units (MU). This is the signal coming from a 

transmission chamber, i.e. a radiation detector, located inside the linac’s 

treatment head (see figure 3 in section 3.2). The monitor unit signal 

reflects the amount of radiation produced in the treatment device, but as it 

includes no information on critical parameters such as the distance to the 

patient or the location of the target volume inside the patient it can not 

describe the delivered dose in a pertinent way. The actual dose that is 

absorbed in and around the target volume must, therefore, be calculated by 

combining information on the number of delivered monitor units, the 
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various treatment head settings influencing the photon beam, and the 

position and anatomy of the patient. 

As the monitor unit signal only is a relative quantity the concept of a 

reference geometry is introduced. This means that the control system 

handling the MU reading inside the accelerator is calibrated so that under 

these reference conditions the relationship between the MUs and the 

absorbed dose in a specific point is well defined. This reference relation, 

commonly described as a calibration factor (Gy/MU), is established 

through absolute dose measurements in accordance with a standard 

dosimetry protocol (Almond et al 1999, IAEA 2000), which provides 

detailed specifications on how such measurements should be performed. 

Following the IAEA protocol (2000) the accuracy of this calibration, 

expressed as one relative standard deviation, amounts to 1.5% for clinical 

high-energy photon beams, thereby setting the fundamental level of 

accuracy that can be achieved in dose delivery. In this thesis the reference 

relation is simply accepted a priori and the focus is instead centred on how 

the dose per MU varies when different clinical parameters are altered in 

individual treatment setups. 

Ahnesjö and Aspradakis (1999) tried to identify the accuracy goals that 

should be associated with dose calculations in radiotherapy by combining 

estimated uncertainties in absolute dose calibration (Andreo 1990) with a 

corresponding estimate for the clinical dose delivery (Brahme et al 1988). 

Using these input data the conclusion was that if the dose calculation 

uncertainty, corresponding to one standard deviation, is larger than 2-3% it 

will seriously affect the overall dosimetric accuracy. Since then the 

estimated uncertainty for absolute dose calibration in high-energy photon 

beams has improved from 2.0 to 1.5% (IAEA 2000), implying that the 

scope for “imperceptible” dose calculation uncertainties also has decreased 

somewhat. Furthermore, by reducing the other uncertainties to account for 

future developments, it was concluded that as an ultimate design goal the 

uncertainties that are associated with dose calculation methods in 

radiotherapy should be limited to 1% (1 std. dev.). 

1.2. The aim of this thesis 

The aim of this thesis was to explore and evaluate, mainly through 

experiments, dose calculation models for megavoltage photon beams. The 

emphasis during the model development was placed on combining high 
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accuracy and generality with small and easily obtainable sets of input data. 

The work has been directed towards quality assurance (QA) tools that can 

be used in the clinic to independently verify the absorbed dose that will be 

given to the patient, even though the considered calculation models are 

general and can be used for other purposes as well. As an integral part of 

this work considerable effort has been put into exploring the prospect of 

estimating the uncertainties associated with the presented calculation 

models in individual treatment setups. In many cases such uncertainties are 

unfortunately not accounted for in an open and sincere manner, even 

though they are inevitable when aiming to model complex processes. 

Particularly in a field like radiotherapy, where the calculation models are 

used to produce clinical treatment plans that may cure the patient’s cancer 

or cause serious radiation damages, the importance of presenting also 

flaws and weaknesses of a model must be emphasized. A discussion on 

how such estimations of the calculation uncertainties can be handled and 

integrated in the clinical workflow has also been included within the scope 

of this thesis. 

In order to enable efficient modelling of the physical effects that are 

involved in external beam therapy it is convenient to divide them into 

different categories. The first one deals with the radiation exiting the 

treatment head of the accelerator. In Paper I a multi-source model 

describing variations in the exiting energy fluence Ψ per delivered MU is 

presented and evaluated through comparisons with measurements in 

multiple photon beams where the dimensions of rectangular fields were 

varied. This model was improved in Paper II and also verified against 

extensive measurements in irregular field shapes created by different 

multileaf collimators (MLC). 

A second category of models describe the process of energy (dose) 

deposition in the irradiated object. A photon pencil kernel model based on 

an absolute minimum of characterization data was evaluated in a similar 

manner as the multi-source model at three different treatment depths in 

Paper II. Paper III focuses on the specific difficulties that are associated 

with photon dose calculations in points located at a distance from the 

central beam axis. Effects related to lateral beam quality variations, 

influencing the energy deposition process, as well as effects related to the 

lateral distribution of energy fluence were systematically investigated. In 

Paper IV the previously presented and evaluated calculation models were 
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used to analyse how well the lateral dose distributions from typical 

megavoltage photon beams are optimized with respect to the resulting 

beam flatness characteristics. 

In geometries that incorporate irradiated media that are different from 

the reference conditions, where a water tank normally is utilized, the issue 

of varying densities must be considered. This step in the clinical dosimetry 

chain has, however, not been considered explicitly within the scope of this 

thesis. 
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2. THE ROLE OF DOSE CALCULATIONS IN THE CLINIC 

2.1. Planning dose calculation 

Clinical treatment plans for radiotherapy are prepared through 

simulations of the treatment setup and delivery prior to the treatment start. 

Today this planning process is generally performed within a dedicated 

computer software package, known as a treatment planning system (TPS). 

Hence, incorporated into the TPS is a method that can calculate the 

resulting dose distribution in a pertinent way. This type of calculations can 

be referred to as planning dose calculations (see figure 2). 

Together with the broad advent of computer-based treatment planning 

in the clinics during the 1980s arrived also the possibility to perform 3D 

dose calculations in the patient geometry. The latter regularly described 

through a computed tomography (CT) study. Another important step 

forward during the same period was the introduction of the multileaf 

collimator (MLC), which significantly simplified the means to create beam 

shapes that are adapted to the shape of the treatment target. The result of 

these advances was the kind of techniques that often are referred to as 3D 

conformal radiotherapy (3D-CRT). As the development in computer 

technology has been dramatic since, the planning process has become 

increasingly iterative with the intention to optimize the 3D dose 

distribution presented by the TPS. Some of the progress during the last ten 

years has been focused on incorporating methods for automatic treatment 

plan optimization, known as inverse treatment planning. This is most often 

utilized in combination with so called intensity modulated radiotherapy 

(Webb 2003, Bortfeld 2006), or IMRT, which has moved modern 

treatment techniques in the direction of more beam directions where each 

direction is associated with multiple irregular beam apertures (segments). 

Consequently, treatment planning today is in many cases a process that 

relies heavily on computer software dedicated for dose calculations. 



 

 8 

 

Figure 2. An illustration of the process that involves the planning dose 

calculation, normally performed within a TPS. Conventional “forward” 

treatment planning starts by manually creating a beam setup (upper left) and 

ends with an evaluation of the calculated dose distribution (lower left). If the 

treatment plan needs to be improved, the procedure is repeated with an 

alternative setup. Inverse treatment planning is instead initiated by defining a 

set of treatment objectives, expressed as dose distribution criteria (lower left). 

Through an optimization algorithm (right side) a beam setup is automatically 

created and the resulting dose distribution automatically evaluated against the 

objectives in an iterative manner. (From Ahnesjö et al (2006), by permission 

of Björn Hårdemark and RaySearch Laboratories AB.) 

