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Abstract

Quantifying Radiobiological Variation in Cancer Radiotherapy using Monte Carlo
Simulation and Doped Plastic Scintillators

Humza Nusrat
Doctor of Philosophy, Biomedical Physics (CAMPEP)

Ryerson University, 2019

This dissertation examines the extent to which radiobiological variations occur in
photon radiotherapy, and then presents a novel methodology and detector prototype to

measure this variation.

In the first section, | examine the change in maximum RBE (RBEy) outside the
primary field in open and composite 6 MV x-ray beams. This is done using Monte Carlo
simulation and microdosimetric techniques. It was found that when comparing an open
10x10 cm? 6 MV beam to a composite 10x10 cm? beam comprising one hundred 1x1
cm? beamlets, the out-of-field increase in RBE occurs much closer to the field edge in
the composite case. This finding may have consequences for IMRT cases in which
large amount of scattered radiation may be causing a higher than expected effective

dose to organs at risk.

In the second section, the maximum RBE variation is examined in the context of
brachytherapy. The sources examined include Ir, **°I, and **°Yb. It was determined
that maximum RBE of #| relative to the source position did not vary significantly as

distance from the source was increased, however, **?Ir and **®Yb were found to exhibit



RBEy increases of 3.0% and 6.6% at a distance of 8 cm, respectively. Also, the impact
of this variation on an HDR '%Ir prostate treatment plan was examined; it was found

that RBEy hotspots of +3.6% occur at the treatment plan’s periphery.

In the third part, the impact of lead doping on plastic scintillator response is
guantified, a major step required for the development of the LET detector prototype. In
this stage, 4 differently doped plastic scintillators were obtained, and measurements
were conducted in low and medium LET beams. Using Geant4 Monte Carlo and the
measured scintillator responses, the scintillator parameters: kB and L, were determined

as a function of dopant concentration and effective atomic number.

Finally, the uniquely energy dependent scintillators were combined into a
detector prototype used to measure the LET spectra produced by five low energy
photon beams. These beams included four orthovoltage energies (100, 180, 250, and
300 kVp) along with an **°Ir HDR source. In this proof-of-principle work, the detector
prototype and technique was found to accurately determine the LET spectra and the

mean LET for all beams with the exception of the 100 kVp orthovoltage beam.

Potential applications for the real-time LET detector prototype and technique
described in this dissertation include LET measurement in radiotherapy, allowing for
biologically optimized treatment plans improving patient care. This technique and
prototype also has numerous applications in non-medical fields such as health physics,

space travel dosimetry, and nuclear safety.
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1. Introduction

1.1. Cancer

Cancer is one of the most notorious and prevalent illnesses in the modern
healthcare landscape. This illness can be defined as the uncontrolled growth and
division of cells, eventually amassing into a volume referred to as a tumour. Tumours
can be benign, where they remain in one location and cancer does not spread into
surrounding tissues and organs — or they can be malignant. Once it has become
malignant, cancer becomes very difficult to treat because the cells which are growing
uncontrollably have spread to different regions of the body through the blood and

lymphatic systems.*

In properly functioning cells, the genetic instructions which predetermine their
function and biological destiny (DNA) are replicated, and then a process called mitosis
occurs. During mitosis, the cell's DNA and functional components, such as various
organelles, are divided into two, separate, identical daughter cells. This allows the body
to continuously and quickly replace dying cells. Unfortunately, in cancerous cells, the
genetic code becomes damaged or mutated. These disastrous mutations prevent the

cell from differentiating into what it should have become. Also, instead of quickly dying



due to being dysfunctional, the mutations cause the cell to grow and divide rapidly,

consuming important resources from other cells.?

According to the Canadian Cancer Society, cancer is responsible for 30% of all
adult deaths and is the leading cause of death in Canada. In 2017, there were an
estimated 206,200 new cases among Canadians along with 80,800 deaths. Of these
cases, the most prevalent were prostate (21% of men), lung (14% of all new cases),
breast (25% of women), and colorectal (13% of all new cases) cancers. These grim
statistics provide a glimpse into the severity and prevalence of this disease. The
Canadian Cancer Society estimates that 60% of Canadians are expected to survive for
at least 5 years post diagnosis, however this value is highly dependent upon the type of
cancer. For example, the 5 year survival rate for prostate cancer is 95% while only 17%

for lung cancer.®

There are three main avenues of cancer treatment: surgery, chemotherapy, and
radiation therapy. Once referred to the cancer center by the patient’s family physician, a
team of physicians which include medical, radiation, and surgical oncologists determine
the best course of treatment in each individual case. There are several other less
prevalent treatment methodologies which include hormonal therapy, immunotherapy,
thermal therapy, and stem cell transplantation. Often, the patient’s treatment plan will

consist of a combination of the treatment methods listed above.

1.2. Radiation Therapy



Radiation therapy, also called radiotherapy, is used in approximately 50% of
cancer cases in the United States.* This highly technical treatment option directs high
energy radiation towards the tumour in order to cause cell death. The main method by
which radiation causes cells to die is by causing damage to DNA such that the cell is
not able to properly replicate; this is called mitotic cell death.? Despite the fact that cells
possess complex and effective repair mechanisms, by delivering high amounts of
radiation, cell death is inevitable. It is important to note that radiation inherently cannot
discriminate between healthy and cancerous tissue. Thus, the greatest challenge in this
field is directing radiation towards the tumour and away from healthy tissue. The latter is
of utmost importance because increased radiation exposure to healthy tissues can
actually cause the development of cancer. Radiation therapy can be divided into two
main types: external beam and internal beam. External beam radiotherapy involves an
external beam source producing radiation directed towards the patient. In the external
beam case, radiation must pass through any tissue that exists between the surface of
the patient and the location of the tumour, resulting in the exposure of healthy tissues.
Internal radiotherapy is more specifically referred to as brachytherapy, ‘brachy’ meaning
‘short distance’ in Latin. In this type of radiotherapy, a radioactive source is surgically
implanted to be inside or adjacent to the tumour volume. This results in minimal
radiation exposure to healthy tissues, but carries with it the complications and risks

associated with surgery.

External beam radiotherapy: Photon and electron beams




The most common type of radiotherapy is the use of high energy photons
produced by a linear accelerator or by a radioisotope. Historically, this type of
radiotherapy was referred to as ‘teletherapy’. In order to explain the use of photons in
radiotherapy, the particle-like behavior in the photon’s wave-particle dual nature must
be considered. From this perspective, photons are mass-less particles which indirectly
ionize tissue. The f‘indirect’ classifier is used to convey the fact that the photon
eventually sets a charged particle in motion (mechanisms of this phenomena are
discussed in Section 2.1), which then causes damage via ionization to occur.” Directly
ionizing radiation, which includes particles like electrons and protons, does not require a
charged particle intermediate. In cancer radiotherapy, high energy photons are typically
used. These photons are typically above 1 MeV in energy and whether the radiation
source is a linear accelerator or a radioisotope, complex equipment is required. At this
point, it is important to note that photons produced by electronic interactions are
referred to as x-rays, while photons produced via nuclear interactions are called gamma

rays.®

Linear accelerators used in radiotherapy produce photons ranging in energy from
4 to 21 MeV (Figure 1.1). In this machine, electrons are first produced in a vacuum by
the process of thermionic emission. These electrons are then accelerated to high
energies using a strong electric field and waveguide. Once they reach the desired
energy, these electrons are directed towards a high atomic number target in which a
radiative collision occurs. By this interaction, a high energy photon, called a

Bremsstrahlung x-ray, is produced and directed toward the patient. This photon



undergoes several levels of collimation to ensure a high level of conformity to the

patient’s tumour.

Figure 1.1: Typical photo of a linear accelerator used to deliver high energy photon

radiotherapy to cancer patients.’

Recently, there have been several new developments in linear accelerator-based
photon therapy. The most prevalent example of photon therapy advancement is the
development of intensity modulated radiation therapy, or IMRT. In this technique,
radiation is delivered from many different angles causing the healthy tissue irradiation
from each angle to be minimal, but the accumulated dose at the focal point (the tumour)
to be significant. At each beam delivery angle, there are small collimators called ‘multi-
leaf collimators’ or MLCs which enter into the path of photons and cause the beam to be

shaped according to the tumour.

Another recent development is the use of magnetic resonance imaging during
radiation therapy. Currently, patients are imaged using CT at the beginning of their
treatments and the radiation treatment plan is developed based on that. Organ

movement during therapy, or patient anatomical changes due to weight loss, bowel
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movements, and gas are not accounted for. The goal of image guidance is to track all
variations in patient anatomy and movement during their treatment. The increased
confidence about anatomical positioning allows for increased amounts of radiation to be
delivered. The machines which deliver this MRI-guided radiation therapy are highly
specialized (Figure 1.2) because the presence of a strong magnetic field has a
significant impact on the behavior of electrons in the patient which must be accounted

for.

Figure 1.2: The MR-linac produced by Elekta, housed at Sunnybrook Health Sciences

Centre.®

The unstable isotopes used as a radiation source in some radiotherapy
treatments occur naturally and can also be produced artificially. Briefly, radioisotopes
exist when an atom contains an excess number of neutrons, making it unstable. In

several radioisotopes, excess energy is emitted in the form of a high energy photon;



these photons are referred to as gamma rays. There have historically been several
different radioisotopes used in external beam therapy; these include: cobalt-60, radium-
226, and cesium-137. Due to its higher energy and long half-life (5.27 years), cobalt-60

has been most commonly used.

The cobalt-60 radioisotope emits several different gamma (photon) and beta
(electron) rays during its decay (Figure 1.3). This radioisotope is produced through the
irradiation of stable cobalt-59 in a nuclear reactor. The decay process results in the
emission of two photons of 1.17 and 1.33 MeV in energy, per decay. Radioisotope-
based external beam radiotherapy has mostly been replaced by linear accelerators for
several reasons. Firstly, a radioactive source such as cobalt-60 is constantly emitting
radiation. This means that the source housing and entire treatment machine must be
designed keeping in mind that even when patients are not being treated, radiation is
being emitted. Secondly, the potential use of radioisotopes in the production of ‘dirty
bombs’ for large scale attacks is a growing fear.? By using radioisotopes such as cobalt-
60, several additional security layers must be added to the hospital’s infrastructure to

remain in compliance with regulatory commissions.*®
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Figure 1.3: Decay scheme of cobalt-60 [WikiCommons Image]

High energy photons produced by radioisotopes such as cobalt-60 are still used
in several specialized machines. For example, the GammakKnife (Figure 1.4) produced
by Elekta™ is a specialized unit developed for treating brain cancers. This machine
houses 192 high activity cobalt-60 sources allowing for the delivery of high doses to the

tumour while minimizing radiation delivered to healthy areas of the brain.*

ELEHHA

Figure 1.4: Leksell GammaKnife produced by Elekta.'?

Linear accelerators can also be used to produce high energy electron beams.
The electron that is accelerated by the waveguide can be directed towards the patient
without the use of a high-Z target. Electron beam therapy is not commonly used since
electrons will damage all tissue between the surface of the patient and the tumour.

Thus, it is mostly used for skin and superficial cancer treatments.



External beam radiotherapy: Particle beams

Radiation therapy can also be delivered using heavy, charged particles such as
protons and carbon-ions. This allows for sharper radiation dose distributions around the
tumour. When a proton enters tissue, it begins dissipating its energy right away. At the
end of its track, the proton will deposit most of its energy in a location called the Bragg
Peak (Figure 1.5). After this region, no further energy is deposited in tissue and the
proton has stopped. Photon therapy exhibits an exit dose due to the stochastic nature of
photon interactions — this means that healthy, non-cancerous tissue behind the tumour
is also receiving radiation. In Figure 1.5, the relative depth dose distribution is shown.
As radiation travels through tissue, the energy it dissipates is absorbed. By normalizing
the energy absorbed to the mass of that tissue, the absorbed dose is obtained. The
relative dose distribution shown in Figure 1.5 is obtained by normalizing the dose at all
positions to the maximum dose. The harmful effects of particle therapy include possibly

inducing cancer and deterministic effects such as skin burns.
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Figure 1.5: Depth vs dose distribution for a proton travelling through water. The proton

deposits the largest amount of energy at the end of its track (Bragg Peak).™

External beam radiotherapy: Orthovoltage

Superficial skin treatments can be done using an orthovoltage unit. This machine emits
x-rays ranging from 100 to 300 kVp. X-rays are produced using an x-ray tube operating
at high voltages (up to 300 V). Electrons are accelerated through a strong electric field
and their eventual collision with the Tungsten target results in the production of x-rays.™*
These x-rays are then filtered using various compositions of high atomic number
materials such as lead and tungsten in order to achieve the desired beam energy.
Given the lack of popularity and low energies used, most hospitals do not use software

for orthovoltage treatment planning.*®

Internal beam radiotherapy: Brachytherapy

Brachytherapy is the surgical implantation of radionuclides adjacent to or inside
the cancerous regions. This technique has achieved an excellent dose distribution
around the tumour, however, there are several challenges to consider in brachytherapy.
These include the risks when dealing with surgery, radionuclides, and radionuclide
positioning. The reason why excellent dose distributions are achieved is that typically
low energy sources are used, preventing radiation from travelling unnecessarily far.
Brachytherapy can be divided into two main types: high dose rate (HDR, > 12 Gy per
hour) and low dose rate (LDR, 0.4 to 2 Gy per hour).® In high dose rate brachytherapy,
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a high activity source is used to irradiate the tumour. This procedure is done by inserting
catheters inside the patient’s tumour and connecting an after-loader machine to these
catheters (Figure 1.7). Using a patient-specific treatment plan, the high activity source
travels out of the after-loader, through the catheters, and into the patient. The treatment
is modulated by adjusting the radionuclide’s dwell time as a function of position in the

patient.

Figure 1.6: HDR brachytherapy after-loader. The high activity source is housed in this

machine and sent through the various catheters shown in the figure into the patient.®

1.3. Rationale and Significance

In the radiation therapy modalities described above, the amount of radiation to be

delivered is determined using a quantity called absorbed dose. As briefly discussed
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above, absorbed dose is the amount of energy absorbed in tissue per unit mass.
Radiation therapy treatment planning is based on the assumption that absorbed dose
and biological damage correlate; increased dose should result in increased cell death.
There are several tools which predict cell survival as a function of absorbed dose.

The most commonly used tool for predicting cell survival is the linear-quadratic
model (Figure 1.8). In this model, the surviving fraction of cells is described as a
function of absorbed dose. The model also distinguishes between high and low linear
energy transfer radiation. The linear energy transfer, or LET, is the amount of energy
absorbed in tissue per unit length along a particle’s path. Low energy electrons and
protons fall into the medium LET category, while low LET radiation includes high energy

photons and electrons.
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Figure 1.7: Linear quadratic model representation of high and low LET radiation

causing cell death.’
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Currently, LET is not accounted for during photon and electron radiation therapy
treatment planning. Essentially, during radiation therapy it is assumed that only high
energy photons and electrons will be interacting with the patient, and the low energy,
high LET component is negligible. With the advent of new technologies in radiation
therapy, such as IMRT, the highly damaging component may be causing more damage
than previously thought.*®%? For particle therapies such as protons, a generic weighting
factor of 1.1 is used. This means that in patients, it is assumed that protons are 10%
more damaging than photons emitted by cobalt-60. Yet, several studies have shown
that proton damage enhancement can vary depending on the position relative to the

Bragg peak.?>” %,

1.4. Specific Aims

In order for radiation therapy to utilize biological effectiveness-based treatment
planning, clinically suitable ‘radiation quality’ detectors are required. Currently, no such
detectors are available. The focus of this work was to first demonstrate the need for
these detectors in external beam photon radiotherapy and brachytherapy, and then to
develop a ‘radiation quality meter’ using differently doped plastic scintillators. By having
uniquely energy dependent plastic scintillators, the electron LET spectrum can be
resolved. In this work, ‘radiation quality’ is defined as a generic term for information
regarding the LET or the relative biological effectiveness (RBE) of a radiation treatment

beam.
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Biological effect variation in radiation therapy

Monte Carlo simulation and advanced microdosimetric techniques were used to
evaluate how relative biological effectiveness changes in external beam photon

radiotherapy and brachytherapy.

Development of a ‘radiation quality meter’

Doped plastic scintillators were characterized in several low and medium LET
radiation beams. These plastic scintillators had not been previously characterized or
used in any radiotherapy settings. Once characterized, a detection method and signal
processing algorithm were developed to resolve the electron energy spectrum of a

radiation beam from the scintillator signal.

Radiation quality measurement

Using the radiation quality meter, the ‘radiation quality’ was measured in several
medium and low LET radiation beams. These include several orthovoltage x-ray beams,
high energy photon and electron beams, and an iridium-192 HDR brachytherapy

source.

1.5. Thesis Organization

In Chapter 2, the physics behind fundamental radiation interactions of interest,
Monte Carlo Simulation technique, as well as plastic scintillation will be discussed.
Chapter 3 examines the change in maximum RBE in open and composite fields under a
6 MV linear accelerator photon beam. Chapter 4 examines maximum RBE variation in
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three different radionuclides (iridium-192, ybettrium-169, and iodine-125) and the impact
of this variation on an HDR prostate treatment plan. Chapter 5 describes the
characterization of differently lead doped plastic scintillators in medium and low LET
beams, and presents a new equation describing doped plastic scintillator response.
Chapter 6 demonstrates the measurement of the electron LET spectra in various
medium and low LET radiation beams. Chapter 7 summarizes our work in the

development and use of this novel radiation quality meter.
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2. Radiation Dosimetry

The phenomenon of ionizing radiation is utilized in several different disciplines
including radiotherapy, atomic energy, military applications, and space travel.?*?® Due
to its widespread use and potential harmful effects, characterizing the amount of
radiation is of utmost importance. The most commonly used quantity in order to achieve
this is called absorbed dose, formally defined as the amount of radiation energy
absorbed per unit mass in a medium. In order to further understand this, the passage of
ionizing radiation through matter must be described in depth.

The ‘ionizing’ classifier when referring to radiation is simply used to distinguish
between particles that are travelling fast enough to remove an orbital electron from a
target atom and particles that are not.> Henceforth, the term ‘radiation’ will refer
specifically to ionizing radiation since there was not a non-ionizing component to this
research project.

There are two different types of radiation which have the capacity to ionize
matter: electromagnetic radiation and particulate radiation. Ultimately, energy deposition

in matter occurs through the interactions of charged particles. Thus, when considering
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electromagnetic radiation, the energy transferred to charged particles is of utmost

importance.

