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Abstract

Purpose: The purpose of this study was to investigate if, and to what degree, the use
of dual energy CT can reduce the uncertainty in range and stopping power calculations,
in proton therapy treatment planning, compared to single energy CT.

Methods: A theoretical investigation on existing studies of dual energy CT for proton
therapy treatment planning was done. Three methods of predicting the relative stopping
power of tissue substitutes were experimentally implemented and compared. These
experiments were performed on CT images acquired specifically for this project. The
current state-of-the-art method, a stoichiometric calibration on single energy CT (SECT)
data was experimentally verified and used for comparing two newer calibration methods.
These were a stoichiometric calibration using pseudo monoenergetic CT (MonoCT) data
derived from a dual energy CT scan, and a direct RSP calibration, called RhoSigma,
using dual energy CT (DECT) data directly. The accuracy of the calibration methods
were compared using the mean absolute error (MAE) between the experimental RSP
values and the theoretical reference RSP values. The root mean square error (RMSE)
of the water equivalent path length (WEPL) differences was also used for compar-
ing the methods. The calibration methods were also compared based on their ease of use.

Results: Across all the calibration methods, the DECT based RhoSigma calibration,
provided the most accurate RSP prediction for all the tissue substitutes used. The
SECT calibration proved more accurate than the calibration based on MonoCT. The
MAE of the DECT, SECT, and MonoCT calibrations were: 1.3%, 2.3%, and 2.8%,
respectively. Showing that the DECT calibration is notably more accurate than the two
other calibration methods. The RMSE of the WEPL difference maps was calculated to
be +3.2 mm (comparing DECT to SECT) and -1.4 mm (comparing MonoCT to SECT).

Conclusions: Based on the results of this study, the RhoSigma calibration method
is concluded to improve range calculations in proton therapy treatment planning from
2.3% using SECT to 1.3% using DECT. This conclusion is in agreement with on existing
literature. Regarding the MonoCT calibration, conclusions can not be made as the
results of this study disagree with existing literature. The work done in this thesis has
shown that the use of DECT has a clear potential to improve range uncertainties in
proton treatment planning.

i



Acknowledgements

I would like to express my gratitude to my main supervisor Helge Egil Seime Pettersen,
for his guidance and expertise during this past year. Thank you for assisting me with
programming and for being available whenever I needed help or encouragement. I could
not have done this without you.

Thank you to my co supervisors Kristian Smeland Ytre-Hauge and Kirsten Hansine
Helene Nygard Bolstad for supporting me throughout this project. Thank you for being
helpful, encouraging and understanding. Your feedback has been invaluable.

I would also like to thank Vicki Trier Taasti for being so welcoming of my questions and
taking the time to help me understand how they have implemented MonoCT calibration
in Aarhus.

A special thank you goes to my fellow students Ingrid Mossige, Stian Maurseth, Jon
Sverre Dyrkolbotn, and Jon Asgeir Torsvik, for being there for me for the past 5 years.
You have helped me succeed when the odds were against me. I would not be where I
am today without your friendship and support.

Thank you so much to my parents and my family, for supporting all of my decisions
and for helping me reach my goals. I especially want to thank my father, Rolf Gerhardt
Hgiseeter, for teaching me to be sceptical, curious, and exited about science. Your many
lectures about language, history and how everything works, have played a big role in
my accomplishments.

Lastly I would like to thank my fiancee, Jorgen Guttorm Kristiansen. Thank you

for always cheering me on, and believing in me, even when I don’t believe in my-
self. I am the luckiest person in the world, and forever grateful, for having you by my side.

1ii



Contents

Abstract
Acknowledgements
List of Figures
List of Tables

1 INTRODUCTION

1.1 The History of Radiotherapy . . . . . . . .. . ... ... ... ......
1.2 Objective of this Thesis . . . . . . . .. .. .. ... ... ...
2 THEORY
2.1 Radiobiology . . . . . . ..
2.2 lonizing Radiation . . . . . .. .. ... o
2.3 Photon-Matter Interactions . . . . . . . ... ... ... L.
2.3.1 Photon Attenuation. . . . . . . .. ... ... L.
2.3.2 The x-ray spectrum . . . . . . ... ..o
2.4 Computed Tomography . . . . . . . . ... ... ...
24.1 Dual Energy CT . . . . .. .. .
2.5 Proton Radiotherapy . . . . . . . . .. .. ...
2.5.1 Proton-matter interactions . . . . . . . ... ...
2.5.2  The Proton Beam and Dose Deposition . . . . . .. .. ... ...
2.5.3 The Range of the Proton Beam . . . . . .. ... ... ......
2.6 Tissue Characterization using CT imaging . . . . . .. .. .. ... ...
2.7 CT-based RSP calculation . . . . ... ... ... ... .. ... .....
2.7.1 Tissue Substitution Calibration . . . . . . ... ... ... ....
2.7.2 Stoichiometric Calibration . . . . . . . ... ... ... ......
2.7.3 Problems with the HLUT approach . . . . . ... ... ... ...
2.7.4 DECT-based methods . . . ... ... ... ... .. .......
2.8 Water Equivalent Path Length . . . . . .. .. .. ... ... ... ....
3 MATERIALS AND METHODS
3.1 Materials . . . . . ...
3.1.1 CT Acquisition . . . . . . .. ... ... ...
3.1.2 Phantoms . . . . . . .. ...
3.1.3 Computer Software . . . . . . . . . . . ... .. ... .. ...,