However, in cases where the prescribed dose is relatively low and 

delivered using simple treatment techniques, such as palliative treatments 

of vertebrae or pelvis, there is no need to utilize the advanced algorithms 

of a TPS in the planning process. In such cases the dose is typically 

calculated in just one single point, as the dose distribution from one or two 

(opposite) beams of regular shape is well known. And instead of utilizing a 

full 3D description of the patient in the calculation, tissue heterogeneities 

are commonly taken into account by applying a manually derived 

radiological depth. By applying so-called factor-based models (described 

in section 3.1) an ordinary pocket calculator can together with tabulated 
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beam data provide the absorbed dose with sufficient accuracy. 

Furthermore, as the results in these cases contain only a single point value, 

the involved dose calculations are not part of an iterative planning process 

aiming to improve the dose distribution. 

The fundamental issue of dose calculation accuracy is often discussed 

in scientific contexts, but probably not as frequently in the clinical routine 

work. There are, however, justifiable reasons to dwell upon the accuracy, 

particularly for the advanced treatment techniques that are regularly used 

today. When computerized dose calculations are integrated into an iterative 

planning process, most apparent in inverse treatment planning, the time 

needed to perform the calculations will be critical. In practice, speed and 

accuracy are combatants in a battle over the priority. Accurate but time-

consuming dose calculations may, consequently, slow down the process 

considerably and, as a result, constitute a bottle-neck in the treatment 

planning workflow. Furthermore, for any algorithm that models advanced 

phenomena, like clinical 3D dose distributions, there is a risk for situations 

where the accuracy is worse than expected. The reasons may be inadequate 

physical modelling for the wide range of clinical applications and/or 

mistakes in the software programming (bugs), often in combination with 

insufficient testing prior to the clinical release. There are several published 

examples of such problems that may well have clinical repercussions 

(Alam et al 1997, Venselaar and Welleweerd 2001, Gifford et al 2002, 

Jeraj et al 2002). Moreover, these problems are manifested by the fact that 

inherent uncertainties in commercial dose calculation algorithms generally 

are not sufficiently described by the companies that market TPSs. In 

addition, there is a tangible risk for errors to be introduced by the user(s) 

during the planning process (Yeung et al 2005), often due to simple human 

mistakes in combination with inappropriate clinical routines. 

2.2. Independent dose calculation 

An independent dose calculation is a quality assurance procedure that 

can be performed in order to verify the planning dose calculation. To 

include an independent dose verification in the clinical QA routine is 

recommended by international organizations, such as ESTRO (Dutreix et 

al 1997, Mijnheer et al 2001) and AAPM (Kutcher et al 1994, Fraass et al 

1998), as well as required by some national regulations (Swedish 

Radiation Protection Authority 2000). 
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Traditionally this has been achieved by point dose verification utilizing 

factor-based models (see section 3.1). Considering the complexity in 

modern multi-segment treatment plans one must, however, reflect upon the 

suitability of employing dose calculation methods with such limited 

flexibility. In order to perform the dose verification in an efficient manner 

it seems rational to start by outlining the basic issues that need to be 

considered for an independent dose calculation: 

Does it have to be as accurate as the planning dose calculation in all 

cases, or should it perhaps be even more accurate? The answer is 

obviously related to the level of ambition: Is the objective just to find large 

“catastrophic” errors, or should it be to catch small, but possibly 

systematic, errors in the planning dose calculation as well? 

Is a single point dose verification sufficient? Or should the independent 

dose calculation provide a dose distribution that enables verification along 

a line (1D), over a surface (2D), or even inside a volume (3D)? For a point 

dose calculation the level of modelling in the algorithm can in most cases 

be extensive without causing considerable calculation times. But if the task 

is to create a full 3D dose distribution the trade-off between accuracy and 

speed might once again influence the design of the calculation algorithm, 

even if the question of iterative dose calculations appears to be irrelevant 

for verification purposes. 

The potential problem of long calculation times may or may not 

constitute an actual problem, depending on how well the independent dose 

calculation is integrated into the clinical workflow. From a workflow 

perspective a solution that automatically, i.e. without demanding any 

manual operations, executes this dose verification on all treatment plans 

prior to the treatment start would seem as an attractive concept. Together 

with an intelligent alarm function that is triggered by unacceptable 

deviations this would enable the responsible medical physicist to focus 

exclusively on the cases that are relevant for further analysis. 

A vital characteristic for such an independent dose calculation is that 

the calculation results are truly independent from the planning dose 

calculation that they intend to verify. A consequence of this required 

independence is that the input data that is used to characterize the different 

beams in the clinic, typically some experimental data set, must not be 

identical to the corresponding measured input data that is provided for the 
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TPS (Knöös et al 2001). Furthermore, intermediate calculation data from 

the TPS, such as radiological depths, should not be a part of the 

independent dose calculation. 

And finally, the fact that formal statements concerning the uncertainties 

associated with planning dose calculation algorithms essentially are 

lacking, raises question whether this somehow can be compensated by 

instead providing valid uncertainty estimations for the independent dose 

calculation results (Papers I-III). Such a feature might both enhance and 

simplify the process of setting clinical action levels that identify the cases 

where the discrepancies between planning and independent dose 

calculations should be further investigated before authorizing a treatment 

start. 

It should, however, be pointed out that for some of these issues it will 

be difficult to reach an indisputable conclusion, as the outcome will 

depend on which aspects that are given the highest priority. Nevertheless, 

analysing and discussing this type of questions is important in order to 

create efficient and justifiable QA routines for clinical dose verification in 

radiotherapy. 
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3. DOSE CALCULATIONS FOR PHOTON BEAMS 

The main focus of this section is to present and discuss the specific 

dose calculation models that have been developed and evaluated within 

this thesis. A short summary of an alternative empirical approach, 

regularly applied for independent dose calculations, has also been 

included. For a more comprehensive overview of different methods that 

are commonly utilized for dose calculations in external photon beam 

therapy, see for example Ahnesjö and Aspradakis (1999). 

When examining dose calculation results the issue of normalization 

should be considered. Quite often these calculations are normalized to a 

specific point located within the irradiated volume, thereby cancelling out 

calculation errors associated with this point. It seems, however, relevant to 

instead present results normalized to the reference conditions (Starkschall 

et al 2000), as this approach essentially will include all the clinical dose 

calculation uncertainties (apart from the uncertainty inherent in the 

absolute dose calibration). In order to make a distinction between these 

two normalization approaches the latter results are sometimes described as 

(dose) output or output factors (for a more detailed description, see section 

3.4). Consequently, when dealing with output normalized results it is 

analogous to determine/verify the dose to a point for a given number of 

MU, as vice versa. Throughout this thesis the presented dose calculation 

results have been output normalized (apart from Paper IV as the beam 

flatness is defined through the variations within each radiation field). 