2.1. Electromagnetic Radiation

Electromagnetic radiation exists in a spectrum (Figure 2.1); wavelengths shorter
than 10® m or greater than 124 eV in energy are typically in the ionizing range.?
Photons passing through matter can either disappear completely and impart their
energy to light charged particles or scatter off with a lower energy and new trajectory.
These photons, frequently referred to as x-rays and gamma rays, deposit their energy
via three main interactions: 1) the Compton effect, 2) the photoelectric effect, and 3) pair
production. Other possible interactions such as Thomson and Rayleigh scattering, triplet
production, and photonuclear reactions rarely occur at the energies we are considering
and when they do, there is no deposition of energy into the medium from the incoming

particle.”
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Figure 2.1: The electromagnetic spectrum.?
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The first of the three listed photon interactions, the Compton effect, occurs when
an incoming photon collides with a loosely bound electron, causing both particles to
scatter post-collision in new trajectories. Thus, this interaction is also known as
‘incoherent scattering’. For the scope of this thesis, it is important to know that the
Compton effect is the dominant interaction in the therapeutic energy range.

The second important photon interaction is the photoelectric effect. This occurs
when a photon with enough energy to ionize an atom interacts with a tightly bound
electron. Here an incident photon collides with a tightly bound orbital electron causing it
to be ejected out of the atom’s electron cloud, leaving a hole behind. Conservation of
energy dictates that in order to reach stability, an electron from a higher energy shell
transitions down to fill the hole; this energy transition results in the emission of an x-ray.
The x-ray emitted as a result of the electron’s energy transition is called a characteristic
x-ray. This name derives from the fact that the electron shell energies are unique to
each element; each x-ray emitted as a result of this phenomena is characteristic in
energy to its atom of origin. The likelihood of this interaction occurring as well as the
energy of the photoelectron and characteristic x-ray emitted is highly dependent upon
the shell in which the target electron resides, atomic number, and incoming photon
energy. Characteristic x-rays refer to photons emitted by an atom as a result of electron
transitions with its orbitals; since shell and subshell configurations are characteristic to
each atom, the energy (in the form of an x-ray) released due to transitions is also
characteristic to its atom of origin.

When considering the photoelectric effect, there are two different ways energy is

transferred to charged particles: photoelectron emission and Auger electrons. The term
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‘photoelectron’ refers to a tightly bound electron which is liberated from the target atom
by an incoming photon. The second term, Auger electrons, is used to describe when the
exiting characteristic x-rays interact with a second orbital electron. It is possible that
multiple subsequent Auger electrons are produced, this is referred to as the Auger
cascade. It is important to note that the photoelectric effect is the dominant interaction in
high-Z targets such as bone and at low energies (< 0.5 MeV).

The third and final noteworthy photon interaction in matter is pair production. This
occurs when the incoming photon’s energy is greater than the rest energies of the
electron and positron (1.02 MeV). An incident photon becomes completely absorbed
and energy is released in the form of electrons and positrons. The incoming high energy
photon interacts with the field of the nucleus resulting in the production and release of
an electron-positron pair. Another similar interaction is called electronic pair production,
also known as triplet production, and it occurs when the incident photon has a higher
energy and interacts with the electron field.

In summary, the Compton effect, photoelectric effect, and pair production can
occur when an incident photon interacts with a target atom. Each of these interactions
has an associated probability (cross-section) which is summarized in Figure 2.2. This
figure demonstrates that at lower energies and high Z, the photoelectric effect
dominates. As an example, this is the reason behind why the photoelectric effect is the
dominant interaction in bones at x-ray imaging energies. In the therapeutic photon
energy range (1 to 6 MeV), the dominant interaction is the Compton effect. Pair

production occurs at higher energies and dominates the high Z region.
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Figure 2.2: Probability of each of the three major photon interactions occurring for

various incident photon energies and target atomic numbers.>

It is also important to distinguish between x-rays and gamma rays.?> These two
terms are used synonymously in popular culture, however, the difference between them
is that x-rays are produced via electronic interactions and transitions, whereas gamma
rays are produced solely as a result of changes in the nucleus. Thus, the photons used
in imaging and linear accelerator-based radiotherapy are x-rays, and the photons

emitted by cobalt-60 or caesium-137 are called gamma rays.

2.2. Charged Particle Interactions

As previously stated, the eventual damage caused by ionizing radiation to tissue
is ultimately done by charged particles. When photons are the incident radiation, the

light charged particles (electrons and positrons) freed as a result of the interactions
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discussed above go on to cause radiation damage to tissue. Often, the incident
radiation itself is an electron, or in some specialized situations, a heavier particle such

as a proton, alpha particle, or a carbon ion.

For light charged patrticles, there are three main types of collisions that may
occur: hard collisions, soft collisions, and radiative collisions.> Hard collision is when the
incident electron and an orbital electron undergo a coulombic force interaction at a close
distance. Soft collisions are similar to hard collisions; however, the interaction distance
is much longer and therefore less energy is imparted onto the target atom’s electron.
The third type, radiative collisions, occurs when the incident electron accelerates due to
coulombic interactions with the nucleus. When this acceleration occurs, a high energy
photon, commonly referred to as a Bremsstrahlung photon, is released. These three

interactions are summarized in Figure 2.3.
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Figure 2.3: The three light charged particle interactions in matter.”

When hard collisions occur, the electron previously bound to the target atom

leaves the region as a delta ray, which is an electron energetic enough to leave the
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local volume. Despite occurring rarely, hard collisions result in a very large amount of
energy transfer from the incident electron. Soft collisions are distant coulombic
interactions between the incident charged particle and an orbital electron. These are
much more likely to occur relative to hard collisions and only a small amount of energy
is transferred to the electron each time. An electron travelling will lose approximately

50% of its energy through soft collisions, and 50% through hard collisions.

2.3. Stopping Power and Linear Energy Transfer

In order to quantify how much energy is lost by a charged particle as it traverses
through matter, the concept of stopping power is used. As discussed previously,
whenever an electron passes through matter, it may interact via Coulombic forces with
orbital electrons (soft and hard collisions) as well as the nucleus (radiative, or
Bremsstrahlung interaction). The stopping power is defined as the amount of energy
dissipated by the particle per unit distance along the particle’s path length. The density
normalized stopping power is typically reported in the literature and is referred to as the
‘mass stopping power’. The units for stopping power are usually MeV cm? g, because
the energy loss per unit distance (MeV per cm) is normalized to the density (g per cm?)
of the target material.”

Stopping power (mathematically represented by S) can be further divided into
charged particle interaction types (Equation 2.8). The collisional stopping power refers
to the sum of energy losses as a result of hard and soft collisions per length along the
particle’s path. That is, energy lost by the particle due to collisions only will be

represented through the collisional stopping power. The radiative stopping power
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represents the amount of energy lost by the initial charged particle due to
Bremsstrahlung interactions and in-flight annihilation. For heavier charged particles, the
radiative stopping power is zero because the Coulombic interaction with the nucleus is
not strong enough to cause significant deviation or deceleration in the heavy charged
particle’s path. It is also worthwhile to note that heavy particles do not experience
significant angular deflections during collisional interactions. This is in stark contrast to
lighter charged particles and can be seen in Figure 2.4 below. Thus, the stopping power

of charged particles in a medium is given by
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Figure 2.4: Path shape for light and heavy charged particles traversing matter.”

The Linear Energy Transfer, or LET, is another commonly used quantity in

radiation dosimetry.?® Where stopping power is the energy ‘lost’ by the particle per unit
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length along the particle’s path, the LET quantifies the energy ‘absorbed’ by the
medium. Thus, the linear energy transfer is equivalent to the collisional stopping power
but from the perspective of the medium rather than the particle. Hard collisions will often
cause the target electron to be ejected from the local volume in the form of a delta ray.
When defining LET, these non-locally absorbed electrons must be accounted for, thus
delta thresholds are used. For example, an LET value reported with a threshold of 100
eV ( LETx-10y) WIll be the energy absorbed locally from all electrons with energy less
than 100 eV — those with greater energies are considered to deposit their energy
elsewhere.*® This quantity is of great importance due to its close correlation with

31-

biological damage.®*~*® Typically, LET is reported using units of keV/um.

2.4, Absorbed Dose

This chapter began by stressing the importance of being able to quantify
‘amounts’ of radiation and it was mentioned that ‘absorbed dose’ was used across all
disciplines for this purpose. This quantity will be formally defined and described in this
section. As explained previously, when a photon is incident upon a target, it causes the
release of light charged particles through one of or a combination of the three most
probable photon interactions (Compton effect, photoelectric effect, pair production).
These light charged particles then go on to deposit their energies as described in

Section 2.2.
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Once the energy absorbed in the medium is obtained, the absorbed dose to the
medium can be obtained by normalizing the radiation energy absorbed to the mass of
the volume being examined.

Under certain conditions, absorbed dose can be obtained by examining the
electron fluence passing a specific volume. When the condition of charged particle
equilibrium is reached, absorbed dose to the medium can simply be obtained by
multiplying the electron fluence (¢.,.4) in the medium by the mass collisional stopping

power:

SCO
Dea = (pmed( P l) d- (2'2)
me

Charged particle equilibrium is reached when there is enough fluence of
electrons such that in a given volume, for each electron exiting there is one entering
resulting in a net equilibrium of electron flux. In the cancer clinic, absorbed dose is
typically measured using a device known as an ‘ionization chamber’ which measures
the charge produced by electrons released by photons in an electric field. This
measurement of charge is converted to absorbed dose by using primary national
standards-traceable calibration factors obtained using water calorimetry or other primary

standards.

2.5. Relative Biological Effectiveness

Thus far, this section has focused on describing the passage of radiation through
matter in general. The main interaction possibilities for both electromagnetic and

charged particles have been covered. Across the distinct disciplines that utilize
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radiation, the main quantity of interest is how much damage radiation is causing to the
living cells of the body. Historically, this ‘radiation damage’ has been quantified by
comparing the damage done by a type of radiation relative to the damage done by
some reference radiation.

This quantity is known as the relative biological effectiveness, or RBE. Formally,
it is defined as the amount of dose required to reach a given biological endpoint (e.qg.
LD50, or 10% cell survival) using a test radiation normalized to the amount of dose
required to reach the same endpoint by a reference radiation (Equation 2.3, Figure 2.5).
This can be seen through,

Dreference (23)

RBE =
Dtest

where RBE is the relative biological effectiveness, and Dies; and Dieference are the
respective absorbed doses required to reach the chosen biological endpoint.

Typically, these studies have been conducted with the aim of better
understanding how changing particle type or energy can affect the destructive impact on
biological tissue. Various prokaryotic and eukaryotic cells have historically been used as
the biological test medium when evaluating RBE. For example, proton RBE has been
evaluated using human cervix cancer cells, V79 Chinese hamster cells, U20S, and

human laryngeal cells.®*-%
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Figure 2.5: Sample calculation of neutron RBE relative to x-rays using cell survival

curves. Adapted from Sorensen, B.S.*’

This variation in cell killing potential is of utmost importance, especially in health
physics and nuclear safety applications. Depending on particle type, the ability for
radiation to cause damage to tissue can vary drastically — as an example, Howell et al,
determined that the RBE of alpha patrticles relative to 120 kVp x rays was 4.7 when a
survival endpoint of 37% was chosen (biological model was spermatogenesis in mouse
testes).®® In the event of a radiological emergency, determining the type of radiation
present is of utmost importance.

There is a strong relationship between the linear energy transfer and the relative
biological effectiveness. LET is the amount of energy absorbed by a medium per unit
pathlength of a particle traversing through it. When that medium is biological tissue, the
impact of LET variation becomes clear. It is a well-established fact that radiation
damage to tissue primarily occurs via mitotic cell death.? lonizing radiation causes
accumulated damage to the DNA of cells, which causes them to lose reproductive

integrity over time.
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As the linear energy transfer increases, the distance between subsequent energy
deposition events decreases (Figure 2.6). This causes the likelihood of a single particle
causing double stranded DNA breakages more likely. It is also a well-established fact
that, while single stranded DNA breakages are easily reparable by the cell’s repair
mechanism, double stranded breakages pose a much greater challenge.* Thus, due to
increased damage to the cell’s DNA resulting from increased LET, a strong correlation

between LET and the previously explained RBE exists (Figure 2.7).

DNA Segment

Figure 2.6: Low vs high LET radiation tracks.*® Low LET radiation, shown on the

track above, is less likely to cause irreparable DNA damage to the cell.
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Figure 2.7: RBE shown as a function of increasing LET. The maximum RBE occurs
when LET is equal to 100 keV/um.? It is important to note that not all radiation types
have an LET equal to the depicted value (e.g. diagnostic x ray LET is not always 2.6

keV/um).

2.6. Monte Carlo Simulation

The behavior of radiation travelling through matter can be modelled through
complex computer simulation. Specifically, radiation transport is commonly modelled
using Monte Carlo techniques. This allows for the determination of various dosimetric
guantities, such as energy and dose deposition, stopping power, and range through

computational techniques. Despite not being able to be solved analytically, the
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probability of interactions occurring can generally be predicted quantitatively. By
accounting for the interaction probabilities of various types of radiation, the transport of
each patrticle through a volume of matter can be simulated. By simulating large numbers
of particles, each with their own associated history, trends and quantities can be
extracted from the data. Monte Carlo techniques have been used computationally for
decades and mathematically for centuries.** Its use spans various fields such as
finance, physics, atmospheric modelling, and traffic flow simulations to name a few
examples.

The Monte Carlo method allows for the integration of a very large number of
stochastic trajectories to derive useful conclusions. The first step is to generate a
random number, then sample that random number to a given probability density
function relevant to the stochastic process being examined, and finally use the sampled
value to calculate a specific quantity (e.g. interaction distance, energy deposition, etc.).
Following this, the previous steps are repeated using a new random number. In order to
successfully simulate radiation transport using Monte Carlo, there are four major
requirements: 1) a random number generator, 2) geometry, 3) physics processes and
interactions input, and 4) result storage.** Looking at one individual history does not
provide meaningful insight into the behavior of radiation because each single step and
interaction is based on a random number. Only by aggregating the results of a large
number of histories can meaningful conclusions be drawn. In order to understand how
many individual histories must be run, the tolerable simulation uncertainty must be
determined. For example, in the simulations described in Chapter 5, 10° histories were

required in order to obtain an absorbed dose uncertainty of 0.05%.
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There are several different Monte Carlo codes that can be used to simulate
radiation transport through matter. These include software packages such as EGSnrc,
PENELOPE, GEANT4, and MCNP.**™ In this work, GEANT4 was utilized for its
breadth and customizability. GEANT4, an acronym for Geometry ANd Tracking (version
4) is a powerful Monte Carlo toolkit developed by researchers at the European
Organization for Nuclear Research (CERN) to simulate radiation transport through
matter.*® This software package utilizes object-oriented programming (C++) and allows
for the simulation of over 100 different particle types with various energies spanning
from very low to very high using several different physics packages.

In order to simulate radiation transport accurately, the world and phantom
geometry must first be defined. In GEANT4, custom materials can be created by
inputting atomic compositions, or one can choose from a wide selection of pre-made
NIST materials to use in the simulation. Various complex geometries, shapes, and set-
ups can be simulated. Next, the user must define the appropriate physics package for
the software to use. There are several different physics lists which can be enabled if
required; for example, the standard electromagnetic physics (“G4 Standard EM
Physics”) package is used to simulate electromagnetic interactions of charged particles,
gammas, and optical photons and is valid in the energy range of 1 keV to 10 PeV. In the
case where electromagnetic interactions for particles with energy less than 1 keV must
be simulated, a new physics list can be used. Either ‘G4 Low Energy EM Physics’ or
‘G4 DNA Physics’ would be appropriate. Similarly, various physics lists for heavy
particle interactions and for optical photon production (scintillation, Cherenkov light)

exist.*’
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Once the physics list has been chosen, the user must define the particle
generator’s beam type, shape, direction, and particle. GEANT4 can be installed and run
on parallel processors, allowing for fast simulation times. The collection of various
guantities of interest such as energy deposited, particle flux, and so on is referred to as
‘scoring’. In GEANT4, scoring can be done through sensitive detectors or through
command-based scoring. The sensitive detector approach uses the simulation
geometry and shapes already defined as the surface or volume in which the dosimetric
guantities of interest are scored. In command-based scoring, the user can define a
voxelized shape which does not interact with the simulation geometry at all and
dosimetrically interesting quantities can be scored. These include energy deposited,
dose deposited, cell current, cell flux, population, and surface cell charge. In order to
evaluate the statistical uncertainty on any given simulation, a voxel equal in size and
purpose must be created using the main build file and the calculation for absorbed dose
uncertainty, for example, can be added.

The termination of a particle’s track when simulating radiation transport is
determined by the energy cut-off. At each interaction, the particle dissipates some
amount of energy (governed by the Monte Carlo process at each step by sampling the
interaction cross-sections using the random number generator); this process could
continue indefinitely as the particle’s energy approaches an asymptote at zero. This
would cause the simulation to crash due to a never-ending track and unachievable
result. In order to avoid this, the energy threshold is used to terminate the particle’s

track.
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In the Monte Carlo simulation, a radiation source that emits the particles defined
by the user in the direction desired must be defined. For some applications, the
modelling of the radiation source can become an incredibly complex simulation in and of
itself. For example, in order to simulate the radiation being emitted from a linear
accelerator, all of the components between the high-Z target and the patient must be
modelled. This includes components such as the jaws, multi-leaf collimators, monitor
ionization chamber, flattening filter, and several others. Modelling these components, as
well as all of the radiation interactions occurring in them would involve a large simulation
taking a very long time to yield results. Fortunately, instead of modelling all of the
components in the head of the linear accelerator, a ‘phase-space’ file can be used as
the radiation source. This file, generated by other researchers who modelled and
validated all of the linear accelerator components, contains the energy, momentum,
direction, and particle type for all of the radiation leaving the machine.*® This file can be
used as a source itself for cases in which a complex radiation source is required, as

seen in Chapter 3, where a phase-space modelling a Varian Clinac 600C is used.?

2.7. Plastic Scintillator Detectors

Plastic scintillators are organic materials which emit light upon interacting with
ionizing radiation. The scintillation mechanism in organic compounds is essentially an
excitation of the electron cloud contained within the hybridized ring of the aromatic
scintillator molecule. Upon interacting with ionizing radiation, the electron cloud is

excited and the subsequent de-excitation results in the emission of an ultraviolet
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photon. The plastic scintillator volume contains wavelength shifters and phosphors
which then interact with the newly released photon, converting it to be in the visible
wavelength region (approximately 440 nm). These materials are versatile and useful in
radiation measurement and detection (Figure 2.8). Several commercially available
devices utilize plastic scintillators — an example from the radiotherapy field is the

Exradin® W1 and W2 scintillator detectors (Figure 2.9).

Figure 2.8: Plastic scintillator emitting its characteristic blue light (Eljen Technologies,

Sweetwater TX).*
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Figure 2.9: The W2 detector produced by the radiotherapy equipment company,

Exradin.>®

Plastic scintillators are excellent to use for measurement because their signal
can easily be read using a photodetector (photomultiplier tube, silicon photomultiplier,
and so on). It has been demonstrated by Beddar et al., that these detectors exhibit
linearity and energy independence above 100 keV.*! They are also widely used for

detection in particle hadronic physics as well as in health physics.