v

ii

iii

iv

iv



3.2 Calibration Procedures . . . . . . . . . . . 28

3.3 Stoichiometric Calibration: SECT . . . . . . ... . . ... .. ...... 28
3.3.1 Calculating Ground Truth RSP . . . . . . .. ... ... ..... 28
3.3.2 MeasuringHU'soflnserts . . .. ... ... .. .......... 28
3.3.3 Characterizing the Scanner. . . . . .. .. ... ... ....... 29
3.3.4 Synthetic HU and RSP for Human Tissues . . . . . .. ... ... 30
3.3.5 Making and Using the HLUT . . . . . ... ... ... .. .... 30
3.4 Stoichiometric Calibration: MonoCT . . ... ... ... ... ...... 30
3.5 RhoSigma Calibration: DECT . . . . . . . .. ... .. .. ... ..... 32
3.6 WEPLcalculation . .. ... ... ... . . . . ... . ... ..., 35
4 RESULTS 36
4.1 Stoichiometric Calibrationon SECTdata. . . . . ... ... ... .... 36
4.2 Stoichiometric Calibration on MonoCT data . . . ... .. ... ..... 39
4.3 RhoSigma Calibrationon DECT data . . . . . ... .. .. .. ...... 40
4.4 CompariSoONS . . . . . v v v e e e e e e 43
4.4.1 RSP predictionaccuracy . . . . . . . . . . i 43
442 WEPLresults . . . . . . . . . . 45
5 DISCUSSION 48
5.1 MonoCT
......................................... 48
5.1.1 k-values . . . . . .. e 49
5.2 DECT . . . . e e 49
521 WEPL . . . . . . e 50
5.3 Implementation . . . .. ... .. ... 50
5.4 Implications and Future Work . . . . . . . ... ... ... ... 51
5,5 Conclusions . . . . . . . . e e 52
A Tabulated Material 58
A.1 Gammex 467 insert constituents . . . . . . .. . . ... ... 58
A2 l-values . . . . . . e 59
A3 ICRU Standard TISSUES . . . . . . . . . . i i it e e e e e e 59
B Python codes 62
B.1 Determine k-values . . . . . . . . . . . ... 62

B.2 Determinealpha . .. ... ... . .. ... ... 65



List of Figures

2.1 Types of ionizing radiation. (Adapted from [1] g. 1.1) . ... .. .. .. 6
2.2 Photon interactions with matter. a) Photoelectric e ect. b) Compton
Scattering. c) Rayleigh scattering. (Adapted from [2] 9. 3) . .. .. .. 7

2.3 Attenuation dependency on photon energy. The photoelectric e ect varies
strongly within imaging energy range while Compton scattering is more

or less constant. (Adapted from [3]) . . . . . .. .. ... ... ... 7
2.4 Factors a ecting x-ray attenuation. |, is the incident intensity, X is the
thickness of the attenuating material. (Adapted from [3] g. 11-1) . . . . 8

2.5 A typical x-ray spectrum. The continuous curve is from bremsstrahlung,
while the spikes are from characteristic x-rays. The lower energy end of

the spectrum is typically Itered out. Figure from [4] . .. ... ... .. 9
2.6 Basic principles of CT scanner design (Figure from [5]) . . ... ... .. 10
2.7 Axial slice of an anthropomorphic abdomen phantom. Darker/lighter

grays indicate lower/higher densities. . . . . . . .. .. ... ... .. .. 11

2.8 Technical approaches to DECT. a) Rapid kV-switching, using one x-ray
source. b) Dual source, using two source-detector pairs mounted orthogo-
naly in the gantry. c) Dual layer, using a single x-ray source and separating
the energies in the layered detector. Figure from[6] . . . .. .. .. ... 12

2.9 The energy spectra of 8&V, and 140kV, (plus 0.4 mm additional tin
(Sn) ltration) x-rays. (Figure from [7]) . .. ... .. ... ... .... 12

2.10 Proton interactions with matter. a) inelastic Coulomb scattering - energy
loss b) elastic Coulomb scattering - de ection ¢) non-elastic nuclear reac-
tions - removal of primary proton and creation of secondary particles. p:
proton, e: electron, n: neutron, : gamma ray. (Adapted from [8] g. 1) 14

2.11 Comparison of depth-dose pro les for an x-ray beam and a proton beam
in water. The target for dose delivery is located at 10 cm to 15 cm depth.

The resulting broadened at part of the proton beam peak is usually
referred to as the spread out Bragg peak (SOBP). . . . ... .. ... .. 15

2.12 Healthy tissue sparing. Reduced dose to heart and lungs using proton RT
for craniospinal irradiation, most usually prescribed for medulloblastoma
where there is a substantial risk of cancer spread in the central nervous
system. Top row: photon RT plan. Bottom row: proton RT plan. Used
with permission [9] . . . . . . . . . . 16

2.13 The CT number and the RSP are both proportional to ¢ but not with
the same proportionality constant. Clinically, the assumption is that the
CT number and RSP are somewhat proportional to each other. . . . .. 19

Vi



2.14 Tissue substitution calibration work ow. Tissue substitutes of known ele-
mental composition are scanned. The RSP is calculated theoretically and
plotted against the measured HU values from the CT scan. A piecewise
linear curve is tted to the plot to make the HLUT. . . . . ... ... .. 20