3.1. Dose calculation methods 

The probably most straightforward way of calculating the dose output 

in treatment setups that are different from the reference conditions is 

through multiplicative correction factors that describe the dose variations 

associated with different treatment parameters, such as field size, depth, 

etc. This approach is commonly referred to as factor-based calculation 

methods and has been the subject of detailed descriptions (Dutreix et al 

1997, Venselaar et al 1999). The individual factors are normally structured 

in tables derived from measurements or described through 

parameterizations. Alternatively, they can be calculated through direct 

modelling, for example the inverse square law accounting for varying 

treatment distances. From an implementation point of view a factor-based 

method may be an attractive approach due to its theoretical simplicity, 
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once the required measurements have been made. There are, however, 

problems associated with this approach, the most obvious one being the 

lack of generality. For a treatment parameter that requires several degrees 

of freedom for a pertinent description, such as the shape of an irregular 

field (Paper II), it becomes practically impossible to tabulate or 

parameterize a factor that is able to cover all possible cases. But for simple 

point dose calculations along the central beam axis in fairly regular field 

shapes factor-based methods are sufficient. This is also the reason for its 

widespread use as an independent method for dose calculation in 

radiotherapy. 

Considering the complexity in external beam therapy of today a dose 

calculation method that offers a higher generality is desirable. This 

requirement suggests that the focus of the method has to be shifted from 

essentially managing experimental results to more explicit modelling of 

the physical processes that significantly influence the dose output. One 

natural divider for this physical modelling goes between the radiation 

source, i.e. the treatment head of the linear accelerator, and the irradiated 

object, i.e. the patient or the phantom. The former emits an energy fluence 

distribution, comprised basically of high-energy photons, per monitor 

signal. If this distribution can be accurately modelled and then combined 

with a model capable of providing the resulting dose per incident energy 

fluence, the dose output can be separated into 

( , ; ) ( ; ) ( , ; )

( ) ( ) ( ; )

D d A A D d A

M A M A A

Ψ

Ψ
= ⋅

x x x

x

                                   (2) 

where D is the dose, x is an arbitrary point, d is the treatment depth, A 

represents the treatment head setting, Ψ is the energy fluence, and M is the 

monitor signal (see figure 3). The formation of dose through energy 

deposition in the irradiated medium can be described by a so-called dose 

(calculation) engine (section 3.3). More information on the experimental 

quantities related to equation (2) is given in section 3.4. One advantage of 

this approach is that the clear physical separation makes it possible to 

combine different sorts of calculation models for each step. For instance, a 

valid energy fluence distribution can be used as input for a dose engine 

utilizing Monte Carlo simulations as well as some kind of kernel 

convolution. The major topic in Paper I, and partly also in Paper II, is the 
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development of a multi-source model describing the energy fluence that is 

emitted per monitor signal from the treatment head of a linear accelerator. 

3.2. Multi-source modelling of energy fluence  

In many cases the radiation source of a linear accelerator is seen as a 

single point source located at the nominal focal point, normally 100 cm 

“upstream” from the accelerator’s isocenter. However, in reality the focal 

source contributes with just 90-97% of the energy fluence reaching the 

isocenter point, depending on field size and treatment head design. In order 

to facilitate accurate modelling of the exiting energy fluence the remaining 

significant sources must be identified and accounted for as well. Figure 3 

shows an overview of the most important components that are involved in 

the creation of a clinical megavoltage photon beam (when no additional 

beam modulator, such as a physical wedge, is employed). The upper and 

lower (secondary) collimators in figure 3 may be either conventional jaws 

or multileaf collimators. In some treatment heads a third level of secondary 

collimators has also been introduced. 

Based on this schematic description of the treatment head it is possible 

to create a general expression for the resulting energy fluence per monitor 

signal (Ahnesjö et al 1992a, Papers I-IV) 

d e c

d e c

( ; ) ( ; ) ( ; )( ; )

( ) ( )

A A AA

M A M M M A

Ψ Ψ ΨΨ + +
=

+ +

x x xx
.                     (3) 

The indices d, e, and c in equation (3) represent direct (focal), extra-focal, 

and collimator contributions, respectively (in Paper I the direct part was 

referred to as “primary” instead, thus the usage of index p). These three 

sources also influence the dose monitor signal M, but it is only the part 

associated with the collimators downstream from the monitor chamber 

(Mc) that varies with the collimator setting A. In the remaining part of 

section 3.2 the different components of equation (3), and in particular 

some of the aspects that have not been covered in the four papers of this 

thesis, will be discussed. The influence from charged particle 

contamination on doses at shallow depths (Sjögren and Karlsson 1996, 

Yang et al 2004) will, however, not be included in this discussion. 
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Figure 3. Schematic illustration of the treatment head 

of a linear accelerator set for photon beam therapy 

together with an irradiated patient/phantom. 

3.2.1 Direct contribution Ψd  

The X-ray target (see figure 3) is designed to stop the impinging 

electron beam and thereby convert it into a beam of bremsstrahlung 

photons. Consequently, it constitutes the direct (focal) photon source. The 

electron interaction cross section for bremsstrahlung processes increases 

with the atomic number (Z) of the medium, which is the reason for 

typically manufacturing X-ray targets from elements such as tungsten 

(Z=74) or gold (Z=79). This high-Z material can also be combined with a 

subsequent layer of lower Z, such as copper or aluminium, in order to 

further harden the X-ray spectrum (Karzmark et al 1993). 

The direct source is in actuality not a point source, i.e. it is associated 

with a finite size. Undoubtedly, the source projection that is perpendicular 

to the beam direction is of a particular significance, as this is the projection 
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that faces the collimator opening of the treatment head. The most thorough 

experimental investigation of such lateral spot distributions is possibly 

presented by Jaffray et al (1993) that rotated a single slit camera and then 

reconstructed the distributions through a CT reconstruction technique. In 

total 12 different megavoltage photon beams were studied over a period of 

up to two years. The conclusion was that the shape of the distribution is 

approximately Gaussian, although in some cases rather eccentric (ratios up 

to 3.1 were observed). The Full Width at Half Maximum (FWHM) varied 

between 0.5 and 3.4 mm, while the corresponding span for Full Width at 

Tenth of Maximum (FWTM) went from 1.2 up to 7.1 mm. More typical 

values for FWHM and FWTM were however 1.4 and 2.8 mm, 

respectively. If the typical FWTM (2.8 mm), representing the major part of 

the direct source, is projected from the level of the X-ray target down to 

the isocenter plane through the upper collimators the projected spot size 

FWTMiso can approximately be calculated as (see figure 3) 

iso u
iso

u

FWTM FWTM
d d

d

−
= ⋅ .                                         (4) 

By setting diso=100 cm and du=20 cm, i.e. a collimator located high up in 

the treatment head, the projected FWTMiso becomes 11.2 mm. This 

distance corresponds to the width of a “zone” centred along the edge of a 

field where the focal spot is partially visible and partially obscured, 

sometimes referred to as the geometric penumbra. Hence, assuming a 

typical spot size for a megavoltage photon beam implies that points located 

more than 6 mm from the field edge at isocenter level generally are 

unaffected by the lateral distribution of the direct source. The minimum 

corresponding distance among all geometries evaluated in this thesis 

amounted to 10 mm, which indicates that this effect has not influenced the 

presented results. 

The “raw” X-ray lobe produced in the bremsstrahlung target is 

predominantly forward directed, which means that it needs to be 

modulated in order to become clinically applicable. The goal is to create a 

beam with a more or less uniform lateral intensity (this design problem is 

the subject of Paper IV). The modulation takes place in a cone-shaped 

flattening filter (see figure 3), which subsequently becomes an additional 

source of scattered radiation inside the treatment head (section 3.2.2). The 

distribution of direct photons that exits the treatment head without 
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interacting, i.e. Ψd (x;A) in equation (3), is directly linked to the 

modulation in the flattening filter. As the position of both the direct source 

and the flattening filter is constant, there is however no reason to explicitly 

describe this beam modulation. The direct contribution Ψd (x;A) can, 

therefore, be modelled through a lateral description of Ψd exiting the 

flattening filter (here assumed to be rotation symmetric around the central 

beam axis) together with the beam aperture A. 