The response of plastic scintillators can be modelled using Equation 2.4

dL dE /dx
dx O 1+kBxdE/dx’

(2.4)

where L is the scintillator’s light yield (photons per MeV radiation energy absorbed), kB
is the quenching parameter, and dE/dx is the collisional stopping power, or LET of

radiation passing through the scintillator. This equation is referred to as Birks’ Law,
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discovered by J.B. Birks in the 1950s.°* Thus, it is clear that the response of plastic
scintillators is intrinsically dependent upon the LET of radiation passing through it.

When exposed to high LET radiation, the scintillator exhibits a quenched
response. This can be seen in Birks’ law — as dE/dx increases, the ratio of numerator
and the denominator will eventually reach unity. Scintillator quenching is the main
reason why it has not yet been widely adopted for heavy particle or low energy
dosimetry.

The main detection mechanism presented in this thesis is based upon this fact.
This project utilized lead doped plastic scintillators. By doping the scintillator volume
with lead, a high Z element, scintillator was made to be energy dependent. This is
because the addition of lead causes a large change in how photons and electrons
interact within the scintillator volume. By using various differently doped scintillators, the

LET spectra of various radiation beams were resolved (Chapter 6).
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3. Evaluating the Biological Impact of Increased
Scattered Radiation in Single and Composite Field
Radiation Beams

This Chapter is based on an original article which has been published as:
H. Nusrat, G. Pang, S.B. Ahmad, A. Sarfehnia

“Evaluating the biological impact of increased scattered radiation in single and
composite field radiation beams”. (2018)

Biomedical Physics and Engineering Express, 4(3), DOI: 10.1088/2057-1976/aab0db

3.1. Abstract

Scattered radiation seen at the edges of a treatment field consists of low energy
electrons and photons. Lower energy particles have a higher LET, making them more
biologically damaging. With a single beam of a large field-size (FS), the amount of these
highly damaging electrons is low relative to within the treatment beam. However, when
multiple beam angles and smaller FS are used (as in IMRT/VMAT), the relative
contribution of scattered radiation increases and biological consequences may vary.
The purpose of this study was to evaluate the theoretical impact of increased scattered

radiation in single and composite field beams. Monte Carlo Geant4.10.3 was used to
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score the electron energy spectra at different depths within a water phantom with a 6
MV photon beam incident. The energy spectra were then used to calculate the
maximum RBE, RBEy. Beams examined were phase-spaces of a Varian Clinac 600C 6
MV linac (10x10 cm? beam, 1x1 cm? beam), and a composite 10x10 cm? beam. The
composite 10x10 cm? treatment field (simple IMRT) was created by summating one
hundred 1x1 cm? beams to form a relatively uniform 10x10 cm? field. For smaller FS
(1.5 cm depth), an increase in RBEy was seen 5.2 cm outside the beam (17%). The
10x10 cm? beam showed an increase of 14%, 9.2 cm away from beam’s edge (1.5 cm
depth). The composite 10x10 cm? beam exhibited similar RBEy enhancement to the
10x10 cm? phase-space, however, the region of increased damage occurred closer to
the beam (5.6 cm away). The results indicate that although the region inside the primary
beam is not affected, the contribution of damaging particles happens much closer to the
beam’s edge in the composite field case relative to an open field. This may have

potential implications regarding the effective dose to organs at risk during radiotherapy.

Keywords: RBE, modulated beams, out-of-field dosimetry, scattered radiation

3.2. Introduction

Collimation of radiation beams used in cancer radiotherapy is required in order to
limit the beam’s field size to be large enough to irradiate the tumour while minimizing
exposure to healthy tissue. In modern linear accelerators (LINACs), collimators and
jaws composed of high atomic number elements are used in order to block undesired

regions of the beam. Interactions occurring at the edges and lateral faces of these
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collimators can result in the production of secondary radiation, commonly referred to as
head scatter.>® This scattered radiation consists primarily of low energy photons and
electrons, which are typically of a higher linear energy transfer (LET), and therefore

more biologically damaging.®*

When the simple case of a conventional radiotherapy treatment (Figure 3.1) is
considered, the amount of high-LET, highly damaging scatter produced is low relative to
the primary beam. Previous studies have attempted to determine whether or not any
change occurs at the edge of a radiation field in terms of LET or RBE (relative biological
effectiveness). Kirkby et al. (2007),>® conducted a Monte Carlo study using various
clinical radiation beam models and found an increase in the average LET, suggesting
an increase in RBE outside the treatment field for a single beam. Liu and Verhagen
(2002),>" demonstrated a 20% increase in radiation quality factor, Q, in the penumbra
when compared to the central axis in another Monte Carlo study. Another group
attempted to determine any change in ‘Q’ in a TomoTherapy® dose distribution using
Monte Carlo simulation and found a 1.5% increase at certain positions.”® These
previous works have attempted to explore the question of radiobiological variability
outside the treatment beam, but have been limited by looking at radiobiological changes
at a limited number of points. Other groups have conducted experiments in which cell
survival was examined in and out of the radiation field; the results are in agreement that
cell survival outside of the field was lower than previously expected. Butterworth et al.
(2011),*° conducted an experiment in which cell survival was examined within and out of
the radiation field; they found that cell-killing in the out-of-field region was significantly

60,61

higher. Trainor and colleagues also examined cell survival outside of the primary
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beam using various cell lines and observed increased DNA damage in the out-of-field
regions. The studies conducted by Trainor et al., attributed the increased DNA damage
in out-of-field regions partly to changes in intercellular communication in mediating
cellular response. McGarry et al. (2012),°? conducted a similar study and found that out-
of-field survival was independent of cell line, delivery technique, and dose; however, a
statistically significant difference was observed in cell survival in field versus out-of-field,

only when intercellular communication was kept intact.

It is also important to mention the work conducted by Chofor et al. (2012),%®
which studied only the internal scatter component of the peripheral dose; it was found
that dose to the near periphery is comprised mainly of internal scatter, while the far
periphery is mainly head scattering. Ezzati et al.,** found that no significant change in
RBE occurs when comparing the in-field region to the out-of-field region. They
conducted a Monte Carlo study in which DNA double stranded breaks were scored and
RBE calculated. In contradiction to this, Okamoto et al. (2011),®® measured the lineal
energy transfer distributions for 200 kV x-rays and megavoltage photon beams; they
found that the lineal energy of the low energy x-rays was significantly greater than that

of the 6 MV x-rays, yielding a higher RBE.

The disagreement among previous studies and the lack of literature on
composite and modulated radiation fields that better approximate current treatment

methods warrants further investigation.

In order to examine the damaging effects of radiation at different points, the
spatial variation in the ‘maximum RBE’, or RBEy was used. As demonstrated by Dale

and Jones,® at the low dose limit, the a/p ratio becomes equivalent to the maximum
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relative biological effectiveness (RBEy); this formalism is further explained in the
Materials and Methods section. Briefly, the o/f ratio, another commonly used
radiobiological quantity, is the point at which the linear and quadratic modes of cell-

killing are equivalent.

In order to better conform the radiation dose distribution to the tumour, modern
radiotherapy treatment plans typically are comprised of many small beamlets (<1 cm?
field size) that are often incident on the patient from multiple angles. In this case, the
amount of additional higher-LET scatter due to the larger number of beamlets may

accumulate and produce a summative effect in unintended locations.

The purposes of this work are twofold: First, the intent is to introduce a Monte
Carlo based formalism to better evaluate the relative in-field and out-of-field radiation
damage by calculating spatial RBEy distribution. With the concept of RBEy as a proxy
to radiobiological damage, we will then study the relative radiobiological damage

differences between in-field and out-of-field for single and composite radiotherapy fields.
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3.3. Materials and Methods

3.3.1. a/pf Ratio Formalism

In order to quantify radiobiological significance, the a/p ratio was used. The a/
ratio represents the dose level at which the amount of cells killed by double stranded
and single stranded DNA breakages are equivalent (in the linear-quadratic model).
According to the theory of dual radiation action,’® the a/B ratio for monoenergetic

particles (electrons) is given by
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a

,B(E) =JO t(x, E)y(x)dx, (3.1)

where t(x, E) is the proximity function, which is the probability that an electron of energy,
E, undergoes two energy depositions, a distance x apart. Proximity functions in water
for electrons from 100 eV to 10 MeV are given by Chen and Kellerer (2007).%° The
gamma function, y(x), is the probability that two energy depositions, a distance x apart,
result in a lesion. The quantity y(x) is only dependent on the biological system (not on
the radiation used) and is non-zero only when x is small. The gamma function used in

this work was representing lesion probability in V79 Chinese hamster cells in late-S

phase.®’

For a more realistic scenario, the weighted a/f ratio for a polyenergetic electron

energy spectrum (henceforth represented as m) can be determined by,

fow%(E) n(E) E dE
o/B =

J, n(E) EdE

(3.2)

where o/ is the a/B ratio calculated for the monoenergetic electron energy E using Eq.
3.1, and n(E) represents the electron energy spectrum, with E representing discrete

energy bins. At the low-dose limit, the /B becomes the maximum RBE, RBEy.%®

3.3.2. Obtaining n(E), the Electron Energy Spectra

The electron energy spectra were obtained using Geant4.10.3 Monte Carlo

simulations. In the simulation, various different linear accelerator beams were set
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incident upon a water phantom. Using Geant4, a voxelized scoring plane spanning the
size of the water phantom (at a given depth) was used to determine the electron spectra
present in different regions (Figure 3.1). Electrons were first scored and then placed into
various energy bins which ranged in size from 920 eV to 1.6 MeV. For each beam, three
types of scoring orientations were used: two different depths (depending on the type of

beam), and one depth profile plane.

In order to include scattered radiation in the Monte Carlo simulation, LINAC
phase-space files were used. A phase-space is a collection of the energy, particle type,
position, direction, progeny, and statistical weight of particles generated by a radiation
source; the phase-space files used in this work were obtained from the I.A.E.A Nuclear
Data Services.”® The radiation phase-spaces used in this work included: the Varian
Clinac 600C 6 MV (photon) 10x10 cm? and the 1x1 cm? beam. For each radiation

treatment beam, the electron energy spectrum was scored at all positions at two depths

(2.5 cm and 5 cm in water), and the a/f ratio was examined as distance from the

beam’s central axis (CAX) was increased.

For each case, the a/p ratio was calculated at all positions in the water phantom,
yielding a two-dimensional distribution at a given depth. In order to show these results,
a single strip spanning the center of the phantom was extracted and the corresponding

RBEw values were displayed. The RBEy values were obtained for a given beam by

normalizing the a/f ratio to the a/f on the central axis. Monte Carlo simulations were
ran for 2*! initial particles, yielding an absorbed dose uncertainty better than 0.1% inside

the field, using the same voxels used to score n(E).
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3.3.3. Composite 10x10 cm? Field

The radiobiological implications (via RBEy) of creating a larger composite field
size from multiple smaller beamlets was examined by using the electron energy spectra
distribution created by the 1x1 cm? 6 MV photon beam and conducting mathematical
summation of the spectra to create a composite 10x10 cm? field. This summation was

done using MATLAB R2016b (Figure 3.3) for the fluence at 5 cm depth.
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Figure 3.3: Summation of the energy spectra generated by the

1x1 cm? beam to produce a composite 10x10 cm? field size

3.4. Results

The radiobiological changes as a function of position for various beams are

shown in Figures 3.4 and 3.5. In all figures, abscissa shows the distance away from the
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central axis (CAX) of the beam, whereas the ordinate shows the RBEy (average

weighted o/B normalized to the same quantity at CAX). Figure 3.4A depicts the damage
enhancement at two depths (1.5 and 5 cm) for the 10x10 cm? 6 MV photon beam.
Figure 3.4B shows the same for the 1x1 cm? beam and Figure 3.4C portrays the in-
plane versus cross-plane radiobiological variability for a 10x10 cm? beam at a depth of
5 cm. The radiobiological variation in the composite large field compared to a single
beam large field size is shown in Figure 3.4D. Figure 3.5 shows the radiobiological
variation of the composite and single fields overlaid with their respective electron

fluence profiles.
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1x1 cm? (B) 6 MV beam. The a/p calculated for each voxel was normalized to the
central axis a/B. Variability curves are shown at depths of 1.5 cm and 5 cm. The RBEy,
profile in the in-plane and cross-plane direction for 10x10 cm 2 (C). Comparison of
RBEy variation in the composite 10x10 cm? field and the single 10x10 cm? field at a

depth of 1.5 cm (D).
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Figure 3.5: Normalized RBEy values for the composite and single 10x10 cm? plotted
along with their corresponding electron fluence at various positions at a depth of 5 cm.
The dashed lines represent the normalized electron fluence (all energies) present in
both cases (blue: composite field, black: single beam). The markers represent the

normalized RBE for both cases (blue: composite field, black: single beam).

3.5. Discussion

This work focuses on examining the spatial variation in radiobiological
effectiveness of absorbed radiation dose for a 6 MV treatment beam. Current treatment
planning techniques make the assumption that low energy scattered radiation at the
edges of a treatment beam has identical biological impact as the high energy primary

beam in the field. Given that in conventional 3D radiotherapy treatment plans, the total
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number of these scattered, highly damaging particles is relatively low (compared to
primary particles within the beam), this assumption is valid.”® However, as radiation
therapy treatments move towards becoming increasingly modulated, the amount of
scattered radiation present with respect to the overall primary increases. For example,
in an IMRT or VMAT treatment, there are numerous small aperture radiation beamlets
incoming from many different angles. This causes the scattered particles in the
penumbral and out-of-field regions to accumulate, and the assumption that any

increased damage they cause is negligible may no longer hold.

The RBEy values presented in Figures 4 and 5 were generated by normalizing
all a/p ratios to the o/ on the central axis. The data in Figures 4 and 5 were presented

as RBEy since according to the work done by Dale and Jones (1999),¢ the a/B ratio
becomes RBEy at the low dose limit, which is the maximum relative biological
effectiveness at a point. It is important to note that an electron energy cut-off of 990 eV
was used in this work; any electrons below this threshold were not transported and

therefore the results seen at the lower energy bins are in fact underestimating the actual

number of very low energy electrons. In the calculation of a/B, the y function (Figure
3.2) was extrapolated to an energy deposition distance of 0 nm. This assumption was
deemed fair given that the gamma function does not change significantly as energy
deposition distance approaches zero (Figure 2). The proximity function data from Chen

and Kellerer (2007),%° had a lower limit of 200 nm.

Examining the 10x10 cm? 6 MV beam revealed that the damage enhancement
increases rapidly 5 cm past the edge of the beam, reaching a peak of 14% at 1.5 cm

depth and 12% at a depth of 5 cm (Figure 3.4A). For the 1x1 cm? beam (Figure 3.4B),
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the damage enhancement effect was up to 15% at a depth of 1.5 cm, 5 cm away from
the beam’s edge (8% at 5 cm depth). Of course, the cause for the scattered radiation
outside the penumbral region can also be attributed to the in-patient scattered radiation
as well. It is also noteworthy that the distance (away from the edge) required before
damage enhancement reached its maximum was less with the smaller field size (3 cm)
when compared to the 10x10 cm? beam (8.5 cm). The RBEy distribution for the 1x1
cm? field (Figure 3.4B) appears to be larger than the actual field-size due to the range of
scattered electrons being larger than the field size, allowing for these electrons to travel
beyond the field’s edges. When examining any differences in radiobiological variability
in the in-plane direction versus the cross-plane direction, it was found that the in-plane
direction saw damage enhancement closer to the penumbral region (Figure 3.4C). This
can be explained by the fact that the Varian Clinac 600C has its Y-jaws above its X-
jaws, causing a slight difference in scatter conditions.” The phase-space files used in
this study were limited to jaw defined fields in order to represent a simplistic,

conservative scenario.

In Figure 3.5, the electron fluence was normalized to the number of electrons on
the central axis of the composite field. Although normally a composite/modulated field
would be expected to have larger out of field scattered radiation than an equivalent
open field, given our simplified methodology of establishing the composite field, we
observed the electron fluence just outside the beam edges to be larger for the single
open 10x10 cm? beam compared to an equivalent composite. There were several
reasons for this; in this work, the 10x10 cm? composite was generated by summating

one hundred 1x1 cm? fields separated by half their field width. As such, the composite
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was composed of beamlets that had their source position at different locations while the
collimation did not change (i.e. a symmetric 1x1 cm? centered on the central axis). In
reality, in external beam delivery, a composite field is generated by segments that have
a fixed source position but are modulated using moving jaws and multi-leaf (MLC)
collimators (i.e. off axis 1x1 cm? fields are also used). As such, the jaw-defined 1x1 cm?
segments used in this work to create the composite have a much sharper penumbra
and potentially less scattered radiation past their edges. In reality the segments are
usually created using MLCs that can also have large geometric penumbra if they were
created off-axis. Also, the uncertainties caused by the relatively low amount of particles
present in the out-of-field region were propagated in the composite field summation.
However, the authors would like to stress that the actual result of the exact electron
fluence between single versus the composite field shown in Figure 3.5 is not as
important as the observation that the out-of-field RBEy can be vastly different

depending on how the field itself was created.