2.15 Stoichiometric calibration work ow. A tissue substitute calibration phan-
tom (here Gammex 467) is used to characterize the scanner via two param-
etersk; and k,. Synthetic HU values can then be calculated for tabulated
real human tissues. The synthetic HU values and theoretical RSP values
of the human tissues are then used to make the HLUT. . . . . ... ... 21

2.16 RhoSigma calibration work ow. A MonoCT and a relative electron den-
sity image (RED) is directly derived by a weighed subtraction of the two
image sets (alpha blending). A relative cross section image (RCS) is de-
rived by dividing the MonoCT by the RED. A relative stopping number
image (RSN) is derived via a LUT. Finally the RSP image is obtained by

multiplyingthe RED bythe RSN. . . . . . .. ... ... ... ...... 23
3.1 Gammex 467 calibration phantomsetup . . .. ... ... ... ..... 26
3.2 Left: arrangement of tissue substitute inserts in the Gammex 467 phan-

tom. Right: CT-image of the same arrangement. . . . . . .. ... .. .. 26
3.3 Kyoto Kagaku antropomorphic abdomen phantom. Image from [10] . . . 27
3.4 HLUT made with SECT stoichiometric calibration based on 61 recom-

mended tiSSUES . . . . . . 31

3.5 Lookup table for relative cross section to relative stopping number con-
version. The calibration procedure is the same as described in Mehletr

al. [11] . . . o e 33
4.1 HLUT (orange line) made with stoichiometric calibration based on 61

recommended tissues (bluedots) . . . ... ... ... ... .. ... ... 37
4.2 HLUTs (red and orange lines) made with stoichiometric calibration

MonoCT data and 61 recommended tissues (bluedots) . .. ... .. .. 39

4.3 Lookup table for relative cross section to relative stopping number con-
version. The calibration procedure is described in section 3.5 and is the
same as in Mehleret al. [11]. Left: LUT produced in this thesis. Right:

LUT from Mehleretal. . . .. ... ... ... ... . ... ....... 41

4.4 Steps of the RhoSigma approach. MonoCT: pseudo monoenergetic image,
RED: relative electron density image, RCS: relative cross section image,
RSN: relative stopping number image, RSP: relative stopping power image. 42

4.5 Top: Dierence in percentage points between ground truth between
ground truth and experimental RSP (RSPexp-RSPref). Bottom: Rela-
tive di erence between ground truth and experimental RSP. . . . . . .. 44

4.6 Top: Water equivalent path length (WEPL) projections from the SECT
calibration and the DECT calibration. The RMSE is 3.16 mm in favour
of the DECT calibration. Bottom: WEPL projections from the SECT
calibration and the DECT calibration. The RMSE is 1.41 mm in favour
of the SECT calibration . . . . ... ... ... .. ... .. .. ..... 45



List of Tables

3.1 CT scan protocols used for SECT and DECT scans. The slice thicknesses
used were 5 mm for the calibration phantom and 3 mm (shown in paren-
theses) for the anthropomorphic phantom . . . . ... .. ... ... .. 25

3.2 Measured HU-value for all 16 inserts in the Gammex 467 calibration phan-
tom, from the SECT images. The inserts were measured in three middle
slices and averaged. The average HU was used for the calibration. . . . . 29

3.3 Measured HU-value for all 16 inserts in the Gammex 467 calibration phan-
tom, from the MonoCT scan. The inserts were measured in three middle
slices and averaged. The average HU was used for the calibration. . . . . 31

4.1 Theoretical RSP values for the Gammex 467 phantom inserts used in this
study . . .. e 36

4.2 SECT - RSP prediction errors. RSPref: calculated from tabulated compo-
sitional info. RSPexp: estimated with HLUT. Rel Err: RSPexp - RSPref
| RSPref. Err: RSPexp - RSPref. Abs Err: abs(RSPexp - RSPref). MRE:
Mean relative error, MAE. Mean absolute error, MAE-L: mean absolute
error(no lung). STD: Standard deviation of Errors. . . . . .. ... ... 38

4.3 MonoCT - RSP prediction errors. RSPref: calculated from tabulated
compositional info. RSPexp: estimated with HLUT. Rel Err: RSPexp
- RSPref / RSPref. Err: RSPexp - RSPref. Abs Err: abs(RSPexp -
RSPref). MRE: Mean relative error, MAE. Mean absolute error, MAE-L.:
mean absolute error(no lung). STD: Standard deviation of Errors. . . . . 40

4.4 DECT - RSP prediction errors. RSPref: calculated from tabulated com-
positional info. RSPexp: estimated with RhoSigma calibration. Rel Err:
RSPexp - RSPref / RSPref. Err: RSPexp - RSPref. Abs Err: abs(RSPexp
- RSPref). MRE: Mean relative error, MAE. Mean absolute error, MAE-