3.2.2 Extra-focal contribution Ψe  

In this thesis the extra-focal source represents the sum of all scattered 

radiation produced below the direct source (X-ray target) and above the 

uppermost secondary collimator. Several published investigations (Jaffray 

et al 1993, Sheikh-Bagheri and Rogers 2002, Zhu and Bjärngard 2003) 

have shown that the extra-focal radiation is closely linked to the flattening 

filter and the fixed primary collimator (see figure 3). Moreover, a variety 

of extra-focal source distributions have previously been suggested and 

evaluated (Sharpe et al 1995, Hounsell and Wilkinson 1996, 1997, Jursinic 

1997, Jiang et al 2001). In Paper I a pyramidal distribution was introduced 

and tested. From Paper II and onwards this was, however, replaced by a 

Gaussian distribution (see figure 4), mainly due to the theoretically more 

correct rotational symmetry.  
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Figure 4. After Paper I the pyramid (a) was replaced by a Gaussian 

(b) as extra-focal source distribution. The diameter of the Gaussian 

corresponds to the diagonal of the maximum field size Fmax 

(normally 40 cm at isocenter distance), following the divergence of 

the beam. The Gaussian has been truncated so that the integral 

amounts to 92% of a full, i.e. infinite, Gaussian distribution. The 

comparison also included a cone-shaped source distribution (c). 

Ahnesjö (1994) compared calculated values of Ψe using a cone-shaped, 

a Gaussian, and a flat source distribution. Although the cone-shaped source 

was presented as the best analytical representation of the scatter emitted by 

the flattening filter, the conclusion was that the applied source distribution 

is not a critical parameter due to the smoothing that comes with the source 

integration procedure. Using the set of 100 irregular MLC fields that was 

investigated more quantitatively in Paper II (see figure 5) a similar 

comparison has been performed here, but instead comparing a pyramidal, a 

Gaussian, and a cone-shaped source distribution. The calculated values for 

Ψe were more or less identical, generally within 0.2% of the total energy 

fluence, for all three source distributions. One systematic deviation was 

however found; for the cross-shaped field the pyramidal source 

distribution provided energy fluence values that were on average 0.3% 

lower than the Gaussian and the cone-shaped source. This can be explained 
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by the alignment between the two elongated rectangles that make up the 

field area and the flat faces of the pyramid. 

 

Figure 5. The set of ten irregular field shapes (including three different 

sizes for the “circle” and the “belly” shape) that was utilized in Paper II. 

The measurements and calculations were repeated for ten different photon 

beams, resulting in 100 investigated MLC fields in total. 

Yet another modification in the calculation of Ψe that was introduced in 

Paper II was the attempt to model the geometric shielding effect of thick 

collimators by performing ray tracing through three 

attenuating/modulating layers for each collimator, instead of just one (see 

figure 6). 
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Figure 6. On the left side of the beam 

the source modulation associated with 

the MLC is modelled using only the 

upper leaf edges. On the right side, 

however, three layers (shown as thick 

lines) are used to more adequately 

model the geometric shielding effect 

due to the collimator thickness.  

The concept of ray tracing through multiple collimator layers was 

evaluated in the work by Naqvi et al (2001) for an Elekta SL20 

accelerator. The number of layers representing the MLC was in that case 

as high as 200 (although for the backup jaws only one single layer was 

used). The decision to always use three layers in the present work was 

based on the findings of a “striped” test field (see figure 7). By increasing 

the number of layers from one to three in the calculations the extra-focal 

contribution Ψe decreased by 0.9%, relative to the total energy fluence. 

The difference between three and four layers was however negligible, 

which suggests that more than three layers is “overkill” for calculations of 

Ψe. Figure 8 shows the extra-focal source as seen from the calculation 

point (isocenter) up through the “striped” MLC setting. 

 

Figure 7. A “striped” test field was 
used to establish a relevant number 
of layers to model the collimator 
thicknesses. The treatment head 
geometry was identical to a 
Siemens Primus accelerator. 
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Figure 8. The view towards the Gaussian extra-focal source, as seen from the 

isocenter point through the “striped” MLC setting (figure 7). In Paper II the 

number of layers used to model the collimators in the calculations was 

increased from one (a) to three (b). A photograph (digitally enhanced) shows 

the same view in reality, using the field light as “radiation source” (c). 

Finally, it should be pointed out that the most critical situation when 

modelling collimator edges is in fact not associated with calculations of 

Ψe, but with calculations of the direct energy fluence Ψd in the penumbra 

region (particularly for focused collimator edges). Hence, it should be 

investigated whether three layers can facilitate accurate fluence/dose 

calculations also in such cases. In the software implementation that was 

utilized in this work rounded collimator edges were modelled by a short 

zone of gradually decreasing modulation at the front edge of the 

collimator. This aspect of collimator design is most likely not critical for 
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the calculations performed here, but once again it will be an important 

phenomenon to account for in situations where the direct source is partially 

shielded, i.e. inside the geometric penumbra. 

3.2.3 Collimator contribution Ψc  

Among the three energy fluence contributions that are included in 

equation (3) the one associated with the secondary collimators (Ψc) is 

generally considered to be the least significant one (Ahnesjö 1995, Sheikh-

Bagheri and Rogers 2002, Zhu and Bjärngard 2003). For a typical 

collimator design of a linear accelerator Ψc rarely exceeds 1% of the total 

energy fluence. This is one of two main reasons why Ψc often is not 

modelled as an explicit part of the emitted energy fluence. Instead it is 

included in the extra-focal contribution Ψe (Hounsell and Wilkinson 1996, 

Jiang et al 2001, Naqvi et al 2001), which generally works well. 

The second reason is that the collimators are more complicated to 

model than other sources in the treatment head due to the simple fact that 

they do not have a fixed position. Furthermore, the collimators are in 

practice made up of several independent structures that are mounted above 

and below each other (see figure 3), which forms a scatter source that has a 

considerable extension along the beam direction. All together this makes 

the ray tracing of collimator scattered fluence rather complex. 

In Paper I a straightforward approach, where the field edges were 

compared to a fully visible isotropic line source, was suggested. This 

means that Ψc is proportional to the perimeter of the field and, in addition, 

fairly constant laterally. Inside rectangular fields, which was the 

investigated geometry in Paper I, this is a valid approximation as the field 

defining collimator edges are completely visible and there is, therefore, no 

inter-element blocking. Ahnesjö (1995) showed, however, that for focused 

leaf tips the irradiated collimator edges that face the direct source are the 

main contributors to Ψc. Inside a highly irregular MLC field (like the 

“striped” test field in figure 7) or outside the field edges considerable parts 

of these upper collimator edges will be blocked by lower parts of the 

collimator (see e.g. figure 8(c)), which consequently may lead to 

overestimated values of Ψc if not accounted for. An alternative way of 

modelling Ψc has been suggested by Zhu and Bjärngard (2003). The 

variable source of collimator scatter is approximated by a dedicated large, 

but static, Gaussian source that is subsequently ray traced through the 
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collimators located below it. The calculated results were compared with 

measurements in air both inside and outside various rectangular fields and 

showed better agreement than calculations that included Ψc in the extra-

focal contribution Ψe. 