As discussed throughout the text, there are a few sources of uncertainty
associated with this work. These can be broadly attributed to the uncertainties in the
Monte Carlo calculation and the RBEy modeling. The uncertainties associated with the
Monte Carlo simulation increase as the distance from the beam’s primary field is
increased due to the presence of fewer particles in the scoring volume as well as the
low energy of those particles.”"? A study conducted by Kirkby et al. (2007)°® examining
the change in the electron energy spectra outside the beam for various radiation beams
was used to validate the Monte Carlo model used in this work. In order to better quantify

the uncertainty of out-of-field Monte Carlo calculations (especially due to the rapidly
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dropping number of scored particles for voxels further away from beam’s edge, Figure
3.5), the same simulation was repeated ten times with different starting random seeds.
All simulations were ran for 2% particles resulting in an uncertainty on absorbed dose
inside the field of better than 0.1%. The error bars shown in figures 3.4 and 3.5 basically
indicate the standard deviation between the RBEy results of the ten simulations for a
given position in space. In the worst-case scenario, we observed a standard deviation
(k=1) of 11.5 % a distance of 6.6 cm away from the edge of the beam (Figure 3.4B). In
Figure 3.5, the uncertainty associated with the electron fluence is not shown for clarity.
As noted above, many of the low energy electrons have energies below the Monte
Carlo transport cut-off of 990 eV and are therefore not transported (the energy is
deposited locally); this means that any future progeny resulting from the transport of
those low energy electrons are also not created. Any potential effects of this
approximation would only lead to a greater observed increase in the RBEy outside the
field. Similar cut-offs as those used in our work have been used for similar type of
calculations. Although lower cut-off values would have been advantageous, the
uncertainty of the transport algorithm using our code for extremely low energies would

become questionable and has not been validated. There are also uncertainties

associated with the a/B model calculation.®’ As discussed above, the y(x) data from
Zaider and Rossi (1988)°" is only valid for V79 Chinese Hamster cells and was
extrapolated to an energy deposition distance (x) of zero (a fair assumption, as
discussed more in depth above). Further work to quantify the uncertainties and

establish cases where the effect is relevant is underway.
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The potential clinical impact of these findings may be significant, especially in
cases where the organ at risk is near the target in a radiation therapy plan. Given that
the radiobiological enhancement may reach up to 17%, this means that if the organ at
risk is in the out-of-field region, the effective dose is also increased by up to 17%. Figure
3.6 shows a schematic diagram of a spine stereotactic body radiotherapy (SBRT)
treatment, where the gross disease in the spine is to be treated without overdosing the
thecal sac, cord, or sacral plexus tolerance doses (the latter structures often constitute
important OARs in these complicated treatments). Currently, the radiation enhancement
of the out-of-field absorbed dose is neglected, and the treatment planning is performed
on an absorbed dose optimization basis solely. Based on the results of this study, we
note that the enhancement effect of out-of-field doses is larger than the in-field, and it is
a function of the way the field was constructed. As we move towards higher localized
tumor doses in ablative therapies such as the example introduced above, an accurate
knowledge of the out-of-field doses to OARs may become more important. By
calculating and applying the dose enhancement factor in the out-of-field region for the
specific treatment plans created, we can better estimate the dose to organs at risk that
may be nearby. This allows for better comparison between various treatment plans that
may have been created with different segment arrangements. Moreover, given that
OAR tolerance doses are often the limiting factor preventing target dose escalation, a

better estimation of OAR dose may facilitate safe dose escalation in SBRT in the future.
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Figure 3.6: Taking into account the findings of this work, the effective dose to the organ
at risk, particularly in cases where the organ at risk is in close proximity to the tumour,
may be larger than anticipated, and may become significant especially if the OAR dose
is pushed to near-tolerance. In the schematic diagram above such a case is shown

although commonly a much greater number of beams are used.

3.6. Conclusions

In this work, we numerically studied the change in the electron energy spectrum
over a large profile extending from the center of a radiation beam’s field size all the way
to large distances outside the beam’s edge. It was found that the change in RBEy is
heavily dependent upon how the field was created. Further studies will include the
modelling of a linear accelerator head (instead of using the phase-space) to better

estimate differences between realistic modulated treatment plans. This work represents
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the conservative case of RBEy variation; changes such as using more realistically
collimated fields will magnify the variation observed. Possible impacts of this finding are
that the effective dose to organs at risk and other tissues exposed during radiotherapy
may be greater than anticipated in cases where many small beamlets and beam angles
are used. Further studies to evaluate the significance of this effect in highly modulated
IMRT/VMAT plan, as well as other radiation delivery modalities such as GammakKnife®,

different particle types, and brachytherapy treatments are currently underway.
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4. Maximum RBE change in **“Ir, **°I, and **°Yb
brachytherapy and the corresponding effect on
treatment planning

This Chapter is based on an original article which has been submitted for publication as:
H. Nusrat, S, Karim-Picco, G. Pang, M. Paudel, A. Sarfehnia

“Maximum RBE change in 192Ir, 1251, and 169Yb brachytherapy and the corresponding
effect on treatment planning”.

Physics in Medicine and Biology, Submitted for publication, July 2019.

4.1. Abstract

Purpose: The purpose of this study was to examine RBE variation as a function of
distance from the radioactive source, and the potential impact of this variation on a
realistic prostate brachytherapy treatment plan. Methods: Three brachytherapy sources
(*#1, *2Ir, and *°Yb) were modelled in Geant4 Monte Carlo code, and the resulting
electron energy spectrum in water in 3D space around these sources was scored (voxel
size of 2 mm?®). With this energy spectrum, microdosimetric techniques were used to
calculate the maximum RBE, RBEy, as a function of distance from the source. RBEy of

125 relative to **?Ir was calculated in order to validate simulations against literature; all
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other RBEy, calculations were done by normalizing electron fluence at various distances
to the source position. In order to examine the impact of RBEy variation in treatment
planning, a realistic *%Ir prostate plan was re-evaluated in terms of RBE instead of
absorbed dose. Results: The RBEy of **°I, *Ir, and *°Yb at 8 cm away from the
source was 0.994 (+/-0.002), 1.030 (+/-0.003), and 1.066 (+/-0.008), respectively. RBEy
in the HDR prostate treatment plan exhibited several hot (+3.6% in RBEy) spots.
Conclusions: The large increase RBEy observed in ***Yb has not yet been described
in the literature. Despite the presence of radiobiological hotspots in the HDR treatment,

these variations are likely nominal and clinically insignificant.

Key Words: RBE, brachytherapy, microdosimetry, prostate brachytherapy

4.2. Introduction

When ionizing radiations such as x rays, gamma rays, and electrons interact with
tissue, the inflicted damage (per unit dose) generally increases with decreasing particle
energy.”>* This is due to the increase in ionization density and more interactions with
DNA along the particle’s track. There are two main modes of treating cancer using
ionizing radiation: external beam radiotherapy (EBRT) and brachytherapy. Typically,
photon energies greater than 1 MeV are used in EBRT in order to achieve the
necessary tissue penetrating power required to reach tumors situated deep within the
body. Since the photon energies used in EBRT are relatively high, the variation of

relative biological effectiveness (RBE) is usually minimal. It has been demonstrated that
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maximum RBE can change by up to 16% when complex beam cases are used due to

the presence of increased scattered (low energy) radiation.?

In brachytherapy, the radioactive source(s) are placed inside the patient to minimize
entrance and exit doses relative to EBRT. Brachytherapy may be more susceptible to
RBE variations given that the radioactive sources used are lower in energy. In low-dose
rate (LDR) treatments, the radioisotope *I is most commonly used, whereas **Ir is
most common in high-dose rate (HDR) treatments.””’® There are several other
radioisotopes that have also been explored in brachytherapy; these include **°Yb, "°Se,
133Gd, and °Pd. These sources have different energy spectra and therefore have

different mean energies (Table 4.1).

Table 4.1: Mean energies of various radioactive sources commonly used in

brachytherapy.””

Mean y Energy

Source
(keV)

~Se 210
192 380
B¥cs 662
®Co 1,250
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Since it is known that lower energy particles are more damaging, the question of
whether RBE changes and if so by how much has been posed many times before.?*""
% In this section, the previous works on RBE determination using *2°l, **?Ir, and **°Yb
will be examined. The review of each source will be subdivided into two main types of

RBE evaluation methods: 1) animal tumour models, and 2) based on experimental

microdosimetry.
lodine-125

RBE of *?°, a commonly used LDR source, has been examined many times using
animal tumour models. Bernstein et al.?* found its RBE to be 1.0 relative to *’Cs. RIF-1
murine flank tumors were irradiated under high dose and high dose rate conditions and
survival was then examined in order to obtain this result. This was followed by Freeman

et al.®?

using Chinese hamster ovary cells to determine RBE for different phases of the
cell cycle. It was found that at high dose rates RBE of **°| was 1.2 while it increased up
to 2.0 at low dose rates; the reference radiation used was **’Cs. Da Silva et al.®?
experimentally determined that RBE of *?°| was 1.0 relative to **?Ir. In 1985, Kwan et
al.®* determined that the RBE of *| was 1.8 and 1.6 when 4 MeV x-rays and *'Cs,
respectively, were used as reference radiation. This study examined the survival of
blood lymphocytes when exposed to various radiation sources. Hering et al.®> examined

how RBE changed as the oxygen enhancement changed in B16 melanoma cells. The

reference radiation used was *’Ir and RBE was found to range from 1.8 (aerated) to 2.4

(hypoxic).

There are also several works which have taken a microdosimetric approach. Wuu et

al.®® found RBE of various brachytherapy sources at low doses and dose rates using a
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grid-defined wall-less proportional counter to measure the lineal energy transfer. It was
found that the RBE of '*| relative to ®°Co was 2.1. Interestingly, at the same time, Ling
et al.®” determined an RBE of 1.4 for *| relative to ®°Co also at low dose rates (0.07
Gy/h). Famulari et al.”” used a microdosimetric approach to determine the RBE of
various brachytherapy sources. Using the Geant4-DNA package, they obtained an RBE
of 1.17 for *?° (1 MeV photons used as reference). It is difficult to compare these results
given the various different conditions under which these studies were conducted. The
reference radiation and cell type varied and RBE values ranging from 1.0 to 2.4 were

reported.
Iridium-192

RBE values for **Ir in the literature range from 1.3 to 2.0. As described by Wuu et
al.,®® *?|r radioactive source’s energy spectrum contains a range of photons, 62.7% of
which are in 200 keV energy range along with the 21.3% in the 460 keV range. Due to
this, 99% of the secondary electrons produced in water from Ir interaction are created
by the Compton effect. Since the radiation emitted is higher in energy relative to other
common brachytherapy sources (**°I, **°Yb), **°Ir is commonly used as the reference
radiation for RBE calculations of lower energy sources, electronic brachytherapy, and
intraoperative radiotherapy.®®% Also, due to its higher energy, the RBE for **?Ir (relative

to °°Co) is close to unity.

Experimentally, **Ir is typically used as the reference radiation for lower energy
brachytherapy sources such as *?°| or EBT®** (electronic brachytherapy); thus, animal
model RBE results are limited. A microdosimetric approach to determine RBE was

taken by Wuu et al.*® By calculating the lineal energy transfer using proportional
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counters, they were able to determine %’Ir RBE to be 1.3 with ®°Co as the reference
radiation. Zellmer et al.*® determined that ***Ir RBE at low dose rates was 1.29 (relative
to °°Co); this was obtained by measuring the single event microdosimetric spectra using
a Rossi proportional counter. This group then used a similar method to determine RBE

at low doses; *’Ir RBE (relative to ®°Co) was found to increase to 1.5.%° As described

125 77
l, l.

above when discussing Famulari et al.”" used a microdosimetric approach and

determined an RBE of *?Ir (relative to 1 MeV photons) to be equal to 1.028.

Ytterbium-169

Radioactive ®*Yb sources were developed for use in brachytherapy in the 1980s;
however, its popularity in the clinic has not yet reached predicted levels and it is not
available today. Advantages for the use of **Yb included its ideal half-life (32 days) for
permanent implants, low toxicity, and having a high specific activity.2°°’ Given that the
average energy of emitted photons is only 93 keV, potential radiobiological
consequences may be a concern. Using the animal model method of determining RBE,
Plume et al.”® determined that RBE ranged from 1.1 to 1.3 (**°*Yb relative to ®°Co)
depending on the dose rate. In their study, Chinese hamster ovary cells (exponential
growth phase) were exposed to both radiation types (***Yb and ®°Co) at various dose
rates. Using microdosimetric techniques, Zellmer et al.*® calculated mean lineal energy
transfers and used them to determine the RBE for **°Yb to be 1.60 using ®Co as the
reference radiation. In the same study discussed earlier in the introduction (**° and **?Ir
literature reviews), Famulari et al. ”* found an RBE of 1.05 for *°Yb relative to 1 MeV

photons.
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Table 4.2: The summary of previously determined RBE values for **I, **Ir, and ***Yb is

shown below.

Source RBE Ref. Radiation Ref. RBE Technique

I 1.0 Cs ° Animal Model
1.2-2.0 'cs 8 Animal Model
1.0 192y 8 Animal Model
1.8 4 MeV x-rays 8 Animal Model
1.6 137Cs 84 Animal Model
1.8-2.4 192y & Animal Model

2.1 ®Co 80 Microdosimetry

1.4 ®co 87 Microdosimetry

1.17 1 MeV photons "’ Microdosimetry

192 1.3 ®co 80 Microdosimetry
1.29 ®co 9 Animal Model

1.5 ®Co % Microdosimetry

1.028 1 MeV photons '’ Microdosimetry

1vh 1.60 ®Cco % Microdosimetry
1.1-1.3 ®co % Animal Model

1.05 1 MeV photons "’ Microdosimetry

As seen in Table 4.2, there is a disagreement in the literature regarding what the
RBE values of ®I, %, and *Yb really are. Additionally, previous studies only
examined RBE change at the source position. The spatial variation in the region

surrounding the radioactive source has not previously been looked at.

In brachytherapy, treatment plans are created by choosing source dwell positions
and dwell times that result in optimal radiation absorbed dose to the tumour while

minimizing the dose to healthy tissues nearby. The potential impact of RBE variation is

62



not considered in current brachytherapy treatment planning; this may be potentially
causing the effective dose in the low-dose regions to be greater than previously thought.
Several studies have commented on the need for RBE-based treatment planning in

20,24,26,77,100-103

brachytherapy.

The purpose of this study was to examine the spatial variation of RBE surrounding a
radioactive source. First, this was examined for three single source cases: **°I, **?Ir, and
1%9yb. Following this, RBE variation in an HDR prostate treatment plan was examined.
In this work, a microdosimetry approach chosen to be the more appropriate approach

given that the goal is to examine RBE variation in the low-dose regions.

4.3. Materials and Methods

In this study, the change in maximum relative biological effectiveness (RBE)
surrounding three radioactive sources (**1, **Ir, and *°Yb) was examined. Generally,
RBE is calculated by normalizing the absorbed dose of the test radiation required to
reach a given biological endpoint (for example, 10% cell survival) to the absorbed dose
of some reference radiation required to reach the same endpoint. In this study, the test
radiation was the electron energy fluence spectrum present at a given distance away
from the source while the reference radiation used was the electron energy fluence at
the source’s position. Thus, an RBE distribution around the source relative to the RBE
at the position of the source center was obtained. In order to validate the results, RBE of
125 was determined relative to **?Ir for comparison and validation with previous works.

Once this was done, the maximum RBE distribution for each of the three sources
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examined was obtained. In the second part of this study, the RBE distribution of **?Ir
was used to re-evaluate an HDR prostate treatment plan in terms of RBE in addition to

absorbed dose.

4.3.1. Radioactive Sources

The radioactive sources used in this work were %I, *%|r, and *®°Yb. The sources
were selected to span the typical range of energies encountered in brachytherapy. In
the Monte Carlo simulation, the energy spectra (Figure 4.1) for the radioactive sources
were obtained from the CLRP TG-43 Parameter Database for Brachytherapy.'®* 2|
source used in this work was the ‘Nucletron SelectSeed 130.002 ©'. The source’s
geometry and dimensions were obtained from Karaiskos et al.'® and were replicated in
the simulation. Since the energy spectrum obtained from the CLRP TG-43 Database
took beam attenuation due to source casing into account and was representative of the
photon energy spectrum just outside the casing, the 3.00 um silver halide wall
surrounding the radioactive *?°I was not modeled in the simulation. ***Ir radioactive
source used was a model of the ‘Isodose Control Flexisource HDR ©'. The geometry
and dimensions of this ***Ir source were created in the simulation in accordance with
Granero et al.”® The casing surrounding the source was not modelled. The ***Yb source
used in this work was the ‘Implant Sciences Corporation 4140 HDR ©'. Source

geometry and dimensions were obtained from Medich et al.*®
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Figure 4.1: Energy weighted photon spectra for *?°| (blue; dotted), **Ir (red; dashed),
and °Yb (yellow; solid) from Taylor et al.}’’ The radioactive source geometry
surrounded by water was recreated in Geant4; the data shown above was used as the

photon emission spectra.

4.3.2. Electron Energy Fluence, n(E)

In this study, the radioactive sources were modelled using Geant4.10.3 Monte
Carlo simulations and their resulting electron energy spectra in water were determined.
1% One source was placed at the center of a 16 x 16 x 16 cm® water tank, and the 3-

dimensional electron energy fluence was scored at all positions using 2 x 2 x 2 mm?®
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voxels. In Geant4, the ‘EmStandardPhysics_option4’ package was used for the

simulation. Photon and electron range cuts of 100 nm were used. For all cases, the

Monte Carlo simulations were run for 2.2 x 10° initial histories, yielding an absorbed

dose uncertainty better than 0.1% at 1 cm away from the source in water. The electron

energy spectra produced by the brachytherapy sources correspond to the nl component

in Equation 4.2. As per AAPM TG268 report, the simulation parameters and features

used in this study are described in Table 4.3.1% The photon and electron fluence

spectra were collected and shown at the source position and the periphery in order to

explain resulting RBEy, differences.

Table 4.3: Summary of Monte Carlo parameters used to create the simulation for

obtaining RBE values of *2I, **?|r, and *°Yb. This table is based on AAPM TG268

Report and “TG268 Item #' refers to the required Monte Carlo item specified in

Sechopolous et al.*®®

Item Name Description
Code, Geant4 Version 10.3 108
2,3
version/rel. date  Released — Dec. 9 2016
4,17 Validation Refer to Carrier et al., 2004 4
o Simulation time: 6 h
5 Timing
CPU: Intel Xenon; 20 Cores
o Source 125 191 “and *°Yb x ray spectra after casing 76,105
description obtained from CLRP brachytherapy database 107
e Physics Package:
9 Cross-sections Y J 110

EMStandardPhysics_Option4
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PE: G4LivermorePhotoElectricModel
Compton: G4LivermoreComptonModel (O-
2MeV), G4KleinNishinaModel (2 MeV)

GK: G4PenelopeGammaConversionModel

Rayleigh: G4RayleighScattering

Physics Package:
EMStandardPhysics_Option4

Transport e Multiple Scattering: G4UrbanMscModel95 10
10 parameters ¢ |onization: G4PenelopelonisationModel
e Brem: G4SeltzerBergerModel
e G4Cutoff: 100 nm e-, e+, y
1 VRT and/or N/
AEIT
Electron energy fluence using command based
15 Scored Geant4 scoring. Logarithmically increasing
guantities energy bins ranging from 920 eV to 1.6 MeV
used.
# of histories/ e 2.2x10° histories per simulation
13, 18 statistical e Absorbed dose uncertainty < 0.1% 1 cm away
uncertainty from source
e Absorbed dose uncertainty calculated as root
mean square of energy deposited normalized
y Statistical to mass
methods e Starting seed # changed and RBEy, calculated
multiple times (n=5); standard error on RBEy
was obtained
15, 16 PoSt-processing Raw electron energy fluence converted to RBEw

using the method described in Section 3.3
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4.3.3. Calculating Relative Biological Effectiveness (RBE)

Since RBE variation under low-dose conditions was examined, the maximum
RBE, RBEy was the quantity of interest. In this study, the approach used by Nusrat et
al.?? was used to generate RBEy. According to the theory of dual radiation action, the

monoenergetic electron a/f can be obtained through:

5 (E) = [ t(x, E) y(x)dx. (4.1)

In this equation, derived from Kellerer and Rossi’s theory of dual radiation action,
the a/B ratio for monoenergetic electrons is obtained.®® As per the linear quadratic
model, the a/f ratio is defined as the dose at which cells killed via double and single
stranded DNA breakages are equivalent. The proximity function, t(x,E), represents the
probability that an electron of energy, E, undergoes subsequent energy depositions at
distance, x. Proximity function data for electrons in water of energies ranging from 100
eV to 10 MeV were obtained from Chen and Kellerer.*® The gamma function, y(x),
represents the probability that adjacent energy depositions at distance, x, result in a
lesion and must be obtained through measurement for a given cell line.®” This
component is only dependent upon the cell line used; in this work, the V79 Chinese

hamster cell was the biological medium.®’

Equation 4.1 represents a monoenergetic case. If a polyenergetic energy
spectrum of electrons is examined; the energy weighted a/f ratio (a/f) can be

calculated using

— I 2(E) n(E) E dE

a/B = =

Jy n(E)E dE (4.2)
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where nl is the energy fluence spectrum of electrons present locally, E is the energy of
the electrons, and o/l is the monoenergetic a/p ratio as calculated in Equation 4.1. As
shown by Dale and Jones, at the low dose limit, the ratio of a/8 values becomes the
maximum RBE, RBEw.?® In this work, spatial variation in RBEy was calculated by
normalizing a/p (x) at a point in space to a/B (x = 0 cm) at the source location. In
order to validate our results with published literature, the RBEy of *#°I using ***Ir as the

reference radiation was also calculated.