L: mean absolute error(no lung). STD: Standard deviation of Errors. . . 41

4.5 Uncertainty analysis for all calibration methods used in this study. MAE:
Mean absolute error, MAE-L: Mean absolute error excluding the lung tis-
sues Lung300 and Lung450, Err STD: The standard deviation in the actual
error between ground truth and experimental RSP. SECT: Stoichiomet-
ric calibration on SECT data, MonoCT-3: Stoichiometric calibration on
MonoCT data using 3 segments in the HLUT, MonoCT-5: Stoichiomet-
ric calibration on MonoCT data using 5 segments in the HLUT, DECT:
RhoSigma calibration using DECT data. . . . . ... .. .. ....... 43

viii



A.1 Tabulated elemental composition (in percent) of Gammex 467 inserts,
relative electron density, 4, and relative mass density, /provided by

manufacturer. . . . . . . 58
A.2 Mean ionization energies [eV] for the elements in a solid state from Berger
etal 1984. . . . . . . 59

A.3 61 adult standard tissues listed in ICRU Report 46. Elemental composi-
tions, mass density, [kgm 3], electron density . [m 2 10?%], and electron
density relative towater & . . . . . . . . ... 60



Nomenclature

Abbreviations

ALARA As Low as Reasonably Achievable
CT Computed Tomography

DECT Dual Energy Computed Tomography
HLUT Houns eld Look-up Table

HU Houns eld Unit

LET Linear Energy Transfer

MonoCT Pseudo monoenergetic CT image
OAR Organ at Risk

PT Proton Therapy

QA Quality Assurance

RBE Relative Biological E ectiveness
RCS Relative Cross Section image

RED Relative Electron Density image
RSN Relative Stopping Number image
RSP Relative Stopping Power

RT Radiation Therapy

S Stopping Power

SECT Single Energy Computed Tomography
TPS Treatment Planning System

WEPL Water Equivalent Path Length

X



Symbols

Velocity in units of speed of light: v=c
Relative to water

Linear Attenuation Coe cient

Mass Density

Electron Density

Cross Section

Atomic Mass

Stopping Number

Number of atoms per unit volume: NTA
Avogadro's Number: 602214 10* mol 1!

Atomic Number






INTRODUCTION

Cancer is a collective term for malignant diseases where abnormal growth and division
of cells are happening at an uncontrolled rate, and with the potential to spread to
other parts of the body. Where possible, the goal of cancer treatment involves Kkilling
or removing the cancerous cells so as to permanently stop the abnormal cell growth.
Despite the apparent simplicity of this treatment, there are numerous obstacles that
complicate the process of reaching this end goal. A major one is namely that in the
process of killing the cancerous cells in a patient, it is unavoidable also to kill or
damage some amount of healthy cells. Thus all methods of cancer treatment are at a
constant tug-of-war between these two opposing goals; killing cancer cells while sparing
healthy tissue. Even after more than a hundred years of research, with medical and,
technological advancements in the eld, cancer is still one of the leading causes of death
worldwide [12], and the leading cause of death in Norway as of 2018 [13]. This fact
should serve as a reminder of the complexity and severity of cancerous diseases and the
work still ahead of us.

However, it is important to acknowledge just how far we have actually come. From the
early 1980s until today, the 5 year relative survival rates, for all cancer types, for men
and women in Norway has increased from 42% and 52% to 74% and 74% respectively
[14]. This improvement is owed to the research and development of many di erent
treatment methods in oncology. Methods within radiotherapy (RT) have evolved
tremendously over the past few decades making radiotherapy a cornerstone in cancer
treatment. Either as a stand alone treatment, or in combination with other treatments
such as surgery, chemotherapy, and in later years immunotherapy.



1.1. THE HISTORY OF RADIOTHERAPY

1.1 The History of Radiotherapy

Attempts to treat cancer using radiotherapy began promptly after the discovery
of x-rays in 1895 by Wilhelm Conrad Rentgen and radioactivity in 1896 by Marie
and Pierre Curie. Although the underlying mechanisms were not understood at the
time, experimental medical trial and error revealed that radiation could be used to
treat cancer. However, early methods were primitive and with limited applicabil-
ity, often with severe complications and side e ects. One main problem was the
inability to produce high energy x-rays with the traditional x-ray tubes, resulting

in shallow penetration and high skin dose. Gamma radiation from radium had the
ability to treat deeper tumor sites, but radium prices were very high, limiting availability.

Big strides were made with the development of the linear accelerator during the period
from 1930 through 1950, in which Norwegian physicist Rolf Wider e played a big
role. His idea of accelerating particles with radiofrequency pulses greatly improved the
feasible beam energy and his accelerators became the forerunners of modern particle
accelerators and colliders. Many ideas were proposed in this era, e.g. treatment with
neutron and proton beams.

In the same period progress was made in radiobiology and dosimetry, with growing
understanding of oncology and safety standards being developed. In the 1970s and
1980s computers were introduced to assist in treatment planning and dose monitoring.
Several modalities, e.g. Magnetic Resonance Imaging (MRI) and Positron Emission
Tomography (PET), but most importantly Computed Tomograpy (CT) imaging started
being incorporated in the treatment course. An important consequence of incorporating
CT based treatment plans, was the transition from a standardized, to a patient
speci c treatment beam setup. Today the state of the art x-ray radiotherapy is highly
sophisticated with outcomes and precision incomparable to its humble beginnings. It
has become essential in modern oncology.