3.2.4 Dose monitor signal M 

The dose monitor signal M can be considered as a sum of a few 

different contributions, as indicated in the denominator of equation (3). 

These contributions are, however, constant for a given photon beam, with 

one exception; the backscattered component Mc associated with the 

variable secondary collimators. This component has previously been 

investigated through various experimental techniques and/or Monte Carlo 

simulations (Liu et al 1997, Lam et al 1998, Verhaegen et al 2000, Ding 

2004). The reported variations in total monitor signal M over the entire 

range of collimator settings go from zero up to several percent. Many of 

the published investigations have been focused on Varian Clinac 

accelerators, and this is possibly also the major accelerator brand that is 

most intimately associated with considerable variations in the 

backscattered monitor signal (except for the GE/CGR Saturne that is no 

longer on the market). One possible way to significantly reduce the 

influence from this effect is to introduce a thin aluminium sheet/plate 

between the secondary collimators and the monitor chamber in order to 

stop backscattered low-energy particles from reaching the chamber (Liu et 

al 1997, Hounsell 1998). 

In a similar manner as the forward directed collimator scatter Ψc the 

variations in Mc have in some cases not been modelled explicitly (Hounsell 

and Wilkinson 1997, Naqvi et al 2001), which essentially means that the 

effect instead has been integrated in the extra-focal contribution Ψe. If 

these variations are negligible for the treatment head and photon beam in 

question this is obviously not a problem. In other cases, however, this may 

constitute a source of uncertainty as a varying dose monitor signal M 

works as a general output correction factor, while Ψe is an additional 

energy fluence contribution associated with a spatial variation. 

One approach when trying to model the monitor backscatter effect has 

been to set the variations in Mc proportional to the irradiated collimator 

area facing the monitor chamber, but projected down to the isocenter plane 

(Lam et al 1996, Jiang et al 2001). This was also the concept that was 
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applied in Paper I. But instead of establishing the relative importance 

between the different collimators empirically it was described using a 

generic relation, based on the distance between the backscattering 

collimator surfaces and the dose monitor chamber (see figure 3). This can 

be compared to the model developed by Ahnesjö et al (1992a), even if the 

generic relation between the collimators differs. In Paper I it was assumed 

that Mc decreases proportionally to the monitor-collimator distance, while 

Ahnesjö et al instead propose an inverse square relationship. Neither of 

these two relations has, to my knowledge, been verified through explicit 

measurements of M or Mc. Figure 9 shows how the entire monitor signal M 

varies with the collimator jaw setting for a Varian Clinac treatment head, 

according to the models suggested in Paper I and by Ahnesjö et al (1992a). 

Both models were in this case normalized so that the increase in monitor 

backscatter (Mc) generates a 3% increase in total monitor signal (M) when 

reducing the square field size from 40×40 to 4×4 cm2. The largest 

discrepancy (approx. 0.6%) is associated with large openings of the upper 

collimator and small openings of the lower.  

 

Figure 9. Comparison of the calculated total monitor signal M utilizing 

the collimator backscatter models proposed by Olofsson et al in Paper I 

and by Ahnesjö et al (1992a). In both cases M was set to 1 and 1.03 for 

the 40×40 and 4×4 cm2 fields, respectively. The calculations describe a 

Varian Clinac treatment head where only the secondary collimator 

jaws, i.e. no MLC, have been applied. 
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3.3. Dose calculation engine 

The last part of equation (2) represents the dose calculation engine that 

converts the distribution of energy fluence, i.e. photons, into absorbed dose 

inside the patient or the phantom. A few different types of dose calculation 

engines are commonly employed for photon dose calculations in 

radiotherapy applications. Among them, the techniques that are based on 

Monte Carlo simulations (Rogers 2006) model the energy deposition 

processes most explicitly. This is accomplished by using random numbers 

in combination with descriptions of basic interaction properties for 

individual particles in matter. After simulating typically several millions of 

particle histories, all the interactions in the irradiated object can be 

summarized and yield the resulting dose distribution. Monte Carlo 

techniques are highly appreciated for their general applicability and 

accuracy, but have still not reached a major clinical breakthrough due to 

the considerable calculation times that they are associated with. 

A more common approach in clinical TPSs is to convolve the energy 

fluence distribution with energy deposition kernels that describe the spatial 

distribution of the energy deposition events caused by a specific group of 

particles interacting at a given point, line, or surface in a given medium 

(normally water). The kernels can also be divided into separate 

components depending on interaction history, e.g. a primary and a 

secondary scatter component, in order to model different phenomena or to 

facilitate more adequate parameterizations. The most commonly applied 

energy deposition kernels in calculations for photon beam therapy are 

point and pencil kernels (see figure 10). Point kernels have the advantage 

that they enable a more proper 3D modelling of the energy deposition 

processes (Mackie et al 1985, Mohan et al 1986, Ahnesjö et al 1987), 

which can yield accurate calculation results also in cases where the 

irradiated object comprises arbitrary shapes and/or heterogeneous 

densities. Although, one drawback is once again the long calculation times, 

which are related to the 3D ray tracing through the irradiated object. 
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Figure 10. Illustration of different types of energy deposition 

kernels; point kernel (a), pencil kernel (b), and planar kernel (c). The 

thin lines represent isodose curves generated by the incident 

photons. (From Ahnesjö and Aspradakis (1999), with permission.) 

The currently dominating type of dose engine for energy fluence based 

dose calculations is built on pencil kernels, which means that the deposited 

energy originates from photons interacting along a common line of 

incidence (see figure 10(b)). This is a concept that provides a good 

compromise between generality, accuracy and calculation speed. One way 

of determining the “anatomy” of a pencil kernel for a given photon beam is 

by Monte Carlo simulations (Mohan and Chui 1987, Ahnesjö et al 1992b). 

An alternative experimental approach is to radially differentiate measured 

scatter properties (Ceberg et al 1996, Storchi and Woudstra 1996, Storchi 

et al 1999). 

The photon pencil kernel that has been utilized and evaluated in Papers 

II-IV has been described in detail by Nyholm et al (2006a, 2006b, 2006c). 

The radial kernel parameterization p/ρ, originating from the work by 

Ahnesjö et al (1992b), is expressed in cylindrical coordinates as 

( ) ( )( ) e ( ) e
( , )

a d r b d r
p A d B d

r d
rρ

− ⋅ − ⋅⋅ + ⋅
=                              (5) 

where r is the radius and d is the calculation depth. The depth dependent 

parameters A(d) and a(d) are associated with the primary dose deposition, 

while B(d) and b(d) describe the scatter dose. In the original work by 

Ahnesjö et al no general description of the depth dependence was 

presented (although numerical values of A, a, B, and b were given for a 

few depths in three different photon beams). Nyholm et al (2006c) 

therefore introduced a general parameterization also for the depth 
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dependence. In practice the entire kernel is characterized through 17 

parameters that yield A, a, B, and b for arbitrary depths (0≤d≤50 cm). 

Through fifth-degree polynomials these 17 parameters are all directly 

linked to the beam quality index TPR20,10, which consequently becomes the 

only input data required for the pencil kernel. Despite this extremely 

limited set of commissioned beam data the calculated results show good 

agreement, particularly at clinically relevant depths, when comparing with 

measured data from a database consisting of 593 clinical megavoltage 

photon beams. 