4.3.4. RBEy Distribution of a Typical Prostate Brachytherapy Treatment

In order to examine potential variability on a clinical treatment, the RBEw
distribution for a typical prostate plan was calculated. Oncentra® Version 3.1 (Nucletron
V.B., Veenendaal, The Netherlands) was used to create an HDR treatment plan for a
typical prostate case that used 16 catheter needles. Source positions and dwell times
were exported to MATLAB. At each source position, the 3-dimensional electron fluence
described in Section 4.3.2 was placed; the electrons present in overlapping voxels were
summated. Dwell time weighting was applied by multiplying the entire summated plan
fluence with a 3-dimensional dwell time matrix. Once a realistic 3-dimensional fluence

distribution was obtained, one slice was chosen for evaluation purposes.
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4.4. Results

Results of this study are presented in two main parts: 1) single source RBEy
distribution, and 2) RBEy evaluation for a typical HDR prostate plan. The RBEy of %I
relative to **?Ir was determined to be 1.558 (+/- 0.002) (Figure 4.2). The single source
RBEy distribution is shown in Figure 4.3 below. RBEy of **°I, °Ir, and '*°Yb at 8 cm
away from the source was 0.994 (+/-0.002), 1.030 (+/-0.003), and 1.066 (+/-0.008),
respectively. For both figures 4.2 and 4.3, the RBEy is shown perpendicular to the
longitudinal axis of each brachytherapy source. Electron and photon energy fluence
spectra at the source position (x = 0 cm) and the periphery (x = 8 cm) are shown in
Figure 4.4. In order to compare sources, the axes in Figure 4.4 were kept constant;
thus, the larger low energy component at the source position of *?| is not visible. The
125 mean electron energy for the source position was 28.5 keV; at the periphery (8 cm
away) this increased to 28.7 keV. In Figure 4.5, the treatment plan re-evaluated in terms
of RBEy is shown. The electron fluence (Fig. 4.5A) and corresponding RBEy
distribution (Fig. 4.5B) for a single slice bisecting the PTV, respectively, are shown. It
was observed that RBEy increased by up to 3.6% (relative to **Ir source) in the

peripheral regions of the scoring volume.
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Figure 4.2: RBEy shown for I when Ir (at x = 0 cm) was used as the reference
radiation. Error bars are representative of the standard error of the mean RBEy

calculated using multiple (n = 5) simulations with different starting seed numbers.
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Figure 4.3: RBEy as a function of distance from the source (x = 0 cm). Data for three
sources are shown above, | (blue), **Ir (red), and **°Yb (yellow). For each source,
the electron fluence present in the voxel at position, x, was used as the test radiation,
and the electron fluence at the position x = 0 cm (source) was used as the reference
radiation. Error bars are representative of the standard error of the mean RBEy, at each
position calculated using multiple (n = 5) simulations, each with different initial seed

numbers.
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periphery (8 cm away) this increased to 28.7 keV.
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Figure 4.5: (A) The resulting ***Ir HDR prostate treatment plan’s electron fluence in a
slice bisecting the PTV. Bright spots indicate a high number of electrons present
(maximum of 5x10%) while dark spots indicate few or no electrons. (B) Single slice
RBEw distribution calculated using the electron fluence shown in Figure 5A. RBEw
values of 1.00 represent no change relative to the source position; RBEy of 1.036
represents a 3.6% increase. A projection of the 2-dimsional RBEy distribution is shown

in the X-Y plane.

4.5. Discussion

As discussed in the introduction, there is significant disagreement among previous
studies regarding the RBE of the three radioactive sources analyzed. Table 4.1

summarizes the results found in literature. For %,

values range from 1.0 to 2.4
depending on the dose, dose rate, and choice of reference radiation. In our study, RBE
under low dose conditions was examined in order to evaluate potential impact on
organs at risk (OAR) in brachytherapy. In order to validate our work against previously
published literature, the RBEy of *°I was determined with **?Ir as the reference
radiation (Figure 4.3).8485117113 Hering®® irradiated Vicia faba with both *?°I and **°Ir
and determined an RBE of 1.5, consistent with the 1.558 RBEy determined in our study.
Kwan et al.®* determined **°I RBE of 1.6 and 1.8 when *'Cs and 4 MeV x rays were
used as the reference radiation, respectively. In that study, RBE was determined

experimentally; human lymphocytes were used as the biological medium and the results

were reported at 100 cGy absorbed dose (low dose conditions). Given that the *’Cs x-
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ray energy spectrum extends to higher energies than the **?Ir spectrum, our reported
RBEw of 1.558 seems to be consistent with their results. In another study, Lehnert et
al.'** determined an RBE of 1.4 — 1.5 for | relative to ®°Co. In their work, RIF-1 mouse
tumors were irradiated by temporarily implanting a **I source or using ®*Co gamma
rays. Accounting for the difference between RBE and RBEy (recall that RBEy is the
maximum RBE observed at the low dose limit), the results determined in our study

using Monte Carlo are consistent with their experimentally determined RBE.

Currently, the prevalence of RBE-weighting in the treatment planning process is not
ubiquitous despite numerous suggestions in literature,?*7:78:88:89.101,103,114-123 cqantrary to
previous works, this study sought to determine how RBE changed as a function of
distance from the source and the resulting impact on a treatment plan. Figure 4.3
presents the results for *#1, **?Ir, and '*°Yb. First, RBEy of **°| was found to decrease
slightly as distance from the source increased. At a distance of 8 cm away from the
source position, the RBEy decreased to 0.994. Essentially, the electrons present in the
2 mm?® local volume 8 cm away were 0.6% less biologically effective at cell killing. This
slight decrease was observed in Figure 4.2 as well (**l relative to **?Ir). This decrease,
while minute, is an interesting observation. It is most likely caused by attenuation of a
small number of very low energy gamma rays close to the source. This difference can

also be seen when comparing the mean electron energies at the two positions (27.5

keV at source, 27.8 keV at the periphery).

In contradiction to **°I, the RBEy of *Ir and '**Yb was found to increase with
distance away from the source by approximately 3% and 7%, respectively, at 8 cm

(Figure 4.3). In Figure 4.6, the photon interaction cross sections are shown in water.*?*
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In the energy range of photons emitted by **°I, the likelihood of incoherent (Compton)
scattering and the photoelectric effect are equivalent. However, for **°Yb and *Ir
(0.093 MeV and 0.38 MeV, respectively), it is clear that the Compton effect dominates,

and the photoelectric effect probability decreases by several orders of magnitude.

102§ — ——

=—===|ncoh. Sc.
Photoelec.
Total Att.

—_
o
o

Cross Section (cng'1)
=)
N

—
S
B

125| '192|r

1 69Yb .

107 ‘ — —
1072 107" 10°
Photon Energy (MeV)
Figure 4.6: Photon interaction cross sections in water obtained from the NIST XCOM

database.’® The average energy of the three radioisotopes examined is highlighted.

Pair production not shown due to zero probability at the energy range shown.

This supports the explanation for why RBEy increases in '®°Yb and *%r yet
decreases slightly in **°| as a function of distance from the source. For the two higher

energy sources, the increased likelihood of the Compton effect results in increased
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scattered radiation further away from the source. Given the fact that scattered radiation
is lower in energy and has higher LET, the increased RBEy is to be expected. This
effect is not observed in '*I because the likelihood of secondary photons being
produced and reaching those distant voxels is significantly less. In order to corroborate
this explanation, the electron and photon energy fluence spectra were obtained for all
three sources at both the source position and at 8 cm away. As shown in Figure 4.4,
both **°Yb and *?Ir exhibit an increase in low energy photons and electrons, whereas
this is not seen in the case of *?°l. This can be explained by the greater probability of the
photoelectric effect occurring, which results in the production of electrons that would
only travel short distances in water (< 0.25 pm).*® It is also important to note that RBEy,
increase exhibited by '®°Yb at the periphery (1.066) was greater than that of **r
(1.030). While '®°Yb has been reported to have a higher relative biological

8126127 compared to '%AIr, the greater increase in RBEy exhibited at the

effectiveness®
periphery was unexpected. This result may be caused by the fact that the **Yb source
has a more extensive lower energy component in comparison to **’Ir, as shown in

Figures 4.1 and 4.4.

The second part of this study involved examining the potential impact of this
distance-based RBE variation on a prostate treatment plan. In Figure 4.5B, RBEy
distribution for a single slice bisecting the PTV is shown; the electron fluence for the
same slice is shown in Figure 4.5A. This is a relatively nominal change in RBEy (+3.6%)
and was most probably caused by the increased scattered radiation present in the
distant voxels due to the high amount of lower energy scattered Compton photons

which in turn emitted lower energy electrons. It is also important to note that this
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nominal increase only occurred in the low-dose regions, further reducing its

significance.

The results indicate that RBEy changes primarily occur in the low-dose region. The
magnitude of increases are most likely not clinically significant. Rava et al.®® conducted
a study in which electronic brachytherapy (EBT) was compared to *Ir brachytherapy
using the concept of biologically equivalent dose. In their study, treatment plans were
created for endometrial cancer patients using PLATO treatment planning software and
then evaluated using physical dose and biologically equivalent dose (BED). By
accounting for the low energy photons present in EBT using BED, they were able to
achieve a decrease in bladder and rectal toxicity. Our study went one step further

(examining RBE) with an **Ir plan for prostate cancer.

There were several sources of uncertainty in this study. It is important to note that
the RBEy trends observed in this study are limited to V79 Chinese hamster cells.®’
Different cell lines would theoretically have a different gamma parameter, causing the
calculated «/f and resulting RBEy values to be different. Also, the technique is mainly
valid at the low-dose limit (Section 4.3.3), although the general conclusions of the study
should not be affected. The rationale for use in this study was potential organs at risk in
brachytherapy are usually found outside of the high-dose regions. In Figures 4.2 and
4.3, the error bars represent the standard error on RBEy values at each position
calculated from multiple (n = 5) Monte Carlo simulations with different starting seed
values for each iteration. As distance from the source increased, the uncertainty
increased due to a reduction in the fluence of both photons and electrons due to

attenuation in water.'?*

79



4.6. Conclusion

In this study, the nature of RBEy was examined for *?°I, **?Ir, and **°Yb as well as for
a clinically utilized prostate treatment plan. Monte Carlo simulations were used to
determine the electron energy fluence spectra produced at various positions around the
source. Using this energy fluence and microdosimetric techniques, the RBEy, at various
positions was obtained. It was found that the RBEy of **°| relative to **Ir was 1.558,
consistent with previous works. The change in RBEy as a function of distance from the
source was also examined. RBEy, for **°I was found to decrease slightly to a value of
0.994 while it increased to approximately 1.030 and 1.066 for '’Ir and °Yb,
respectively. The high dose rate **?Ir prostate treatment plan was found to exhibit RBE,
hot spots of +3.6%. To the best of our knowledge, these observations have not
previously been reported in the literature. Future studies should include similar clinical

treatment plan investigations for lower energy sources such as '®*Pd and **I.
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5. Quantifying the Impact of Lead Doping on Plastic
Scintillator Response to Radiation

This Chapter is based on an original article which has been accepted for publication as:
H. Nusrat, G. Pang, S.B. Ahmad, B. Keller, A. Sarfehnia

“Quantifying the impact of lead doping on plastic scintillator response to radiation”.
(2019)

Medical Physics, [IN PRESS], DOI: 10.1002/mp.13691

5.1. Abstract

Purpose: Through the addition of high-Z dopants, the sensitivity of plastic scintillators to
low-energy radiation can be increased. This study quantifies this change in sensitivity as
a function of dopant concentration. Methods: Measurements were conducted using four
different lead doped scintillators (0%, 1%, 1.5%, 5% Pb) in high energy electrons (6 to
15 MeV) and low energy photon (100 to 300 kVp) radiation fields. High-energy

irradiations were done using a clinical linear accelerator, low energy irradiations were
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done using an orthovoltage unit. Light emitted by the scintillator was quantified using a
photosensor module. The experimental set-up was replicated in Geant4.10.3 Monte
Carlo and scintillator parameters (Quenching parameter: kB and the light yield: Lo) were
varied until agreement between measured and simulated results was reached.
Monoenergetic electrons were used to simulate the high energy electron beam while a
spectrum generated using SpekCalc® software was used in the low energy simulations.
Light produced by the scintillator was quantified using a flux scorer sensitive only to
photons in the visible wavelength range. In order to compare measured and simulated
results, the light produced by the scintillator was normalized to the absorbed dose to
water at the point of measurement. Results: At high lead dopant concentrations, the
scintillator’s sensitivity to the 100 kVp beam increased by 474% relative to the 15 MeV
electron beam; the scintillator’'s kB parameter increased from 0.126 mm/MeV to 0.27
mm/MeV. A model quantifying the change in kB and Ly as a function of Z¢+ was derived;
presenting a modified Birks’ Law for metal doped plastic scintillators. Conclusion: The
impact of high-Z doping on plastic scintillator response was quantified; this can allow for

the controlled induction of energy dependence in plastic scintillator detectors.

Keywords: scintillators, quenching, high-Z doping

5.2. Introduction

The popularity of plastic scintillators in radiation dosimetry has increased
significantly in the recent past. Plastic scintillators, also referred to as organic

scintillators, consist of one or multiple fluors dissolved in a hydrocarbon base. As
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particles of ionizing radiation traverse the plastic scintillator, they will experience energy
loss; this energy then flows via non-radiative dipole-dipole interactions (Forster transfer)
to an organic benzene ring-based molecule. The excitation and subsequent de-
excitation of the organic molecule will result in the emission of an ultraviolet photon
which is absorbed by a wavelength shifting phosphor. The excited phosphor molecule
undergoes a Stokes’ shift emission event, releasing a photon in the visible wavelength

range.

Numerous studies have demonstrated that plastic scintillators are excellent
detectors for use in clinical radiation dosimetry.'*! Several factors contribute to their
suitability. These include: 1) water equivalence, 2) linearity, and 3) fast response. The
first study to examine the feasibility of plastic scintillator use in clinical radiotherapy was
conducted by Beddar et al (1992),°**% who proposed a novel detector design which
comprised of a plastic scintillator coupled to a fiber optic cable which terminated at a
photomultiplier tube. This study also attempted to quantify the impact of Cherenkov light
produced, and its effect on the scintillator’'s signal. Since this work by Beddar et al.,

many different detector designs have been proposed.

When the response of plastic scintillators to high linear energy transfer (LET)
radiation was examined, it was found that the amount of light produced was significantly
less than predicted. Plastic scintillators were found to exhibit a definite ‘quenching’
effect when irradiated with high LET radiation such as protons, negative pions, low
energy photons, and low energy electrons.’®®'* This effect, formally known as
‘ionization quenching’, was first discovered by Birks in 1951 has since been studied in

depth for various radiation beams.*> The contemporary explanation for ionization
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guenching physics is that high LET particles cause the production of reactive molecules
which allow for energy to be dissipated, reducing the amount of energy expended

through light emission.**

The response of a plastic scintillator can be modelled by the equation,

dL _d

dx
—=Lo—— 7= (5.1)
a 1+kl (Zx)

In this equation, referred to as Birks’ Law, ‘dL/dx’ represents the light intensity (or
the number of visible wavelength photons) emitted by the scintillator per unit length, ‘Lo’
is the light yield per unit energy, ‘dE/dx’ is the scintillator’s collisional stopping power,
and ‘kB’ is the quenching parameter. According to Birks’ Law, linearity between
radiation energy deposited and light emitted by the scintillator is preserved until the
collisional stopping power reaches a threshold value. Once the value of collisional
stopping power increases enough, linearity is lost and the quenching (represented by

the factor ‘kB’) becomes significant. In the case of electrons, the increased stopping

power at lower electron energies does correspond to greater quenching effects.

The electron energy threshold at which this quenching effect begins to
materialize has been widely disputed in the literature. Williamson et al. (1999),'*3
conducted a study with the aim of deducing the actual threshold below which quenching
occurs. In this study, a plastic scintillator was exposed to various low energy photons
and it was found that the relationship between energy deposited and scintillator
response exhibited linearity at energies greater than 125 keV. However, the results

obtained by Williamson et al., could not be replicated numerically using the unimolecular

84



model of scintillator light production. Prior to this work, various studies argued the

existence of different thresholds, reaching down to 20 keV.**

In order to enhance quenched scintillator response at lower energies (and high
LETs), high-Z doping can be used.*®%48 By doping with high-Z elements, the
radiation interaction cross-section is changed, allowing the non-radiative energy
dispersion (quenching) discussed previously to be compensated against through
increased occurrence of the photoelectric effect. Additionally, the presence of high-Z
elements increases the production of secondary electrons which act antagonistically to
the quenching process. This means that the increase in light production due to the
creation of increased secondary electrons compensates for the light reduction due to
guenching. Due to the photoelectric effect dominating the photon interactions at low
energies, and the strong dependence of photoelectric interaction cross-section on
effective Z of the medium, even the addition of a small amount of high-Z dopants

significantly increases low energy radiation sensitivity.