Trials with proton beams, rst only conducted at research facilities, yielded promising
results, and in 1989 and 1990 the rst hospital based particle centres opened at Clat-
terbridge Centre for Oncology in the UK and Loma Linda in USA. The appeal of using
protons, or heavier ions, is especially that the dose deposition is highest at the end range
of the protons. This is the famous Bragg peak, a characteristic that allows for better
sparing of healthy tissue, named after William Henry Bragg who discovered this charac-
teristic of charged particles already in 1904 [15]. As of July 2020, there are 104 operating
particle therapy facilities worldwide, with 66 more under construction or planning [16].
In 2018 the Norwegian government decided to build two proton therapy centers. This
means that Norway has taken an important step forward in the treatment of cancer
patients. These facilities are currently under construction.




1.2. OBJECTIVE OF THIS THESIS

1.2 Objective of this Thesis

The precise dose deposition of protons is in essence the advantage of proton therapy
(PT), however it also makes the method more vulnerable to incorrect range calculations.
Due to the nite range and narrow high dose deposition of protons, an error in range
calculation leads to a high risk of under-dosage of the tumor or over-dosage of healthy
tissue or organs at risk. To account for these uncertainties and ensure full target cover-
age, appropriate safety margins are added to the target, increasing the target volume.
This increases the amount of irradiated healthy tissue, reducing the bene t of proton
therapy. These margins are typically in the order of 3.5% + 1 mm of the beam range,
which becomes around 8 mm at 200 mm depth [17]. A signi cant amount of healthy
tissue will therefore receive the same dose as prescribed for the tumor. For these reasons,
more accurate range prediction is essential to fully exploit the bene ts of proton therapy.

The range of the protons in a proton beam is determined by their energy and the
relative stopping power (RSP) of the matter they penetrate. In radiotherapy (RT) this
matter is the various tissues inside a patient, proximal to the tumor, and the tumor
itself. Since the energy of the proton beam is controlled, the only unknown parameter
for range calculation is the patient tissue composition. However, acquiring an accurate
mapping of the patient RSP is actually the crux that makes up most of the range
uncertainty in proton therapy [17].

The current method of obtaining the patient RSP is using single energy CT (SECT)
scans. The problem with this approach is that there is no one-to-one correspondence
between how photons and protons deposit their energy in matter. Thus the accuracy
of the RSP calculation is limited by the physical interaction di erences of photons and
protons. Two types of tissues that attenuate photons in a similar way may have the
same CT number, but they might not stop protons in the same way and thus have
di erent RSP values. Using SECT such di erences can not be detected, thus limiting
the ability to accurately di erentiate tissues.

Several studies point to dual energy CT (DECT) as a tool to reduce the range uncer
tainties [18, 19, 20, 21]. The additional information obtained from imaging with two
di erent photon spectra, makes it possible to di erentiate tissues much more accurately
than with SECT. The theory of this thesis focuses on understanding the underlying
physics that makes DECT a superior tool for accurate RSP calculation, over SECT.

As treatments at the new proton therapy centers in Bergen and Oslo are planned to
begin in 2024/2025, it is important to nd and implement the best possible methods of
imaging and calibration for proton treatment planning. The main objective in this thesis
was to investigate to what degree the use of DECT data can reduce the uncertainty in
range and RSP calculations, compared to SECT data.

Calibrations with both modalities was compared, using relevant measurements of
accuracy such as water equivalent path length (WEPL) and mean absolute error (MAE).







THEORY

In this chapter, relevant background information is explained. Firstly we look at the

physical interactions of photons with matter, after which CT imaging and DECT is

explained. Thereafter we look at interactions of protons with matter and the range of
the proton beam. Lastly how CT imaging provides information that can be used for
proton range prediction in patients is investigated.

2.1 Radiobiology

Radiobiology is a branch of science that describes the mechanisms and e ects of
ionizing radiation on biological tissues and living organisms [1]. What happens during,
and immediately after, ionizing radiation interacts with biological structures is well
understood. Yet why some patients will develop secondary cancer many years after
radiation treatment while others will not, is unknown. A simpli ed way of looking at it

is that the cells that are exposed to radiation, but survive, are altered in some way that
leads to malfunction after some time. No threshold amount of dose has been proven
to exist where this phenomenon comes into e ect, meaning that any small amount of
dose might increase the risk of secondary cancer. This is the basis for the ALARA
(As Low As Reasonably Achievable) principle. A radiation safety principle of avoiding
any amount of unnecessary radiation exposure with all reasonable means [22]. Any
development in RT that leads to a reduction in dose to healthy tissue while still killing
all tumor tissue, might reduce the number of patients that develop secondary cancer.
Research furthering this goal is therefore especially impactful for patients with a long
life expectancy after treatment, i.e. children and young adults [23].

2.2 lonizing Radiation

Radiation deposits energy in small volumes of tissue corresponding to single cells or
parts of cells depending on the type of radiation. In order to kill a cell, su cient
damage needs to be dealt to the cell's DNA molecule where genetic information needed
for mitosis (cell division) is stored. This is mostly achieved when both strands of the
DNA molecule is broken [24]. For this to be possible, the radiation needs to carry
enough energy to remove electrons in the target material from their bound state in
atoms and molecules, creating ions and free radicals. This type of radiation is therefore
called ionizing radiation. There are two main types of ionizing radiation; directly, and
indirectly ionizing.