Nyholm et al (2006a) have also generalized the pencil kernel model in 

order to adequately model the lateral shift in beam quality, known as off-

axis softening, that is associated with megavoltage photon beams. This is 

achieved by a previously uninvestigated approach that varies the pencil 

kernel characteristics laterally according to a published generic description 

of the lateral beam quality variations (Tailor et al 1998). In Paper III the 

combined performance of the multi-source model from Paper I and II and 

the pencil kernel model is thoroughly tested at points located up to 18 cm 

from the central beam axis. The conclusion was that errors of several 

percent can be avoided by properly including the off-axis softening in 

accordance with the proposed method. 

Furthermore, an analysis of the observed deviations for the 593 photon 

beams mentioned above has been used to create both an empirical kernel 

correction and a model for estimation of the residual errors linked to the 

pencil kernel properties (Nyholm et al 2006b). These two models have 

been utilized throughout this thesis when performing dose calculations and 

uncertainty estimations. Figure 11 illustrates how the calculation accuracy 

improves noticeably when applying the kernel correction on pencil kernel 

dose calculations in irregular MLC fields (Paper II). 
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Figure 11. The deviations between calculated and measured dose 

deposition (the definition of q is given in equation (8) in section 3.4) 

for the 100 irregular MLC fields investigated at 5, 10, and 20 cm 

depth in Paper II. The improvement is obvious when comparing 

results where the proposed pencil kernel correction (Nyholm et al 

2006b) has been applied (b) to the uncorrected results (a). 
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3.4. Experimental beam data 

As discussed in the beginning of chapter 3, when normalizing dose 

calculations or measurements to the reference conditions the results are 

commonly referred to as output factors (OF) 

total

ref ref ref ref

( , ; ) / ( )
OF ( , ; )

( , ; ) / ( )

D d A M A
d A

D d A M A
=

x

x

x

.                   (6) 

The index in OFtotal indicates that the total effect under full scatter 

conditions, normally in a large water phantom, is considered (Paper II and 

III). Most often when OFtotal is determined experimentally a regular air-

filled ionization chamber is utilized as detector. This type of detector is 

better suited than for instance a silicon diode due to the increased 

sensitivity for scattered (low-energy) photons that is found in silicon 

(Karlsson et al 1997). Examples of alternative notations that sometimes are 

used for the total output factor are OFwater and Scp. In all cases presented 

within this thesis the reference geometry has been defined as the isocenter 

point (xref) at 10 cm depth (dref) in water inside a 10×10 cm2 field (Aref).  

The calculation results from the proposed multi-source model, i.e. 

energy fluence Ψ per monitor signal M, can be normalized to the reference 

geometry in a similar manner (Paper I and II). This quantity is commonly 

referred to as head scatter factor or output factor in air 

air

ref ref ref

( ; ) ( )
OF ( ; )

( ; ) ( )

A M A
A

A M A

Ψ

Ψ
=

x

x

x

.                                (7) 

Experimentally OFair (or Sc, as it sometimes is written) is determined 

through ionization measurements inside a mini-phantom or a build-up cap, 

which should always be enclosed by the investigated field. It should, 

however, be large enough to provide lateral electron equilibrium and to 

prevent contaminating electrons from reaching the detector. Such 

measurements of OFair represent in reality a kerma ratio at the 

measurement depth. This means that the energy absorption coefficient 

(µen/ρ), weighted by the incident photon spectrum, must remain constant if 

the measured OFair should properly describe the relative energy fluence per 

monitor signal, as stated in equation (7). When x=xref (and no physical 

wedge is introduced) this condition is generally fulfilled as the spectral 

variations are small (Weber et al 1997). However, when x≠xref lateral 

variations in the photon spectrum may introduce experimental 
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uncertainties (Johnsson and Ceberg 1997), particularly for build-up caps 

made of high-Z materials (Tonkopi et al 2005). 

In Paper II a quantity that includes all effects related to the dose 

calculation engine, in this case the pencil kernel model presented in section 

3.3, was introduced 

total

air ref ref ref ref ref

OF ( , ; ) ( , ; ) / ( ; )
( , ; )

OF ( ; ) ( , ; ) / ( ; )

d A D d A A
q d A

A D d A A

Ψ

Ψ
= =

x x x

x

x x x

.   (8) 

When x=xref and d=dref q is identical to the well-known phantom scatter 

factor, commonly denoted Sp. But as we were interested in a quantity that 

is not limited to merely a variable beam aperture (A), the decision was 

made to instead introduce this new and more general quantity q. Quite 

often similar limitations are associated with OFtotal and OFair as well, but in 

these cases we chose to instead employ more general definitions. 

Before experimental beam data can be used to evaluate the accuracy in 

dose calculations, these calculation models require basic input data for 

beam characterization. Hence, an important application for these 

measurements is to provide such basic beam data in the first place. Many 

existing dose calculation methods require a substantial set of 

commissioned beam data, including output factors, relative depth doses, 

and lateral beam profiles acquired in different field sizes and at various 

depths. Depending on how the head scatter effects are modelled in the 

calculations the balance between measured OFair and information on the 

treatment head design may vary. 

The multi-source model presented in Paper I and II requires only ten 

measured OFair, preferably acquired in square fields between 4×4 and 

40×40 cm2, plus information on the location and design of the secondary 

collimators in the treatment head (see figure 3). For accurate dose 

calculations at arbitrary lateral positions, investigated in Paper III, a dose 

profile measured at 10 cm depth in water along the diagonal of the 

maximum field size (normally 40×40 cm2) should also be provided. The 

fact that the dose calculation engine utilizes a photon pencil kernel that is 

solely based on the beam quality index TPR20,10 means that this part of the 

beam characterization procedure is extremely quick and simple. 

When discussing the use of commissioned beam data as input for 

individual beam characterization, one should reflect over the rather vague 
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beam specifications that are offered by manufacturers of linear accelerators 

used in radiotherapy. It is perhaps time for the manufacturers to instead 

provide a full set of generic beam data, including depth doses, dose 

profiles, etc., that describes all delivered linacs within a specified and tight 

margin. Not only would such a paradigm shift save a lot of time and effort 

that is currently spent by the medical physicists responsible for introducing 

new linacs into the local TPS, but it might also improve the quality of the 

beam data as the risk of introducing experimental mistakes and errors will 

be significantly reduced. 

3.5. Calculation uncertainties 

The uncertainties that are associated with dose calculation models 

employed in radiotherapy are generally not accounted for in a systematic 

way. The main reason for this is simply that they are not clearly presented 

and are, therefore, not well known by the clinical users. A first step 

towards an improved handling could be to identify the various sources of 

uncertainty that are associated with different parts of the calculation 

model. One way of doing such an identification would be to perform 

comparisons with the results of Monte Carlo simulations, which then also 

enables the possibility to isolate small details of the models that are 

difficult or even impossible to investigate through experimental 

techniques. Such an approach can potentially help to create methods for 

uncertainty estimation that are directly linked to the separate phenomena 

included in the modelling, such as source distributions, ray tracing etc. No 

such Monte Carlo simulations have, however, been performed within the 

framework of this thesis. 