Previous works examining high-Z doped plastic scintillators have been limited.
Hyman et al. (1958),"*° examined the feasibility of various production methods for lead-
loaded plastic scintillators. In this pioneering study, it was suggested that high-Z doped
scintillators would have applications in the detection of low energy x-ray and gamma

radiation, as well as thermal neutron detection. Tsou (1965)*°

conducted a study in
which the methodology for the production of high-Z doped organic (plastic) scintillators
was examined. This work determined that high-Z doping increased the sensitivity to low

energy photons, although self-absorption due to doping increased. More recently,

Britvich et al. (2000)*>!, also explored optimal methods of producing doped plastic
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scintillators. In this work, the effect of dopant type on the emission wavelength and

scintillator decay time was examined.

Thus far, a quantitative analysis examining the impact of different dopant
concentrations on scintillator response at different energies has not been conducted. In
order to further the use of high-Z doped plastic scintillators, it is imperative that accurate
values of kB and Lo, the quenching parameter and the light yield seen in Birks’ Law
(Equation 5.1), be determined. In this study, the response of four different
concentrations of lead-doped plastic scintillators was studied in order to systematically
guantify the impact of high-Z doping. A modified Birks’ Law is presented which can
accurately model the scintillator response of high-Z doped plastic scintillators for a wide

range of energies.

5.3. Materials and Methods

5.3.1. Overall methodology

In this work, response is defined as the amount of light emitted by the scintillator
per unit absorbed dose-to-water. Differently doped scintillators were used to
experimentally measure the response to radiation beams of various energies. A Monte
Carlo simulation was used to accurately simulate the radiation beams and the
experimental setup, and the scintillator response was numerically determined. The
Birks’ Law parameters (kB and Ly) were varied until the measured and simulated

scintillator responses matched, thus revealing the impact of lead-doping on plastic
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scintillator response. For the purposes of this study, ‘low energy’ refers to electron

energies less than 100 keV at the point of measurement.

5.3.2. Measurements

Four different commercially available lead doped plastic scintillators were used.
These included an undoped scintillator (0% Pb; EJ200) as well as 1% Pb, 1.5% Pb, and
5% Pb doped (EJ256) scintillators. These scintillators were purchased from Eljen
Technology (Sweetwater, TX). Additionally, to ensure reproducibility, consistency, and
robustness, lead-doped scintillators were also purchased from a different manufacturer
and subjected to the same measurements. These included 0% (BC408), 1%, and 5%

Pb-doped (BC-452) scintillators purchased from Saint-Gobain (Hiram, OH).

For the measurements, in order to collect the light produced by these scintillators
(emission wavelength centered primarily on 440 nm), a flat-cleave optical fiber was
coupled to the scintillator using a custom-built detector apparatus (Figure 5.1A).
Through this detector apparatus, each scintillator (cylinders of 5 mm height and
diameter) was directly coupled to the fiber one at a time. The detector apparatus was
composed of polyether ether ketone (PEEK), surrounded by virtual water (20 x 20 x 20
cm). The virtual water cap allowed for insertion into a clinically utilized slab of virtual
water, facilitating radiation beam measurements to be done at 1.5 cm depth in water.
The optical fiber was then coupled to the Hamamatsu H10721 photosensor module
(operated at a constant gain of 5x10°) and the charge produced during scintillator

irradiation (250 cGy) was collected using an electrometer.
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In the measurements, 250 Monitor Units were delivered by each machine and
absorbed dose-to-water was calculated. The AAPM Task Group 51 and Task Group 61
were used for reference dosimetry in high energy electron and orthovoltage beams,
respectively.’*?>*>® Orthovoltage x-ray measurements were conducted using an open
cone (10 cm diameter) at a source to surface distance (SSD) of 30 cm (Figure 5.1B).
The electron beam measurements were conducted using a 10x10 cm? beam at an SSD

of 100 cm.

Optical Fiber
(flat cleave)

Virtual water cap

Plastic
EEK cap Scint

Figure 5.1: (A) Specialized detector housing (shown in grey). This allowed for the
scintillator to be coupled to the flat-cleaved optical fiber for light collection. The virtual
water cap (shown left) allows for insertion into clinically used virtual water slabs. The
coin is shown for scale and has a diameter of 18.03 mm. (B) Measurement set-up in
the Orthovoltage x-ray unit; the scintillator detector was placed at a depth of 1.5 cm in

water.
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Various radiation beams were used to irradiate the scintillators. The goal was to
utilize high and low energy radiation beams, which would allow for the observation of
guenching and how it was impacted by lead-doping in both energy ranges. The
radiation beams used in this work were: 6, 9, 12, and 15 MeV electrons, as well as 100,
180, 250, and 300 kVp x rays. At the higher energies, electron beams were used
instead of photon beams due to the relatively sharp spectra of a clinical electron beam,
allowing for simpler beam matching, and more accurate modelling in the Monte Carlo
step that followed. The high energy electron beams were produced using an Elekta
Synergy clinical linear accelerator (Elekta AB, Stockholm, Sweden); the kVp x rays were
produced using a Gulmay® D3000 Orthovoltage Unit (Surrey, UK). During
measurements, it was ensured that the room lights were turned off and any optical
interference or noise was minimized. Irradiations were repeated for each scintillator and
beam to quantify measurement uncertainty (n=5); measurements were repeated on
different days and using the scintillators from the two different manufacturers to ensure
experimental reproducibility. The lowest energy beam used (100 kVp x rays)
corresponded to the estimated scintillator quenching threshold described in the

literature. #3144

Cherenkov light produced in the optical fiber during the irradiation events was
also quantified and subtracted. In order to determine the magnitude of the Cherenkov
light signal for each beam, the enclosed detector apparatus without the scintillator (i.e.
fiber only) was placed in the beam and the response was measured. The amount of
Cherenkov light produced was 5.6% of the undoped scintillator light for the 15 MeV

electron beam, and 0.19% of the 300 kVp orthovoltage beam. The 100 and 180 kVp
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orthovoltage beams did not produce electrons with energies greater than the Cherenkov

production threshold for the optical fiber used.

Absorbed dose to water was determined by the AAPM TG-51 and TG-61 reports
for electron and orthovoltage beams, respectively.®®*'*® 250 Monitor Units were

delivered in all machines and the corresponding absorbed doses were calculated.

5.3.3. Monte Carlo simulation

Monte Carlo simulations were used to replicate the measurement conditions
described. Geant4.10.3'%®, a Monte Carlo tool-kit, was used to simulate radiation

transport through the scintillator and the surrounding materials (water, PEEK).

To model the electron beams generated by the linear accelerator, monoenergetic
electrons were used in the simulation. In order to determine the x-ray spectrum to input
into the simulation, the SpekCalc® software package was used to determine the x-ray
spectra given the tube voltage and filtration conditions.** In the simulation, the low
energy physics list (EMStandardPhysics_Option4) was used. The electron, positron,
and photon range cut-off was set to 100 nm; this was equivalent to an electron energy
cut-off threshold of approximately 100 eV. The physics processes used in the simulation
were validated against published literature: scintillation physics processes were

154 and electron

validated using the scintillator response shown by Beddar et al. (2009),
transport was validated against data from Rogers and Bielajew (1986).*° The
SpekCalc® generated orthovoltage spectra were validated against measured depth

dose-curves in water.
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In order to numerically evaluate scintillator response, the optical physics package
in Geant4 was enabled and Birks’ Law was used to determine the total number of
scintillation photons produced by the scintillator due to irradiation by a particular beam.
The optical physics package'’® in Geant4 allows for modelling visible photon transport
and production via scintillation and Cherenkov processes. The optical physics package
allows for modelling of scintillator light production using Birks’ Law; photons are
calculated per G4Step and correspond to the electron’s stopping power and energy
deposited.**® Scintillation photons were counted using a command-based flux
scorer surrounding the scintillating volume. Simulations were run for 10 initial particle
histories, corresponding to a dose (to water) uncertainty of 0.05%, and a scintillator light
uncertainty of 0.10%. During each simulation, the electron energy spectrum within each
scintillator was also scored. For each beam, the energy spectrum of electrons produced

was used to obtain the mean electron energy at the point of measurement.

Scintillator responses were also presented as a function of collisional stopping
power. Values were obtained by matching the mean electron energy to its

corresponding stopping power using the NIST ESTAR database®’; this method has

been previously described by Granville and Sawakuchi.*®

5.3.4. Scintillator Response Analysis

To compare simulation to measurements, the amount of scintillator light
produced was normalized to absorbed dose in all cases. This removed the impact of

factors such as output variations, irradiation time, and initial humber of simulated
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particles in the comparison. In the simulation, the experimental conditions described in
Section 5.3.2 were replicated. In order to connect the measured and simulated
responses, dose to water in the simulation at the point of measurement was obtained by
converting all non-water heterogeneities to water material. It is important to note that the
two simulations (scintillator assembly and water only) were run using the same physics
processes and the same number of primary particles. Mean electron energies were
obtained by collecting the electron energy fluence spectra at the volume of the
scintillator using Geant4d Monte Carlo and calculating weighted averages. Mean
collisional stopping powers were obtained using the same technique after converting

spectra from electron energy to collisional stopping power as described in Section 5.3.3.

In order to quantify the impact of inorganic high-Z doping on the response of
plastic scintillators, an equation was obtained by curve fitting the kB and Lo data

(Equations 5.2 and 5.3).

5.4. Results

5.4.1. Lead Doping and Measured Response

An analysis of the uncertainties associated with the measurement results is
shown in Table 5.1. Given the scintillator responses were normalized against absorbed
dose at the point of measurement, the overall uncertainties include scintillator and
machine output dependent factors which were added in quadrature assuming all
uncertainty sources are independent of one another. Table 5.1 is divided into two

sections: 1) uncertainties associated with the scintillator measurement and, 2)
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uncertainties associated with machine output variation. In the scintillator measurement
section, the ‘standard error of the mean’ and the ‘Cherenkov effect’ were determined
through repeat measurements (n=5). The ‘standard error of the mean’ of measurements
includes all uncertainties associated with imperfect and varying contact between the
scintillator and the optical fiber as well as any potential photodetector response
variation. Uncertainties due to manufacturing variation were estimated based on the
measurements from the scintillators purchased from two different manufacturers (further
explained in Section 5.3.2); company variations were found to be minimal (Manufacturer
variation in Table 5.1). Regarding positioning setup uncertainties, there was no
statistically significant uncertainty in depth for the scintillators because of the use of a
solid piece of virtual water phantom for this purpose. The uncertainties on machine
output variation for linac and orthovoltage measurements were estimated using data
from AAPM’s TG-51 and its addendum, as well as TG-61 Protocols

rE‘Spectively_152,159,160

Table 5.1 uses identical notations/terminology for output
measurement as those from the task groups. In the uncertainty analysis, the ‘standard
error of mean’, ‘Cherenkov effect’, ‘manufacturer variation’, and ‘measurement

reproducibility’ were type A uncertainties (determined through repeated measurements),

whereas all other uncertainties listed were type B.**!
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Table 5.1: Measurement Uncertainty Analysis. In the ‘Output Measurement’ section of
the uncertainty analysis, * is used to reference the TG-51 protocol**?,*° while ** is
used to reference the TG-61 protocol.*®® All uncertainty components given as relative

standard deviations (k = 1).

Linac Orthovoltage
Electrons (%)
(%)
Scintillator Measurement
Reproducibility of_SC|nt|IIator 0.048 0.45
Measurement (n = 5)
Cherenkov effect 0.071 0.28
Manufacturer variation 0.20 0.56
Positioning Setup
SSD variation 0.39 1.3
Lateral variation 0.3 0.3
In-phantom depth 0 0
Output Measurement
Measurement reproducibility 0.31 0.42
Other
Ptp, Pp0|, Pion (VVater*) 0.35
Pto, Ppol, Pion, Pstem (ir**) 1.0
Calibration factor 0.5
Np w* 0.4
Nk**
Effect of beam quality 0.2 2.0
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difference between
calibration and
measurement

Ke| cal* 1.3
Bw (Hen/p)**

2.2

Positioning 0.49

1.8

Output variation between 0.2
measurements ]

0.3

Combined Uncertainty (k=1) 1.7

4.0
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Figure 5.2: Measured scintillator response. The light signal as read by PMT (charge,
nC) normalized to absorbed dose to water at point of measurement (at 1.5 cm depth for
each respective beam). Response is shown as a function of mean collisional stopping

power determined using the NIST ESTAR database.'® The subplot is showing an
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enlarged representation of the response to low stopping power (electron beam)
radiation at the point where the impact of doping becomes insignificant. The mean
collisional stopping power shown on the x-axis was obtained as explained in Section

5.3.3.

In figures 5.2 and 5.4, the error bars represent the total uncertainty on the
measured dose-normalized scintillator response (Table 5.1). In Figure 5.2, the dose-
normalized scintillator response is shown as a function of mean collisional stopping
power. The light generated by each scintillator for various energies was normalized to
absorbed dose to water at the scintillator’s position (1.5 cm depth in water). With mean
electron collisional stopping powers less than 3.15 MeV/cm, the increased doping
concentration resulted in a decreased signal while at greater mean electron collisional

stopping powers, the opposite was observed.

5.4.2. Birks’ Law Parameter Optimization

The scintillator dependent parameters of Birks’ Law were optimized in the Monte
Carlo simulation until simulated and measured responses agreed (Figure 5.3). The light
yield (Lo) values for the 0%, 1.5% Pb-doped, and the 5.0% Pb-doped scintillators were
previously published by the manufacturer (Elien Technologies).®® The measured values
of Lo were determined using the methods traditionally used for absolute light yield
determination as described by de Haas et al., 2004.®* The 1.0% Pb-doped light yield

was determined using linear interpolation (Figure 5.3) due to the relatively linear
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relationship between doping concentration and scintillator transparency. Thus, a relation
between L, and the effective atomic number (Ze) based on the four differently doped

scintillators used was determined,
Lo(Zes) = —1173.1(Z,5¢]| + 16041. (5.2)

Equation 5.3 represents the relation which was obtained by optimizing the Birks’
guenching parameter (kB) for the four experimentally tested differently doped plastic
scintillators. In this equation, the effective atomic number (Z¢x) is the average atomic
number of the scintillator compound. The kB values presented are the Geant4
simulation parameters optimized to yield closest agreement between simulated and
measured scintillator responses. Once again, lead doped scintillators were obtained
from two different companies, ensuring that measured responses were accurate and
company variations between scintillators was minimal (‘Manufacturer variation’ in Table
5.1). It is important to note that the Birks’ parameter was not varied as a function of
energy, only as a function of doping concentration. Equations 5.2 and 5.3 are valid for
Zes Values ranging from 5.5 to 10. The optimal kB and L values used to determine the

Zsdependence are shown in Figure 5.3. This is further explained in the discussion.

—0.00944(Z, ] + 0.4578Z,s7] — 2.103
Zess — 4344
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Figure 5.3: Optimal kB values that result in agreement between Monte Carlo
scintillation and measurement results. The scintillator light yield (Ly) used in the
simulation is also shown in this figure (secondary y-axis). kB values are presented using
units of mm/MeV, while light yield is shown in photon/MeV; both sets of data are shown
as a function of the effective atomic number of each scintillator. The ‘kB Curve Fit’
values are also shown as a function of effective Z of the scintillator material; curve fitting
of the data was done using MATLAB. The corresponding lead doping percentages are

shown below the x-axis.
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Figure 5.4: Measured response of the differently lead-doped scintillators to mean
energy of electrons in the scintillator volume. For each scintillator, its response at a
given energy is normalized to its response to the 15 MeV electron beam (average
electron energy at 1.5 cm was approximately 8 MeV). Measured results are shown as
solid lines, while simulated results use dotted lines. All measured data shown was
obtained using the scintillators obtained from Eljen Tech., although two different

manufacturers were tested to ensure reproducibility (Section 5.3.2).
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In Figure 5.4, all scintillator responses were normalized to the response at 15
MeV. This allowed for clarity in observing the response enhancement at lower energies.
It is important to reiterate that the quantity ‘scintillator response’ refers to the visible light
produced by the scintillator normalized to the absorbed dose to water at the point of
measurement (i.e., with the detector being replaced by water). In this figure, the
measured and simulated responses of the four different lead doped scintillators
examined are presented. As explained in Section 5.3.4, the x-axis corresponds to the
mean energy of electrons present at the scintillator under each beam. The y-axis
corresponds to the light signal normalized to the absorbed dose-to-water at the volume
of measurement for each scintillator. Figure 5.4 also demonstrates the results of the
Monte Carlo modelling of doped scintillator response with optimized parameters

discussed in Figure 5.3.

5.5. Discussion

The findings of this study quantify the increased sensitivity of high-Z doped
plastic scintillators to lower energy x rays and electrons. As shown in Figures 5.2 and
5.4, exposure to lower energy x rays caused the amount of light produced by the lead-

doped scintillators to be greater.

The results shown in Figure 5.2 demonstrate the scintillator's response to the
high energy electron and orthovoltage x-ray beams. The responses shown are the
photodetector charge collected (nC) normalized to absorbed dose to water at the

effective point of measurement. While the 5% lead doped scintillator exhibited a
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significant increase in light emission at the lower energies, the response to the higher
energy (>1 MeV) radiation beams was reduced relative to the undoped case. This
observation may be explained by the fact that the addition of lead reduces the
transparency of the scintillator, increasing self-absorption. The subplot in Figure 5.2
shows the point at which the impact of lead on scintillator response becomes
insignificant (high energy, low LET radiation). This occurs at approximately 3.1 MeV/cm.
In Figure 5.4, the response of each scintillator was normalized to its own response at
the highest energy (15 MeV). This higher energy normalization was done to be able to
interpret the impact of doping with increased clarity. At higher electron energies, the
collisional stopping power does not change significantly.*?®> As shown in Figures 5.2 and
5.3, this translates to a relatively constant scintillator response due to the stopping

power dependence of Birks’ Law.

As shown in Figure 5.4, the impact of lead doping increased the low energy
sensitivity of the scintillator significantly. When the undoped scintillator is considered,
the use of lower energy radiation resulted in a reduction in response; the response
produced at 100 kVp was only 37% of the 15 MeV response. Measurements with the
lead doped scintillators demonstrated the opposite. In the 1.0% Pb doped scintillator,
the 100 kVp response was 141% of the 15 MeV response. Similarly, a 195% and a
474% increase were seen when comparing 100 kVp to 15 MeV for the 1.5% and the
5.0% Pb-doped scintillators, respectively. The reduction in response observed in the
undoped scintillator occurred due to scintillator quenching. At lower energies, not all

molecular excitations resulted in the emission of a visible photon. By adding lead, the
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probability of the photoelectric effect increased which resulted in an increase in energy

absorbed in the scintillator.

The results of the simulated scintillator responses are shown in Figure 5.4. Using
Geant4.10.3, each unigue scintillator was modelled and irradiated with a replica of the
beams used experimentally. Birks’ law was used by the software in order to predict the
number of photons emitted; in order to achieve agreement between the measured and
simulated responses, the Birks constant, kB, was varied (Figure 5.3). As doping
concentration increased, the observed trend was that the value of kB also increased. As
seen in Figure 5.3, this increase was rapid between 0 and 1.0% Pb doping and

saturated at higher doping concentrations (5.0% doping; Zes= 9.4).