2.3. PHOTON-MATTER INTERACTIONS

Indirectly ionizing radiation consists of electrically neutral, high energy particles photons
(x-rays, and gamma-rays) and neutrons. Despite these particles’ ability to ionize, most of
the ionizations in the absorbing material is done by secondary directly ionizing particles
liberated by the primary radiation. This is why in a depth-dose curve for a photon beam,
the peak energy deposition will be, not at the surface, but after an initial buildup of
free energetic electrons a few cm into the absorbing material (see gure 2.11). Although
neutrons are also indirectly ionizing, they are more harmful, due mainly to their reacting
with the nuclei of the absorbing material. The most common interactions are inelastic
collisions, neutron capture, and ssion, resulting in a combination of emitted gamma-
rays, x-rays, beta particles, and radioactive fragments. The secondary charged particles
released by the neutral indirectly ionizing particles then go on to cause DNA damage. [1]

Figure 2.1: Types of ionizing radiation. (Adapted from [1] g. 1.1)

Directly ionizing radiation consists of charged particles like electrons, protons, and other
heavier ions. These patrticles interact with matter primarily through Coulomb forces
and can directly damage the DNA of several cells while traveling through matter until
all their kinetic energy is lost.

2.3 Photon-Matter Interactions

Photons in the energy range relevant for medical imaging (50keV to 150keV) interact
with matter through three main mechanisms: the photoelectric e ect;, Compton
scattering, and Rayleigh scattering, see gure 2.2.

Photoelectric E ect

An incident photon, with energy close to the binding energy of the electron, is absorbed
by an atom which releases an electron with energy equal to the photon, see gure 2.2a.
This e ect takes place mainly at relatively low photon energies, when the photon energy
Is close to that of the binding energy of the electron. The likelihood of this interaction
is proportional with Z3=E3 [25]. Thus it increases with increasing atomic number and
with decreasing energy. This characteristic is highly useful in dual energy CT (DECT)
imaging, as it can be utilized for separating the e ects of the energy dependence via the

6



2.3. PHOTON-MATTER INTERACTIONS

Figure 2.2: Photon interactions with matter. a) Photoelectric e ect. b) Compton Scattering.
¢) Rayleigh scattering. (Adapted from [2] g. 3)

two energy spectra (more on this in section 2.4).

Compton Scattering

Compton scattering happens when an incident photon ejects an atomic electron, and is
itself de ected at an angle, see gure 2.2b. The photon loses some of its energy in the
interaction. The amount of energy lost, depends on the angle of the scattering, with the
highest energyloss at 18Gle ection. This e ect is more or less constant at diagnostic
energies.

Rayleigh Scattering
The photon is scattered at a small angle of an atomic electron without transferring
energy to the electron, see gure 2.2c.

The scattering interactions contribute to image noise if the scattered photons reach the
detector, and to dose to persons standing close to the patient if not.

Figure 2.3: Attenuation dependency on photon energy. The photoelectric e ect varies
strongly within imaging energy range while Compton scattering is more or less constant.
(Adapted from [3])




2.3. PHOTON-MATTER INTERACTIONS

2.3.1 Photon Attenuation

The above mentioned photon-matter interactions remove photons from the beam as
they travel through a material. The intensity of the beam, or the number of photons
that make it all the way through, decreases exponentially with depth, as shown in g. 2.4.

Figure 2.4: Factors a ecting x-ray attenuation. |g is the incident intensity, x is the thickness
of the attenuating material. (Adapted from [3] g. 11-1)

The attenuation of the beam intensity is described by

1(x)= lge * 2.1)

wherel g is the initial photon intensity, x is the thickness of the material traversed and
is the linear attenuation coe cient. The linear attenuation coe cient can be described
as the number of atoms per unit volumen [26], or as the electron density ¢ [27], times
the photon absorption cross section.

=n (2.2a)
= . (2.2b)

where is the cross-section for photon-matter interaction. is a function of the photon
energy, making a function of energy as well: (E) = n (E). The total cross section can
be described as the sum of the cross sections for the di erent photon-matter interactions
that contribute [28]. Compton and Rayleigh scattering, and the photoelectric e ect are
denoted subscriptsC; R, and p:

(E)= c(BE) + Rr(E)+ ,(E): (2.3)
This is relevant for converting CT-numbers to proton stopping powers (section 2.7). Pair

production is not included, because the e ect only occurs at energies higher than what
is relevant for medical imaging.




2.3. PHOTON-MATTER INTERACTIONS

2.3.2 The x-ray spectrum

X-rays are produced by accelerating electrons towards a high Z material. The accel-
erated electrons collide with the target, where they are decelerated and release their
energy in the form of electromagnetic radiation, called x-rays or photons.

The energy of the x-rays is limited by the energy of the accelerated electrons. The
electron energy is equal to the voltage, V, on the tube times the electron charge,

e.g. 120 keV if the tube Voltage is 120 kV The resulting x-rays however are not mono
energetic, but are distributed over a spectrum of energies up to 120 keV (see Figure 2.5).

Figure 2.5: A typical x-ray spectrum. The continuous curve is from bremsstrahlung, while
the spikes are from characteristic x-rays. The lower energy end of the spectrum is typically
ltered out. Figure from [4]

The distinct shape of the x-ray spectrum is indicative of the two main mechanisms
in which the electron energy is transformed into x-rays. Bremsstrahlung (or braking
radiation) is responsible for the continuous curve while characteristic radiation produce
peaks specic for the target atom. When referring to the energy of an x-ray source
therefore, the ending k\j, where p stands for peak, is used, indicating the highest
possible energy of photons in the spectrum [25]. As seen in Figure 2.5 however, the
e ective energy of the photons in such a spectrum is notably lower, usually around
30% or 40% of the peak energy, depending on the shape of the spectrum. The term
e ective energy represents the energy of a supposed mono-energetic beam with the same
penetrating ability as the original spectrum [3].