Instead a more empirical approach has been applied in Papers I-III 

where the observed deviations between calculated and measured results 

were analysed statistically. By investigating how the uncertainties change 

when the setup is varied, a simple model for estimation of the calculation 

uncertainties associated with individual treatment setups was created. The 

basic concept was that the total relative uncertainty stotal, corresponding to 

one standard deviation, can be derived through separate uncertainty 

components s. These components are associated with various treatment 

parameters p, describing the collimator setting, treatment depth, off-axis 

distance, etc. 
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2 2 2

total 1 2 n 1 1 2 2 n n( , , , ) ( ) ( ) ( )s p p p s p s p s p= + + +… … .   (9) 

The different components are thus assumed to be independent of each 

other and represent standard deviations of Gaussian distributions with 

mean values equal to zero, implying that any combined systematic error is 

negligible compared with the random errors. The details for the various 

uncertainty components are presented in Papers I-III and by Nyholm et al 

(2006b). Furthermore, no attempts were made to somehow “remove” the 

experimental uncertainties in order to solely describe shortcomings in the 

calculation models, as this would be very difficult. A result of this is that 

the estimated dose calculation uncertainties are not applicable when 

comparing with experimental samples that are associated with significantly 

different experimental uncertainties. 

 

Figure 12. The uncertainty component spos, coupled to the off-axis 

position (r), was derived and parameterized in Paper III by analysing 

the deviations between dose calculations and measurements in four 

different photon beams. The parameterization of spos also includes the 

treatment depth (d), but not the photon beam quality. 

An empirical approach demands quite an extensive set of experimental 

data in order to provide valid error estimations (simply due to the 

statistics). The experimental sample sizes will always set a limit to how 

detailed such an error estimation model actually can be. Having access to 
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large amounts of data means that it can be analysed through more filters, 

such as beam quality or linac type, while smaller data sets must be kept 

together in order to maintain samples that are large enough for a proper 

statistical analysis. The error estimation model presented as a part of this 

thesis should essentially be seen as a first step towards dosimetric error 

estimations for individual treatment setups. The most important conclusion 

from this part of the work is most likely that it appears to be a feasible 

concept. Although more experimental data should be incorporated, 

preferably in combination with well-designed Monte Carlo simulations for 

a better understanding of the physics behind, in order to enter the room for 

improvement that undoubtedly exists. 



 

 34 

4. CLINICAL DOSE VERIFICATION 

4.1. Verification strategies 

The basic purpose of independent dose verification is to make sure that 

the dose that is delivered to the patient closely coincides with the 

prescribed dose. Figure 13 is an attempt to illustrate the different steps that 

are involved in the rather complex treatment workflow. 

 

Figure 13. During the planning process the TPS simulates the treatment 

setup and calculates the dose distribution in the patient. The obtained 

treatment parameters are exported to a database (sometimes referred to as a 

record-and-verify (R&V) system) that stores and subsequently transfers all 

the parameters to the accelerator before each treatment session. All 

discrepancies between the simulation (virtual reality) and the actual treatment 

setup (reality) have the potential to introduce errors in the final dose. 

The definite, but in practice unrealistic, way of verifying all steps in 

figure 13 would be to look directly at the endpoint, i.e. to somehow 

determine the delivered dose distribution in the patient and compare it with 

the calculated dose. The closest solution currently available is presumably 

to perform in-vivo dosimetry using an electronic portal imaging device 

(EPID), which means that the patient exit dose is measured and compared 

with a corresponding dose calculation where the patient has been 

accounted for (Pasma et al 1999). In this way the position and anatomy of 

the patient is integrated in the verification procedure. 
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The concept of verifying all steps in the treatment procedure through 

one single QA check may, however, lead to difficulties in cases where 

discrepancies are encountered. The reasons for the discrepancies will in 

many cases not be obvious, which means that identifying the underlying 

problem and finding an appropriate solution may become a challenging 

task. Another issue that should be considered is the periodicity of the 

checks. Some of the steps in figure 13 may only need to be verified once, 

like the planning dose calculation, while others seem relevant to check 

regularly. For instance, the integrity of the parameters for treatment 

delivery (which normally are open for editing inside the treatment 

database) could preferably be verified through a fully automatic checksum 

algorithm before each treatment session. Hence, performing a complete, 

and potentially time-consuming, verification of the delivered dose after 

each individual treatment session might in the end prove to be an 

inefficient QA strategy (apart from the obvious disadvantage that errors 

only can be detected after treatment delivery). 

It may be more efficient to focus on the various steps one by one, i.e. to 

answer the four small question marks in figure 13 separately. This enables 

QA checks that are optimized for each step and that can be carried out with 

varying periodicity. A set of specialized checks for the accelerator 

calibrations (dose monitor, collimator positions, gantry angle, etc.) that are 

performed regularly, but independently of the individual treatment plans, 

can offer an adequate solution. Verifying that a given parameter behaves 

and performs in a constant manner can be a very efficient way of 

performing QA as it is simple to compare the performance with some kind 

of reference value. Furthermore, all the recent developments in the area of 

image guided radiotherapy (IGRT) (Xing et al 2006) have drawn a lot of 

attention to how the position and anatomy of the patient can be verified. 

Consequently, the strategy of separated QA checks means that the 

planning dose calculation should be explicitly verified. 

4.2. Dose calculation verification 

As the purpose of the independent dose calculation is to verify the 

validity of the planning calculation it is important that they describe the 

same treatment conditions. This may seem obvious, but the currently 

employed independent dose calculation methods are most often incapable 

of including the patient anatomy. Instead a semi-infinite slab 
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approximation is commonly utilized, which means that the best estimate is 

to introduce a radiological depth in the calculations. If the radiological 

depth is derived from the TPS the degree of independence for this 

verification procedure should, however, be questioned. Another option is 

to make an additional planning calculation for a geometry that the 

independent calculation can accurately model (this is an approach that is 

frequently used for experimental dose verification). The assumption is that 

if the dose calculation pass a given action level for the simpler test 

geometry (some kind of phantom), then this should also be the case for the 

patient geometry. One way of improving the tools currently used for 

independent dose calculations would, consequently, be to facilitate proper 

modelling of the patient anatomy. If the two dose calculations should not 

yield identical results even in theory, it will be difficult to know how to 

react on deviations. The following discussion on action levels presumes 

that there are no significant differences between the conditions associated 

with the planning and the independent calculation of the dose. 

The action level (AL) is the threshold that determines in which cases the 

discrepancy (∆D) between the planning dose (DTPS) and the independent 

dose calculation (DIDC) no longer can be ignored. The AL should be 

derived from an acceptable dosimetric tolerance level (TLD) that is based 

on clinical considerations. Judging from the discussion on requirements for 

dosimetric accuracy (see section 1.1) errors larger than approximately 3% 

should be identified. If neither of the two dose calculations provides 

associated uncertainty estimations the AL is generally set equal to TLD  

(see figure 14). The subsequent QA procedure is straightforward: When 

∆D>AL the reasons should be investigated. 

 

Figure 14. As long as the discrepancy (∆D) between the planning 

dose (DTPS) and the independent dose calculation (DIDC) is below the 

action level (AL) no further investigation is required. No estimations 

of the calculation uncertainties are available in this case. 
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When an uncertainty estimation such as stotal (see section 3.5) is 

attached to DIDC it is possible to calculate the probability (P) that the 

actual/true dose (Dtrue) is included in the acceptable interval, i.e. DTPS ± 

TLD (see figure 15). Hence, TLD should be combined with a probability 

tolerance level (TLP) stating the maximum acceptable risk that Dtrue is not 

included. Hence, if P(DTPS-TLD≤ Dtrue≤DTPS+TLD)<1-TLP the origin of the 

low probability should be investigated. 