It is important to comment on the universality of equations 5.2 and 5.3. Although
the measurements and data presented has been collected for lead doping, generalizing
the function of effective Z should be possible and accurate because it is the higher
atomic number of the dopant which causes the change in response, nothing that is
limited to lead only. The presence of lead within the scintillator volume causes a shift in
the radiation interaction cross sections towards the photoelectric effect. The magnitude
of this phenomena increases monotonically as the dopant’s atomic number increases.
The proposed bounds on equations 5.2 and 5.3 are Ze; ranging from 5.5 to 10. Organic
scintillating materials with an effective atomic number less than 5.575 do not exist.'*
Similarly, while doping the scintillator to very high concentrations is theoretically

possible, the increased amounts of dopants would render the scintillator useless due to

diminished transparency.
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The largest deviation between the measurement and simulation occurred in the
response of the 5.0% Pb-doped scintillator. Measured results indicated that the
response to 100 kVp x rays was slightly greater (+11%) than the response to 180 kV x
rays (Figure 5.4). However, the simulation found that the 180 kVp x rays caused a
slightly greater response (approximately 4%) when compared to the 100 kVp x rays.
From measurements, it was expected that the difference in response for these two
energies would be minimal. This difference may be due to uncertainties with the 100
kVp x-ray spectrum generated using SpekCalc®. Any minute deviations from the
Orthovoltage machine’s ‘true’ beam spectrum would most likely have a detectable
impact at the lowest energy (100 kVp) and highest doping concentration (5% Pb). It is
also important to note that in this work, kB, was not varied as a function of energy.
Although kB has been shown to be energy dependent, its significance above an energy
of 100 keV has been proven negligible.'®> Another possible cause for this discrepancy is
the large size of the scintillator volume. As discussed in the Methods section, each
scintillator is a cylinder measuring 5 mm in height and 5 mm in diameter. At lower
energies and increased doping concentrations, volume averaging effects play a greater
role. Reproducibility was ensured by conducting measurements from two different
scintillator manufacturers (Section 5.3.2). Both sets of detectors generated light the
same light signals (0.20% variation for electrons; 0.56% variation for orthovoltage x

rays).

The body of literature discussing high-Z doped scintillators is thus far limited to
organometallic-doped scintillator synthesis studies.**®*°°%%¢ |n 1999, Britvich et al

demonstrated a novel chemistry methodology for the synthesis of organometallic doped
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plastic scintillators.™ In this work, it was demonstrated that for a given radiation beam,
increasing organometallic dopant concentration results in a decreased absolute light
output. While the base scintillator used (polystyrene) was different from the one used in
this work (polyvinyl toluene), the decrease in light yield reported is consistent with our
findings. Britvich et al reported a light yield decrease of 20% when comparing the 0%
and 5% doped scintillators whereas our findings indicate a decrease of 48%. This
discrepancy can be explained by the difference in base scintillators, dopants, and

doping methodology.

5.6. Conclusions

The goal of this study was to quantify the impact of high-Z doping on plastic
scintillator response to various radiation beams ranging from low to high energies. This
work presents the first characterization of metal doped scintillator response. By
determining equations for the quenching parameter (kB) and the light yield (Lo) as a
function of the effective atomic number, this work presents a modified Birks’ Law that is
valid for different high-Z doping concentrations over a wide energy range. By
understanding doped scintillator response, multiple differently doped scintillators can be
used to create a uniquely energy dependent detector array allowing for the unfolding of
beam spectra. This can have applications in the medical, nuclear, and space radiation
fields. Future directions include expanding the range of energies and dopants, as well

as studying the doping effect in medium LET beams.
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6. Novel Method for LET Measurement in Low
Energy Photon Beams using Doped Plastic
Scintillators: Proof of Principle

This Chapter is based on an article which is currently in preparation:
H. Nusrat, G. Pang, M. Paudel, A. Sarfehnia

“Novel method for LET measurement in low energy photon beams using doped plastic
scintillators: proof of principle”.

Medical Physics, [IN PREP]

6.1. Abstract

Purpose: With the advent of novel and more complex radiation treatment modalities,
treatment planning with absorbed dose only is resulting in sub-optimal treatment.
Accounting for biology-based quantities, such as the LET, will result in better treatment.
In order for this to occur, clinically suitable LET detectors must be developed; the
purpose of this work present a proof-of-principle for a device and technique which could

measure LET. Methods: The light signal generated by a plastic scintillator (M) is the
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product of the fluence of electrons traversing its volume (¢) and the scintillator's
‘response |. In this work, found differently doped plastic scintillators were used. Doping
allowed for each scintillator to be uniquely energy-dependent, allowing for the LET
fluence spectra to be resolved through ¢ = R~1S. Measurements were conducted on
four different x-ray beams including 100, 180, 250, and 300 kVp x-rays, as well as
Iridium-192. The response includes the light generated by the scintillator, photon
attenuation, and signal losses in the optical fiber, junction, and photodetector. In order
to increase sensitivity to high LET electrons, exponentially increasing bins in the energy
domain were chosen. Mean LET values were compared to Monte Carlo generated
electron fluence spectra. Results: For each beam, the electron LET fluence was
resolved using 4 bins. Mean LET values measured were 1.18, 1.10, 1.17, 1.12, and
0.47 keV/um for the 100, 180, 250, 300 and Iridium-192 beams, respectively. The
Monte Carlo predicted mean LET values were 1.72, 1.20, 0.99, 1.00, 0.53 keV/um for
the beams in the order previously listed. Conclusion: This method presents a new
method of LET measurement in real time; increasing the number of scintillators will

result in improved accuracy.

6.2. Introduction

Due to its inherently dangerous nature, it is important to deliver the correct
amount of radiation to patients during cancer radiotherapy. The amount to be delivered
is quantified using ‘absorbed dose’, a physics-based quantity which is equal to the

amount of radiation energy absorbed per unit mass in tissue. Complex treatment plans
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are created based on maximizing the amount of absorbed dose to the tumour while
minimizing it to healthy tissue. Additionally, most of the physics quality assurance
testing done in radiotherapy is to ensure that the planned absorbed dose is indeed
equal to the measured absorbed dose at a given point. Current clinical practice is based
upon the linear quadratic model, which predicts that absorbed dose correlates well with
cell death for the particle types and energies found in most hospitals. However, it is the
clinical outcome, not the absorbed dose distribution, which is of utmost importance. As
such, in addition to absorbed dose, considering the quality of the radiation beam and its
energy deposition along with the radiobiology may lead to better predictions of clinical

outcome.

Furthermore, the relation between absorbed dose and cell death may not hold as
strongly in more recently developed treatment modalities. For example, in particle
therapy (with medium and high LET radiation) and even in highly modulated photon
treatments, the correlation between absorbed dose and cell death has been shown to
loosen. Consider, for example, proton therapy: in order to account for the increased cell-
killing efficiency of a proton beam, a weighting factor of 1.1 is used during treatment
planning. The purpose of this weighting factor is to link proton cell death to that caused
by Cobalt-60 gamma rays; however, this weighting factor has been shown to vary
between 0.92 and 2.0 depending on the position relative to the Bragg peak.'®” Similar
examples can be found for other particle beams including carbon-ions and

23,168-

neutrons. 0 In photon therapy, recent moves towards highly modulated and

conformal treatments means an increased presence of scattered, low energy radiation.
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This, in turn has been shown to cause more cell death than predicted by absorbed dose

alone, resulting in increased out-of-field RBE.*92%°960.62.171

Typically, RBE is used to quantify the efficacy of a given type of radiation at
killing cells. It is defined as the amount of absorbed dose required to achieve a
biological endpoint (e.g. 10% cell survival) normalized to the absorbed dose required by
a reference radiation (usually 125 kVp x-rays) to reach the same endpoint. This quantity
has been shown to strongly depend on the linear energy transfer of radiation. Linear
energy transfer, or LET, is the amount of energy absorbed per unit length in tissue
along the particle’s path. As the LET increases, the frequency of energy deposition
events also increases causing irreparable DNA damage to occur. LET varies by particle
type and energy (Table 6.1), and there is a strong desire for LET-based treatment
planning, especially in the particle therapy community.?*>*"®172 |n order to accurately
incorporate LET into treatment planning, LET detectors must be available for sufficient
guality assurance protocols. While others have previously worked on LET

173,174

measurement , there is no such clinically suitable detector available on the market

today.

Table 6.1: Typical LET values for different types of radiation.*”

Radiation Type LET (keV/um)
Co-60 0.3
250 kVp x-ray 2
10 keV electron 2.3
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1 keV electron 12.3

14 MeV neutron 12

Heavy charged patrticles 100 — 200

In this work, a novel technique for resolving the electron LET spectrum. As a
proof of principle, we use a prototype detector based on the proposed technique to
measure the LET of several orthovoltage beams as well as an HDR **?Ir brachytherapy
source. In this work, the sensitive detector volume based on the plastic scintillator, an
organic material which emits visible light when ionizing radiation traverses through it.>!
Specifically, a combination of lead doped plastic scintillators were used such that each
detector had a unique energy response. The response of plastic scintillators can be

predicted using Birks’ Law,*%14°

dL a8
— =1 L, 6.1
dx 0 1+k3(%) .1

where dL/dx is the differential amount of light emitted per unit length in the scintillating
volume, Lo is the scintillation efficiency, k and B are scintillator dependent constants
which account for light quenching effects observed with high LET radiation. In the
literature, these constants are grouped together and presented as ‘kB’. The scintillator’s
response is directly dependent upon the collisional stopping power (dE/dx) of radiation
passing through it. Doping the plastic scintillator with high-Z elements causes the
photon interaction cross sections to shift, increasing the secondary electron production

within the scintillator.
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By using an array of these uniquely energy dependent detectors, the electron
LET spectra, and resulting average LET, for five low energy photon beams were
obtained in this work. In this paper, a proof-of-principle for the technique and detector

design is presented.

6.3. Materials and Methods

6.3.1. General Formalism

The signal measured from a given detector is related to: 1) the response of that
detector, and 2) the fluence of particles traversing its sensitive volume. In the case of
plastic scintillators, the charge generated by a photosensor coupled to the scintillator
surface is the measured signal, M. The response R of the plastic scintillator is predicted
by Birks’ Law (Equation 6.1), however, the overall detector response of the system
(including the scintillator, fibers, and read-out setup) also depend on factors such as
light lost in the fiber and at various junctions, as well as photon attenuation. ¢ is the

electron LET fluence in the scintillator volume caused by a given beam.

Plastic scintillators are intrinsically dependent upon the collisional stopping power
of radiation; as the stopping power increases, the amount of light produced increases
up to a saturation threshold (i.e. quenching, Equation 6.1). When considering electrons
at energies used in radiotherapy applications, the collisional stopping power is
essentially equivalent to the unrestricted linear energy transfer.>'’® Given this fact, the
response and the fluence of radiation passing through will henceforth be defined in

terms of electron linear energy transfer (LET), represented by L.. Given the notations
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introduced earlier, the relation between the measured signal, electron LET fluence, and

light production within the scintillator can thus be described by,
Lmax
M = ngg?in R(Ly) X @(Ly) dL. (6.2)

According to Equation 6.2, by integrating the product of the detector energy
response R and the electron LET fluence over the full range of electron LET spectrum
present inside the detector (where ‘min’ is minimum LET and ‘max’ is maximum LET),
yields the measured signal, M. In reality, several corrections for the photosensor light
yield, scintillator coupling efficiency, and photon to current conversions exist. However,
this method relies only on the proportionality of M to fluence and response due to the
fact the relative measured signals are used to obtain ¢@(L.). It is noteworthy that
independence from the various factors listed above lend significant strength and

robustness to this technique for spectrum resolution.

Through the measurement of only one scintillator, the LET fluence cannot be
resolved. This changes if multiple scintillators with different responses are used in
conjunction with the first, under the same beam. By using multiple differently doped

scintillators, we have the following,

max
Lo

Mi:f - Ri(Le) X @(Ly) dLo, (6.3)

Lgln
where |, represents a different uniquely doped and thus energy-dependent scintillator.
Given that the densities of all differently doped scintillators are within 5% of one

49,177

another , the LET of electrons traversing the scintillator do not change significantly,
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allowing the relative ¢(L.,) to be conserved for a given beam. It is important to note that
at this point, the formalism will be presented in a general form — this technique can be
conducted with many different detectors as long as they are uniquely energy
dependent. The resolution of the unfolded spectrum is directly related to the number of

uniquely energy dependent detectors used.

In order to extract the electron LET fluence spectrum, Equation 6.3 must be
rewritten by divided into multiple parts. The signal measured by a given scintillator is

thus,

Leo L%
Mi = ngin (p(Loo)RA(Loo) dLoo + fL<1>o (P(Loo)RA(Loo) dLoo + -+

(6.4)
L% L™
ngo_l (p(Loo)RA(Loo) dLoo + ngLo (p(Loo)RA(Loo) dLOO!

where each integral corresponds to the resulting signal within a narrow bin of LET
range. The number of bins represented by n is only limited by the number of uniquely

energy dependent detectors.

If we assume small enough bins such that the scintillator response over the bin is
relatively flat, the integration shown in equation 6.4 can be rewritten as the sum product
of fluence and average response over the LET range. As such, if the boundaries are
chosen such that the previous approximation holds, integration could be approximated

by a simple multiplication of fluence and response:
M; = (p(Lronoin ton )RA (Lro%in to n) + ..+ (P(Uoloto max)RA(L‘roloto max)_ (6.5)

Written in matrix form, this becomes,
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Ri(l%o) R; (L)

o (L)
o]

M,
l : (6.6)
M,

Rearranging for the electron LET fluence vector and assuming the response

Ry(IL)  Ru(LL)

matrix is non-singular and thus invertible,

(p(L ) R(L ) Ri(l) _1[1\111-]’

: (6.7)
<P(L ) n(L ) n(L ) M,
is obtained. Writing in shorthand form,
¢(L,) =R"'M (6.8)

where @(L,,) is the electron LET fluence, R™! is the response matrix, and M is the

measured signal.

If the detectors used have unique energy responses, the response matrix will be
invertible, and Equation 6.8 can be used in conjunction with the measured signals from
each of the four detectors to obtain the electron fluence in each LET bin. For Equation
6.8 to be valid, the invertibility of the response matrix must be ensured — this is done
through the use of differently doped detectors that have energy responses which are

sufficiently different in the LET range of interest.

Given the general formalism for LET measurement, proof of principle is shown
using four differently lead doped plastic scintillators. These were used to construct a
prototype detector, and included the following variants: 0%, 1%, 1.5%, and 5% lead

doped plastic scintillators.
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In order to increase sensitivity to the low electron energy region (i.e., high LET
region of the spectra), exponentially increasing bin sizes in the energy range were used.
For the four scintillators (A — D) and bins (1 — 4) used in this work, Equation 6.7

becomes

[Ra(I%) Ra(12) RA(13) Ra(LA)V ' (M, [T
Rp(LL) Rp(1%) Rp(L%) Re(LL) | |Ms| _ |@(L%)|
Ro(Ly) Re(L%) Re(L3,) Ro(LYE) M [o(L3) ]|
Rp(L3,) Rp(I2) Ry(L3) Rptt) 1 WMol L))

(6.9)

T o

In the following sections, each component of Equation 6.8 will be explained in
detail. Section 6.2.2 describes the plastic scintillator measurements and the radiation
beams used, and Section 6.2.3 describes the response matrix and how it was obtained.
The results obtained using this technique were compared to the LET spectra generated

using Monte Carlo Geant4; this will be described in Section 6.2.4.

6.3.2. Measurements (M)

In order to determine M in Equation 6.9, measurements were conducted with four
differently doped scintillators in five different radiotherapy photon beams. The
scintillators used were differently doped variants of the EJ256 produced by Eljen
Technologies (Sweetwater, TX). Lead doping concentrations included the 0%, 1.0%,
1.5%, and 5.0% scintillators. An in-house detector set-up was built which allowed for
scintillator measurements in virtual water at a depth of 1.5 cm from the surface (Figure
6.1A). The setup was designed such that the detector housing was composed of

polyethyl ether ketone (PEEK) to achieve water equivalence. Also, it was designed and
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constructed to be light-tight, preventing ambient light around the detector from
contributing to noise (Figure 6.1B). A 400 um multimode optical fiber purchased from
Thorlabs (Newton, NJ) was used to guide the light produced by each scintillator to a
photosensor module. The photosensor used was the Hamamatsu H10721-20 (Shizoka,
Japan) due to its superior performance in plastic scintillator measurement relative to

other detectors.*’® A photodetector gain of 5x10* was used for all measurements.

The beams tested included four different orthovoltage energies (100 kVp, 180
kVp, 250 kVp, and 300 kVp) and a Nucletron HDR %Ir brachytherapy source. These
relatively low energy beams were chosen because the electrons produced are of low to
medium LET. The orthovoltage beam (Gulmay D3000; Surrey, UK) measurements were
done using a 10 cm open diameter cone with a 30 cm source to surface distance
(Figure 6.2A). A 20 x 20 x 20 cm solid water slab was placed under the beam, and

measurements were conducted such that each irradiation delivered 250 Monitor Units.

Brachytherapy measurements were conducted using an identical set-up (Figure
6.2B). The solid water slab containing the scintillator was placed on top of 12 cm of
virtual water. During measurements, 2 Gy of radiation dose was delivered at the
scintillator’s position using an *?Ir source with an air kerma strength of 28721 (cGy
cm?)/hour. This source is of high activity and is thus used for high-dose rate (HDR)
brachytherapy. For each beam, measurements were repeated for five times along with
a non-scintillator measurement that was conducted to quantify and correct for the

Cherenkov light produced.
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For the signal measurement matrix, M, used in Equation 6.9, the scintillator light
was normalized to the absorbed dose-to-water delivered over the volume of

measurement.

Scint-Fiber

e Junction
PEEK Cap i s

Figure 6.1: (A) Scintillator measurement setup — for each measurement'’’, the
scintillators were housed in a detector covering made of polyethyl ether ketone (PEEK)
to achieve water equivalence. This unit (shown in beige) is then housed in a virtual
water cap (shown in brown, far left) which inserts into the clinical QA virtual water slabs.
Canadian dime shown for scale. (B) CAD Design for the detector head shown in the
assembled configuration. The optical fiber (shown in blue) rests against the scintillator
face; the outer virtual water surface of detector has a length of length is 6 cm, and a

diameter of 2.2 cm.

117



Figure 6.2: (A) Scintillator measurements under 4 different orthovoltage

beams. Measurements were conducted using 100, 180, 250, and 300 kVp x-
ray beams using a 30 cm source to surface distance open cone with a 10
cm diameter. (B) Scintillator measurements using the HDR **?Ir source. The
detector was placed at a depth of 1.5 cm from the surface of the virtual

water slab, and the HDR source was placed at the surface.