Note also that the lower end of the spectrum dips towards zero. In medical use, e.g. CT
imaging, it is preferable to remove the lower energy photons as they would otherwise
be absorbed in the patient while not contributing to the CT image. This is done by
Itering the beam through a foil where some of the low energy photons are absorbed,
also known as beam hardening. Additional Itering is commonly used in dual energy
CT (DECT), to better separate the two energy spectra.

9
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2.4 Computed Tomography

Unlike traditional x-ray imaging where the x-ray source is in a xed position, CT imaging
uses a moving x-ray source that quickly circles around the patient in a toroidal gantry.
Detectors are placed directly opposite the x-ray source in the gantry. When imaging, the
patient is placed on a table that moves through the gantry, as the x-ray source revolves
around the patient in a helix, sending a wide x-ray beam through the patient, see 2.6.
Energy spectra for CT imaging usually ranges from 80 to 140 kV A typical imaging
energy used in single energy CT (SECT) for adults is 120 kV

Figure 2.6: Basic principles of CT scanner design (Figure from [5])

The x-rays that pass through the patient are measured by the detector as transmission
readings, or sums of the x-ray attenuation coe cients, , that pass through the patient.
One full rotation around the patient is reconstructed into one axial slice image, using
mathematical algorithms to solve for at all points inside the patient. This allows for
seeing organs and anatomy inside the patient without invasive surgery (see gure 2.7).
The scan also provides energy averaged information on the density and composition
of tissues inside the patient, according to equations 2.2 and 2.3. This information is
used when estimating proton stopping powers, see section 2.7. The pixel values are
represented in scaled -values, or CT numbers in Houns eld Units (HU), de ned as [26]:

H =(* 1) 100HU ; (2.4)

where H is the CT number, " is the attenuation coe cient relative to the one of
watert. With this de nition the CT number of water is always zero, independent of the
X-ray spectrum.

LA hat on a variable is used throughout this work to refer to that unit relative to the same unit for
water

10
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Figure 2.7: Axial slice of an anthropomorphic abdomen phantom. Darker/lighter grays
indicate lower/higher densities.

The x-ray beam is hardened before entering the patient (see section 2.3.2), but further
beam hardening also occurs naturally as more of the low energy photons are absorbed
while traveling through the patient. This means that tissues closer to the center of the
patient will receive a higher mean energy spectrum than tissues closer to the surface
as more of the lower energy photons are absorbed while traversing the patient volume.
The measured attenuation and CT numbers of identical tissues inside the patient, will
therefore vary depending on their position inside the patient and on the patient size.[29]

2.4.1 Dual Energy CT

Dual energy CT, or DECT, is a modality which allows for CT imaging with two

di erent x-ray spectra. This produces two sets of images, one for each energy. Ideally
the two image sets should overlap perfectly to avoid blurring and to ensure that each
corresponding pixel in the two images represents the same tissue. This is only possible
if the image sets are acquired simultaneously and at the same angle. In practice this is
only possible to achieve with a dual layer DECT scanner (see gure 2.8c) where only one
x-ray source is used. The two layers of detectors detect di erent parts of the energy spec-
trum, creating two acquisitions with di erent attenuation information. DECT images

can also be acquired in di erent ways, some of which can be seen illustrated in gure 2.8.

In rapid kV-switching, the system uses one x-ray source that rapidly ( ms) switches
between the high and low energies. Dual source DECT uses two sources xed or-
thogonally in respect to each other in the gantry. In both of these techniques the
discrimination of the energy spectra happens in the x-ray source. Energies can also be
separated in the detector, by using a layered detector where each layer is sensitive to
di erent photon energies. Other approaches also exist [6], with photon counting CT
being one promising relevant modality [30].

The main goal is the same: the two images should be geometrically as identical as
possible, and spectrally as di erent as possible. The dierent energy spectra provide
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Figure 2.8: Technical approaches to DECT. a) Rapid kV-switching, using one x-ray source.

b) Dual source, using two source-detector pairs mounted orthogonaly in the gantry. c) Dual

layer, using a single x-ray source and separating the energies in the layered detector. Figure
from [6]

di erent information on the tissues inside the patient, therefore, the more they overlap
the less is to gain from using two separate spectra. The lowest reasonable and highest
possible energies are thus used in DECT. A common energy pair is 80,kahd 140
kV, with additional tin Itration is used for the highest spectrum to further increase

the spectrum separation (see gure 2.9). This additional Itration of one of the x-ray
spectra is only possible with dual source DECT, as the lters can not be added/removed
at the same pace as the voltage is switched.