 

 

Figure 15. Two examples showing identical discrepancies (∆D) 

and dosimetric tolerance levels (TLD). The uncertainty associated 

with DIDC is, however, smaller in (a) than in (b), which means 

that the probability (P) of finding Dtrue within the acceptable 

dose interval (DTPS ± TLD) is higher in (a). The probability 

tolerance level TLP corresponds to the maximum acceptable 

area/integral not being shaded under the probability distribution. 

When utilizing the concept illustrated in figure 15 the relation between 

the action level AL, the chosen tolerance levels TLD and TLP, and the 

estimated standard deviation stotal for DIDC is not trivial (see figure 16). For 

example, if TLD is set to 3.6%, TLP to 5%, the standard deviation stotal for 
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DIDC is estimated to be 1.2% (i.e. TLD/stotal=3), then AL is equal to 

approximately 1.4⋅1.2%≈1.7% (indicated as a dot in figure 16). If stotal 

would have been twice as high (i.e. 2.4%) the ratio TLD/stotal equals 1.5, 

thus yielding an action level of zero (provided that the chosen levels for 

TLD and TLP remain unchanged). Consequently, in the latter case the risk 

for Dtrue being outside DTPS±TLD (±3.6%) will always be larger than TLP 

(5%), even if ∆D=0. The accuracy of the independent dose calculation is, 

therefore, crucial when applying this concept. In the end, the overall 

benefit of incorporating valid uncertainty estimations for DIDC is that the 

random element that is present when employing the conventional method 

of just setting AL=TLD is reduced, which results in a safer QA procedure. 

 

Figure 16. The y-axis shows the action level (normalized to the 

estimated standard deviation stotal for DIDC) for the discrepancy ∆D, 

with respect to the probability tolerance level TLP on the x-axis. 

The six curves represent varying relations between the dosimetric 

tolerance level TLD  and stotal. 

The discussion has so far only been considering single point dose 

verification. The principles of dosimetric and probability tolerance levels 

can, however, be generalized to handle a distribution of ∆D associated 

with a line, surface or volume inside a patient or a phantom as well. 

Besides the possibility to just view spatial distributions of ∆D this enables 

distributions of P to be calculated and evaluated against arbitrary sets of 
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TLP (analogous to the evaluation criteria for clinical dose-volume 

histograms (DVH)). Today, a common way of comparing and evaluating 

two dose distributions is to use the so-called gamma index (Low et al 

1998) that takes into account not only the dose levels but also the distance 

to equal doses in high gradient areas. The gamma index, which requires no 

explicit estimation of the inherent uncertainties, should be applicable also 

when comparing the distributions of DTPS and DIDC. 

An independent dose calculation has, consequently, the potential to find 

errors in the planning dose calculation. Moreover, the random uncertainties 

that are present should over time cancel out, implying that the mean values 

can be used for a different kind of comparisons. If the results of DTPS and 

DIDC are stored in some sort of clinical QA database, it should be possible 

to go back and make a comprehensive analysis of the results in order to 

identify more systematic deviations. This may, consequently, be an 

additional QA strategy where small but systematic errors, either in the 

planning calculation or in the independent dose calculation, can be found 

and possibly also explained and fixed. Ideally this retrospective analysis 

should be automated through some kind of “sniffer” function that 

continuously scans through the database looking for systematic sources of 

dose calculation errors. 
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5. CONCLUSIONS AND FUTURE WORK 

In this thesis dose calculation models intended for independent 

verification of the prescribed dose in external photon beam therapy have 

been developed and evaluated. This included a multi-source model 

describing the distribution of energy fluence that exits the treatment head 

of a linear accelerator per delivered monitor unit. The energy (dose) 

deposition in the irradiated object has been modelled through a published 

photon pencil kernel algorithm that is solely based on the beam quality 

index TPR20,10. It has been shown that even though both calculation models 

require only a limited set of commissioned input data they are still able to 

present results with a very high accuracy, in most cases better than ±1%. 

This was established by comparing extensive sets of experimental data 

with the corresponding dose calculation results. Additionally, the 

deviations between calculations and measurements were analysed and used 

as a basis when creating a method to predict the inherent calculation 

uncertainties associated with individual treatment setups. 

In Paper I the multi-source model showed good agreement when 

evaluated through comparisons with experimental data acquired “in air”, 

i.e. inside a small scattering volume. The measurements were performed in 

multiple photon beams where the dimensions of rectangular fields were 

varied. In Paper II the multi-source model was further improved and 

verified against extensive measurements in irregular field shapes created 

by different multileaf collimators. The accuracy of the pencil kernel model 

was investigated at three treatment depths using the same set of field 

shapes. The deviations were in all cases very small, typically below 1%. 

Furthermore, the developed model for estimation of the calculation 

uncertainties was tested and showed to provide valid results. In Paper III 

the benefits of the developed pencil kernel model, explicitly modelling 

lateral photon beam quality variations (so-called off-axis softening), were 

shown. Improvements in the calculation accuracy of up to 4% at large off-

axis distances were presented. In addition, proper head scatter modelling 

was able to improve the accuracy close to field edges by approximately 

1%, as compared to a more factor-based approach. A specific off-axis 

component for the calculation uncertainty, reaching approx. 1% at the 

lateral beam edges at 20 cm depth, was also established. The evaluated 

dose calculation models were in Paper IV used to analyse the lateral dose 

distributions in typical 6 and 18 MV photon beams with respect to the 
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resulting beam flatness. After theoretical optimization of the flatness 

characteristics it was concluded there are no obvious reasons why different 

manufacturers should provide different lateral distributions. Furthermore, 

based on the utilized objective functions in Paper IV it was concluded that 

there is, in fact, room for improved flatness characteristics among the 

linear accelerators commonly used in radiotherapy today. 

The developed calculation models have been thoroughly evaluated both 

on and off the central beam axis at several depths and in various field 

settings. Effects that are related to the focal beam spot distribution or 

lateral disequilibrium of charged particles have, however, yet not been 

studied in detail (the point of interest was in all cases located at least 1.0 

cm from the edge of the field), although appropriate modelling has already 

been implemented. When considering advanced treatment techniques such 

as stereotactic radiosurgery or IMRT this will be crucial issues. The 

situation is identical for the collimator transmission, which used to be of 

interest mainly in the low-dose region outside the treatment target. But 

along with the introduction of multi-segment IMRT techniques this is a 

subject that has gained importance. Furthermore, a fully developed clinical 

tool for independent verification of planning dose calculations should also 

provide the possibility to perform calculations in the patient geometry, i.e. 

inside an arbitrary shaped object incorporating heterogeneous densities. At 

present, this step must be considered as future work. 

The concept of using estimations of the dose calculation uncertainties 

when creating appropriate clinical action levels can be seen as a novel QA 

approach. Even though the proposed method has been shown capable of 

providing valid uncertainty estimations in homogeneous media it should be 

considered as a first step, mainly showing that this actually is feasible. In 

order to become a regular practice in the clinical environment the concept 

should be further refined and implemented in such a way that it can 

improve as well as simplify the decision making process that relies on 

these action levels. 
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