6.3.3. Response Matrix (R)

Scintillator response is defined as the value which yields the measured
scintillator signal when multiplied with the electron LET fluence. In reality, this quantity
must take into account the light emitted by the scintillator, light lost in the optical fiber
and at all junctions in the detector setup, photodetector response, and x-ray attenuation.
The light lost at the junctions and along the optical fiber, as well as the photodetector

response are constant for each of the four scintillators used since their visible light
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emission spectrum remains constant.*® These two factors were quantified and found to
be insignificant compared to the two major factors which dictate response: scintillator

light, and x-ray attenuation. This breakdown of ‘response’ can be seen in Equation 6.10,

; L% dL
Ri(L%) = L (Ey) X szo L. (6.10)

It is important to note that in Equation 6.10, u, (E,) refers to the linear attenuation

coefficient, dL/dx refers to the visible light emitted by the scintillator, and L, refers to the
unrestricted LET. As previously mentioned, binning was done according to exponentially
increasing electron energies. This allowed for increased sensitivity to the low energy,
high LET region of the electron spectra. The energy bin boundaries were of 0 to 0.02

MeV, 0.02 to 0.04 MeV, 0.04 to 0.09 MeV, and 0.09 MeV onwards.

The light generated by each scintillator used was determined through Birks’ Law
(Equation 6.1). When using lead doped scintillators, the modified Birks’ Law determined
by Nusrat et al,*”’ should be used to account for the Z-dependence of kB and Lo. As
seen in Equation 6.9, R is a 4 x 4 matrix, consisting of rows that correspond to the four
differently doped plastic scintillators, and columns that correspond to the four LET bins.
For the light calculation, the kB and L, values were obtained from Nusrat et al*’”’. and
the dE/dx values were obtained from the NIST ESTAR™’ database. Within each LET
bin, the visible light generated according to Birks’ Law was summated. This was done
for each of the four differently doped scintillators used in this work (0%, 1%, 1.5%, 5%

Ph).
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The linear attenuation coefficients were obtained from the scintillator
manufacturer.”® Due to lead doping, the attenuation of photons passing through the
scintillator volume changes significantly. Acting as a large, thick wall cavity, the large
variation in the photon spectrum to differential attenuation inside the scintillators had to
be accounted for. In order to improve accuracy, the attenuation coefficients were also

obtained from the NIST XCOM database.'”®

6.3.4. Monte Carlo Simulation

In order to examine the validity of the initial LET measurement results obtained
with the prototype, Monte Carlo simulations were conducted to obtain the true electron
LET spectra for each beam. This was done using Geant4.10.3.)°® To model the
orthovoltage beams accurately, SpekCalc® software was used. The resulting x-ray
spectra for each orthovoltage beam were validated by comparing Monte Carlo
generated depth dose curves to the measured machine depth dose data. For the
brachytherapy simulation, the x-ray spectra produced by an **Ir source was obtained
from the CLRP Database.'®’ In both simulations, electron energy fluence in water at the
position of the scintillator was scored using a 5 mm? scoring box. Each simulation was
run for a total of 10° particle histories; the starting seed was changed and the simulation
was repeated to obtain the uncertainty of absorbed dose. All simulated electron energy
fluences were converted to unrestricted LET fluence using the NIST ESTAR
database.’®” This technique for determining LET has previously been described by
Granville et al.®® Simulation parameters can be found in Table 6.2, as per the report by

AAPM TG268.1%
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Table 6.2: Summary of Monte Carlo parameters used. This table is based on AAPM

TG268 Report and ‘TG268 Item # refers to the required Monte Carlo item specified in

Sechopolous et al.*®

Item Name

Code, version/rel.

Description

Geant4 Version 10.3

108

2,3
date Released — Dec. 9 2016
4,17 Validation Refer to Carrier et al., 2004 Y
o Simulation time: 6 h
5 Timing
CPU: Intel Xenon; 20 Cores
e 100, 180, 250, and 300 kVp x-rays produced via 14
8 Source SpekCal
ekCalc
description ) 2p _ 107
o '¥%r x-ray spectra obtained from CLRP database
¢ Physics Package: EMStandardPhysics Option4
e PE: G4LivermorePhotoElectricModel
_ e Compton: G4LivermoreComptonModel (0-2MeV), 110
9 Cross-sections o
G4KleinNishinaModel (2 MeV)
e GK: G4PenelopeGammaConversionModel
e Rayleigh: G4RayleighScattering
¢ Physics Package: EMStandardPhysics Option4
e Multiple Scattering: G4UrbanMscModel95
Transport o L 110
10 ¢ lonization: G4PenelopelonisationModel
parameters
o Brem: G4SeltzerBergerModel
e G4Cutoff: 20 nme-, e+, y
11 VRT and/or AEIT  N/a
N Electron energy fluence using command based
12 Scored quantities

Geant4 scoring
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# of histories/ 2.2x10? histories per simulation

13,18 statistical e Absorbed dose uncertainty < 0.1% 1 cm away

uncertainty from source

o e Absorbed dose uncertainty calculated as root

Statistical . .
14 mean square of energy deposited normalized to

methods

mass
_ Conversion of electron energy fluence to unrestricted 157,158

15, 16 Post-processing

LET using NIST ESTAR database

6.4. Results

In this work, the electron LET spectra at a depth of 1.5 cm in water were resolved
using four differently doped plastic scintillators. In Figure 6.3, the theoretical light
produced by each of the four scintillator variants is shown as a function of LET, as
explained in Section 6.2.3. Figure 6.4 shows the photon attenuation data for the four
differently doped scintillators as obtained from the NIST XCOM database.'”® In Figure
6.5, each beam’s LET fluence spectrum, as determined through Monte Carlo simulation
is shown; this was used to evaluate our results based on the technique presented.
Figure 6.6 presents the spectra measured for each beam using our proposed
methodology and prototype against Monte Carlo. Table 6.3 presents the comparison of

the average LETSs for each beam.
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Figure 6.3: Integrated Birks’ Law shown for increasing LET in water. Collisional
stopping power values were obtained using the NIST ESTAR database, and the
appropriate scintillator dependent parameters were chosen to calculate the predicted

light output, dL/dx.
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Figure 6.5: Electron LET spectra for each beam at 1.5 cm depth generated using

Monte Carlo GEANTA4.
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Figure 6.6: Electron LET spectra determined using the method described (diagonal)
compared to the Monte Carlo predicted spectra (solid) shown for the 5 x-ray beams
examined. The error bars shown with the ‘method’ data correspond to the total
uncertainty calculated using the uncertainty analysis shown in Table 6.4. The error bars
shown for the Monte Carlo data correspond to the absorbed dose uncertainty after

changing the starting simulation seed multiple times (n = 5).

Table 6.3: Average LET values calculated using the method described compared to the

average LET generated using the Monte Carlo data at a depth of 1.5 cm in water.

Beam  LETyeas (keV/um) LET Geanta
(keV/pm)
100 kVp 1.18 1.72
180 kVp 1.10 1.20
250 KVp 117 0.99
300 KVp 112 1.00
192} 0.47 0.53
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Table 6.4: Uncertainty Analysis for measurement and response matrices. All

uncertainty components given as relative standard deviations (k = 1).

192-Ir Orthovoltage
Source (%) (%)

Measurement Uncertainty

Reproducibility  of  Scintillator

Measurement (n = 5) 0-30 045
Cherenkov effect 0.54 0.28
Manufacturer variation 0.71 0.56
Positioning Setup
SSD variation 0 1.3
Lateral variation 0.3 0.3
In-phantom depth 0 0

Response Matrix Uncertainty
NIST ESTAR™’
Ee.> 100 keV 2 2

100 keV > Ee.>10keV (highz2) 7 7
NIST XCOM'"®

E, > 200 keV 3 3

1keV>E,>0.5keV 12 12
Optical fiber light loss 0.1 0.1
Birks’ Parameter 1 1
Scintillator — fiber junction 0.5 0.5

Combined Uncertainty (k=1)
High LET 14 14
Low LET 3.9 4.1
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6.5. Discussion

In this work, a novel technique for measuring the average LET of an x-ray beam
was presented. Using differently doped plastic scintillators, a detector comprised of
differently energy dependent components was constructed. Five different radiation
therapy beams were examined: 100 kVp, 180 kVp, 250 kVp, 300 kVp x-rays, and an
19)r source. For each beam, measurements were conducted using the prototype
detector (Figure 6.1) such that the measurement vector, M, was obtained. Next, a
response matrix was obtained by integrating the predicted light output of each
scintillator using Birks’ Law over specific the LET bins. Once the measurement vector
and the response matrix were obtained, the energy fluence of radiation traversing the

scintillator was determined.

As discussed in section 6.2.3, Birks’ Law (Equation 6.1) and the manufacturer
provided linear attenuation data were required to obtain R. For increased accuracy, total
attenuation coefficients were obtained from NIST XCOM*"® (Figure 6.4), however, there
was no difference in the measured LET spectra — thus, the manufacturer provided linear
attenuation data was used. The predicted visible photons produced by each scintillator
was shown in Figure 6.3. As can be seen, all four scintillators exhibit a saturation as

higher electron LET levels are reached.

Several studies have described the poor performance of plastic scintillators
under high LET radiation.'32135142154.180-182 This s referred to as scintillator quenching.

As lead dopant concentration increased, less light was emitted due to the reduction in
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scintillator light yield.”” The total attenuation coefficients for photons in the energy

ranges relevant to this work are shown in Figure 6.4.

In Figure 6.5, the LET spectra for each beam obtained using Monte Carlo
GEANT4 is shown. In the simulation, the electron energy fluence spectra at a depth of
1.5 cm in water was scored using command-based scoring. These energy spectra were
then converted to LET spectra using the technique described by Granville et al.**® In
this technique, the electron energy spectrum is converted into an LET spectrum using
the relation between energy and collisional stopping power found in the NIST ESTAR
database.™’ As expected, the higher energy x-ray beams exhibited a lower LET. The
electron energy spectrum produced by the 100 kVp beam was the highest in LET,
followed by the 180 kVp, 250 kVp, 300 kVp, and ***Ir beams. It is also worthy to note
the non-symmetric shape of the **Ir electron spectrum in comparison to the relatively

symmetrical orthovoltage beam spectra. This is caused by its complex photon emission

spectrum.®’

The results of the proposed LET determination method are shown in Figure 6.6.
The measured spectra follow the true electron spectra trend for each beam with the
exception of the poor performance in the 100 kVp beam. The mean LETs calculated
using both techniques show agreement for all but the 100 kVp beam, as seen in Table
6.3. This is especially significant given the limited difference between the range of LETs

examined in this work, as can be seen in Figure 6.3.

As seen in Table 6.4, the uncertainties associated with our measurement can be
significant. The uncertainty in the measured electron LET fluence stems from the two

components: measurement and response. From the measurement data, the
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uncertainties are mainly caused by beam positioning and setup. In the response matrix,
the main sources of uncertainty are the electron stopping power data obtained from the
ESTAR database, and the total attenuation cross section data obtained from the NIST
XCOM database. For both of these datasets, uncertainties, especially at lower energies
and higher Z values can be significant, ranging up to 50% in some cases. For this work,
the high-Z (Pb) component only made up a maximum of 5% of the scintillator mass. The
Monte Carlo uncertainty in Figure 6.6 corresponds to the uncertainty on absorbed dose

in the scintillator volume after changing the starting seed multiple times (n = 5).

The main weakness in this technique stem from the low resolution caused by the
limited number of differently doped scintillators. Due to only four differently doped plastic
scintillators being available, large amounts of data was lost due to averaging. As an
example, Figure 6.4 shows the total attenuation photon cross sections as obtained from
the NIST XCOM database; there are several small peaks and edges present in the
attenuation data due to the lead atom’s characteristic x-rays. These effects manifest in
the measured signals (M), however, they are lost in the calculation of the response
matrix (R) because of the small number of bins. Also, this calculation method assumes
that the response and attenuation do not change significantly within the bin width

defined.

Despite these weaknesses and uncertainties, a novel way to easily and
immediately measure the electron LET spectrum at a given point using differently doped
plastic scintillators has been presented. This is the first work of its kind and can lead to
potential applications not only in radiation oncology, but in space and health physics

dosimetry also.
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6.6. Conclusions

This work demonstrates a novel technique for LET measurement. Using
differently doped scintillators, the mean LET of five photon beams was determined by
calculating the predicted response using Birks’ law and photon attenuation data. This
work presents a potentially viable energy and LET spectrometry technique; especially
once more differently doped scintillators can be easily manufactured and incorporated
into the design. Future studies include examining different lead concentrations along
with different elemental dopants to provide increased resolution and therefore achieve

better agreement with Monte Carlo generated data.

6.7. Acknowledgements

The authors would like to acknowledge Harry Easton for their efforts in the fabrication.
This work has been supported in part by Discovery grants of the Natural Sciences and
Engineering Research Council (NSERC; Grant No. RGPIN-435608 and RGPIN 311780-

13).

131



7.Conclusions and Future Work

7.1. Summary of Findings

In this section, the results found in the two main parts of the dissertation will be

presented and summarized.

7.1.1. Biological Impact of Increased Scattered Radiation in a 6 MV x-ray

Beam

In this chapter (Chapter 3), the maximum RBE was calculated along a 6 MV
photon beam’s profile. The linear accelerator examined was the Varian Clinac 600C.
Using a phase-space file, radiation exiting the head of the linear accelerator was set
incident upon a water tank using Geant4; the resulting electron fluences at 1.5 and 5 cm
deep were scored using logarithmically increasing energy bins. Next, the electron
fluence spectrum at each voxel was used to calculate the a/f ratio as per the Zaider
and Rossi.®’ The results from this chapter reveal several interesting points. As shown in
Figure 3.4, the out-of-field RBE increase is more pronounced for the more collimated
beam (1x 1 cm?). The fact that smaller beamlets exhibit increased out-of-field RBE

variations is significant in the context of IMRT. It is generally accepted that for 3D
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conformal treatments, the out-of-field changes are clinically insignificant. This can be
seen by simply examining the electron fluence for the 10x10 cm? open field beam in
Figure 3.5. However, for highly modulated treatments, the surrounding region contains
increased scattered photons and electrons which may result in an increased effective

dose to organs at risk. 824171

7.1.2. Maximum RBE Variation in Brachytherapy

In Chapter 4, the same methodology was used to examine radiobiological
variation surrounding three brachytherapy sources: **?Ir, *2°|, and '*°Yb. The emission
spectra (post-casing) for each of the three sources was obtained from the CLRP
brachytherapy source database®’, and simulations were conducted in water using
Geant4. The electron fluence at the position of each respective source was compared to
the fluence at various distances away. The initial validation of lodine-125 relative to
Iridium-192 revealed that the technique did indeed work and was consistent with
previously reported data. One of the most interesting results from this chapter was the
large maximum RBE increase observed in Ytterbium-169 at the periphery. This source
is not currently available on the market, however, a potential RBE-enhancement effect
along with its relatively long half life and low toxicity could cause interest in clinical
applications to grow. The 3.6% RBEy hotspot observed at the periphery of the Iridium-
192 high dose rate prostate plan was interesting, but most likely clinically insignificant.
At 8 cm away, the radiation fluence and resulting absorbed dose are so diminished that

a 3.6% boost would be negligible.
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7.1.3. Lead-doped Plastic Scintillators

In Chapter 5, the impact of lead doping on plastic scintillator response was
guantified. Prior to this, lead doped scintillators were used sparsely for health physics
applications, and the dosimetric impact of lead in this context had not yet been
examined. The presence of lead makes the plastic scintillators energy dependent, as
can be seen from Figure 5.4. The utility of this energy dependence is revealed in the
next chapter, where the unique energy dependence allows for the unfolding of the
electron LET spectra. High-Z doped plastic scintillators are not widely available on the
market; the two main scintillator manufacturers both sell lead doped scintillators at a few
select concentrations. Eljen Technologies is reported to be developing a Bismuth-doped
plastic scintillator. Once this is available, the universality of Equations 5.2 and 5.3 for

non-lead dopants can be examined.

7.1.4. LET Measurement
In Chapter 6, the LET fluence spectra at a depth of 1.5 cm in water was measured. The
general formalism for the measurement technique was based upon the principle that the
light signal produced by a scintillator was a function of scintillator response (R), and ¢,
the electron fluence traversing the scintillator. Given that signal was measured using a
photodetector and response was determined using the modified Birks’ Law and photon
attenuation coefficients, the LET fluence was resolvable. Only four differently doped

detectors were available, as such, the resolution was limited to four bins. Despite
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marginal performance in the 100 kVp x-ray beam and large uncertainties in the medium-
high LET region, the detector was able to approximately resolve the spectra for the
180 kVp, 250 kVp, 300 kVp, and Iridium-192 x-ray beams. The average LET obtained
from the spectra match closely to that obtained from Monte Carlo, with the exception of
100 kVp beam. This work was a proof-of-concept for the instrument and the
methodology. Once more scintillators are obtained, this technique can have many
applications not only in radiation oncology, but in other areas of radiation measurement.
LET dosimeters would be very useful for space travel, health physics, and nuclear

safety applications along with the numerous applications in medicine.

7.2. Future Work

Future work mainly involves: 1) exploring the measurement technique under a proton
therapy beam, and 2) increasing the number of uniquely doped scintillator thereby
increasing resolution. While out-of-field RBE has been shown to change, the need for
LET dosimeters in photon therapy quality assurance is not an immediate need.
However, in particle therapy, real-time LET dosimeters would prove very valuable,
allowing for more accurate biological-effect weighting during treatment planning. As
mentioned previously, resolution is currently limited to four bins due to only four
uniquely doped scintillators being available. Our group has since purchased a 2.5% Pb-
doped plastic scintillator and are trying to obtain Bismuth-doped plastic scintillators from
Ellen Technologies. These additional energy dependent detectors will allow for

increased accuracy during measurement.
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Glossary

DNA
IMRT
HDR
LDR
LET
RBE
GEANT4
FS
VMAT
LINAC
MLC
RBEw
SBRT
OAR
EBRT
EBT
VRT
PTV
PEEK
SSD

PMT

Deoxyribonucleic acid

Intensity Modulated Radiation Therapy
High dose rate brachytherapy
Low dose rate brachytherapy
Linear energy transfer

Relative biological effectiveness
GEometry ANd Tracking 4

Field size

Volumetric modulated arc therapy
Linear accelerator

Multileaf collimator

Maximum RBE

Stereotactic body radiotherapy
Organ at risk

External beam radiotherapy
Electronic brachytherapy
Variance reduction techniques
Planning target volume

Polyether ethyl ketone

Source to surface distance

Photomultiplier tube
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