Figure 2.9: The energy spectra of 8V, and 140kV, (plus 0.4 mm additional tin (Sn)
Itration) x-rays. (Figure from [7])

The CT number gives the average over the x-ray spectrum. For this reason two
tissues with slightly dierent , can have the same CT number [31] in SECT. These
same tissues will however rarely have the same averagéor two di erent x-rays pectra,
making them di erentiable in DECT. This improved ability to di erentiate tissues with
DECT has many advantages in medical applications. One of them is the possibility to
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create pseudo monoenergetic CT images, referred to as MonoCT in this thesis. MonoCT
images can be made from a superposition of the two CT numbers derived from DECT;
H_ and H, from the low and high energy spectra respectively [32]:

HMono( ): I_|L +(1 )HH (2-5)

where is the blending factor. By varying the value of the , the contribution from

the two spectra can be changed, e.g. Compton scattering is more dominant in the
high energy spectrum and the photoelectric e ect is more dominant in the low energy
spectrum (see gure 2.3). Thus from one DECT scan one can produce dierent
MonoCTs for di erent purposes. To name some, an> 0 yields a high contrast image,
useful for contouring an delineation, while an < 0 results in an image with reduced
metal artifacts [18]. These calculated CT numbers are similar to the CT numbers that
would result if a monoenergetic x-ray beam had been used. The MonoCT images should
therefore in theory not be as a ected by beam hardening as SECT images and has been
shown to have better stability in CT numbers across varying patient sizes [33]. This
is especially the case close to metals, and thus MonoCT is often considered a metal
artefact reduction algorithm.

A downside of DECT is that the acquired image set should not use a higher radiation dose
than a regular SECT scan, according to the ALARA principle. Because of this DECT
scans, and resulting MonoCTs or other reconstructions, also have this issue. This could
impact the accuracy of RSP prediction based on DECT images.

2.5 Proton Radiotherapy

As previously mentioned, the appeal of proton therapy for cancer treatment is mainly
the dose deposition characteristics of protons. In this section we take a closer look at
characteristics of the proton beam.

2.5.1 Proton-matter interactions

In the energy ranges relevant for proton therapy, the main types interactions that take
place between the protons and matter are; inelastic and elastic Coulomb scattering, as
well as non-elastic nuclear reactions, see gure 2.10.

Inelastic Coulomb Scattering

The proton kicks out an atomic electron, but is not de ected from its trajectory due to
its high mass relative to the electron. The proton loses a small fraction of its energy
in the interaction. Through enough collisions like this the proton will nally lose all its
energy and come to a stop. This electronic stopping of the proton beam when traveling
through a material, is referred to as the materials stopping power, S, described by the
Bethe equation [34][35].

4e?

= ‘mec? 2

L(I; ) (2.6)
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Figure 2.10: Proton interactions with matter. a) inelastic Coulomb scattering - energy loss b)

elastic Coulomb scattering - de ection c) non-elastic nuclear reactions - removal of primary

proton and creation of secondary particles. p: proton, e: electron, n: neutron, : gamma ray.
(Adapted from [8] g. 1)

where . is the electron density of the material,e is the electron chargem.c® is the
electron rest energy, is the velocity of the proton in units of speed of light, and_(I; )is
the stopping number. The stopping number, or Fano's term, contains several corrections
to the Bethe formulation. When shell and density corrections are neglectedl; ) can
be written:

2mec® ?
n——_ 2

1 2
wherel is the mean ionization energy of the material. The protons energy loss is at its

highest right before it comes to a complete stop, which gives rise to the characteristic
Bragg peak, see gure 2.11.

L=I Inl; (2.7)

Elastic Coulomb Scattering

If passing close enough to nuclei in the target material to interact with their positive
charge, protons in the beam can also be elastically scattered [8]. The proton loses
a small amount of energy in this interaction. A single account of these events may
not de ect the proton much, but through multiple coulomb scatterings the e ect is

a signi cant lateral broadening of the beam. This is one of the reasons why heavier
ion therapy is considered, where the increased mass leads to a reduction in lateral
broadening [36].

Non-elastic Nuclear Reactions

If the incoming protons have enough energy to overcome the Coulomb barrier, they can
interact with nuclei in the target material [8]. This interaction removes primary protons
from the beam, reducing the proton ux, and creating secondary particles like protons,
electron, neutrons, gamma-photons and radioactive fragments. These secondaries also
contribute to the treatment dose and might lead to increased risk of late e ects [37].
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2.5.2 The Proton Beam and Dose Deposition

As the protons interact with the material they are travelling through, they start slowing
down as they transfer their energy to the material. As the velocity of the protons decrease
their energy loss increase, which can be seen from the inverse dependency on the particle
velocity (equation 2.6). This is explained by the proton having more time to interact
with the material when it is traveling at a lower velocity. As a consequence, the protons
transfer most of their energy to the material right before they come to a stop. This peak

of energy deposition is usually referred to as the Bragg Peak (see gure 2.11).

Figure 2.11: Comparison of depth-dose pro les for an x-ray beam and a proton beam in
water. The target for dose delivery is located at 10 cm to 15 cm depth. The resulting
broadened at part of the proton beam peak is usually referred to as the spread out Bragg
peak (SOBP).

To cover the entire tumor area, the proton beam energy needs to be modi ed in steps,
as illustrated in gure 2.11. The spread out Bragg peak (SOBP) is the sum of the dose
pro les of several proton beams at di erent energies. Figure 2.11 also illustrates the
clear advantage of protons in comparison to photons in RT: signi cantly reduced dose to
healthy tissue in front of the tumor, and negligible dose behind the tumor, see gure 2.12.

The characteristic depth-dose pro le of the proton beam therefore carries great potential
of reducing dose to healthy tissue, if the range of the beam is predicted accurately.
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