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Abstract
Intensity-modulated radiation therapy (IMRT) is an advanced mode of highprecision radiation therapy that utilizes computer-controlled x-ray accelerators to
deliver precise radiation doses to malignant tumors. The radiation dose is designed to
conform to the three-dimensional (3-D) shape of a tumor by modulating the intensity
of the radiation beam to focus a higher radiation dose to the tumor while minimizing
radiation exposure to surrounding normal tissue. One form of IMRT is known as
tomotherapy. Tomotherapy achieves dose conformity to a tumor by modulating the
intensity of a fan beam of radiation as the source revolves about a patient.
Current available tomotherapy machines use x-ray linear accelerators (linacs)
as a source of radiation. However, since linacs are technologically complex, the worldwide use of linac-based tomotherapy is limited. This thesis involves an investigation
of Cobalt 60 (Co-60) based tomotherapy. The inherent simplicity of Co-60 has the
potential to extend the availability of this technique to clinics throughout the world.
The goal of this thesis is to generate two-dimensional (2-D) Co-60 tomotherapy conformal dose distributions with a computer program and experimentally validate them
on film using a first generation bench-top tomotherapy apparatus.
The bench-top apparatus consists of a rotation-translation stage that can
mimic a 2-D tomotherapy delivery by translating the phantom across a thin, ”pencillike” photon beam from various beam orientations. In this thesis, several random and
clinical patterns are planned using an in-house inverse treatment planning system and
are delivered on film using the tomotherapy technique. The delivered dose plans are
compared with the simulated plans using the gamma dose comparison method. The
results show a reasonably good agreement between the plans and the measurements,
suggesting that Co-60 tomotherapy is indeed capable of providing state-of-the-art
conformal dose delivery.
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Glossary
A
Absorbed Dose The energy absored in tissue when the incident radiation undergo
interactions with atoms in the patient. The SI unit for absorbed dose is
the Gray (Gy), where 1 Gy = 1 J/kg.

C
Cancer

A generic term for more than 100 different diseases that are characterized
by uncontrolled, abnormal growth of cells.

Collimator A mechanical device, installed on a radiotherapy unit along the path
of a beam to define the shape and size of the radiation beam. A typical
collimator is constructed from a heavily attenuating material like tungsten.
Conformal Radiation Therapy A radiation therapy technique that uses multiple
radiation beams that are each custom-shaped to conform the high dose to
the tumour while sparing the normal tissue. It is also known as 3-D or
conformational radiation therapy.
Conventional Radiation Therapy Radiation therapy based on relatively broad beams
with simple, standard beam shapes and a limited number of gantry angles.
Cumulative Dose-Volume Histogram A graph that shows the volume of a structure receiving greater than the specified dose. It is commonly referred to
simply as “DVH”.

xiii

D
Dose Calculation The process that provides an approximate dose distribution that
arises in a patient or in a phantom due to a radiotherapy treatment. The
dose distribution is determined based on the geometry of the radiotherapy
unit, beam energy, and the patient anatomy.
Dose Distribution Isodose curves, which are drawn at regular intervals of absorbed
dose and are expressed either as a percentage of the dose at a reference
point or the absolute dose value.

E
External Beam Radiation Therapy A form of radiation therapy in which radiation
is directed at the patient from a source external to the patient.

F
Fan Beam A narrow, slit-shaped divergent beam.
Field

The area of the radiation beam that projects at the isocenter on the plane
perpendicular to its axis.

Forward Treatment Planning A technique of determining the dose distributions
based on manually selected field orientations and beams.

G
Gamma Comparison Method A dose comparison method, based on the dose and
distance criteria, assigns a value of 1 or less to the regions where there
is a good agreement between two distributions and a value of 1 or higher
where the agreement fails.
Gamma Rays A form of radiation emitted via the decay of nuclei of radioactive
materials such as Cobalt-60.
xiv

Gantry

The head of the radiation therapy, that houses a radiation source, collimation system, beam monitoring system. It can rotate completely around
a patient, to direct a radiation beam from any direction.

H
Heterogeneity Refers to the condition when the volume of the patient or a phantom
consists of different composition and density.

I
Intensity Modulated Radiation Therapy (IMRT) An advance method of conformal radiation therapy in which the intensity within a radiation beam is
modulated during treatment to spare more adjoining normal tissue than is
spared during conventional or 3-D conformal radiation therapy. Because
of this, an increased dose of radiation can often be delivered to the tumor.
Inverse Treatment Planning An automated process, which begins with a desired
dose distribution and comes up with a set of optimized beam parameters
that make it possible to deliver a dose distribution similar to the desired
one.
Isocentre The centre of rotation of a radiation beam.

K
Kernel

A function that describes the spread of energy due to local scattering in
the medium.

M
Medical Linear Accelerator (LINAC) A type of high-energy x-ray machine most
commonly used for external beam radiation treatments. A medical linac
uses high frequency electromagnetic waves to accelerate electrons to high
xv

energies through a linear waveguide. The high energy electron beam may
be used directly for treating superficial tumors, or it can strike a high
atomic number material to produce x-rays for treating deep-seated tumors.
Multi-leaf Collimator (MLC) A special type of collimator which can define irregularly shaped radiation fields. An MLC has narrow, interlaced metal blocks
(“leaves”) that can be independently driven in or out of the beam to regulate the amount of radiation passing through.

O
Objective Function A function that evaluates the planned dose distribution with
respect to the desired dose distribution. The goal is to achieve a minimum
difference between the planned and the desired dose distribution.

P
Pencil Beam A ray-like radiation beam of small field size.
Penumbra The width of the radiation field.
Percentage Depth Dose (PDD) The percent depth dose is equal to the ratio of
dose at a particular depth over dose at a reference depth normalized to
100. The reference depth is usually the depth where maximum dose occurs.
These measurements are taken along the central axis of the beam.

R
Radiation Therapy (Radiotherapy) Medical treatment of cancer and other diseases using ionizing radiation from x-ray machines or radioactive materials, with the primary aim to kill undesired cells.

xvi

T
Target Volume A 3-D region in a patient’s anatomy (e. g. tumour) for which a high
radiation dose is prescribed.
Tomotherapy A rotational form of IMRT that uses an intesnity modulated fan
beam of radiation. The fan beam revolves around the patient while the
patient is being translated through the gantry.
Tumour

An abnormal mass of cancerous tissue.
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Chapter 1
Introduction

1.1

Review of Radiation Therapy

Cancer is a group of diseases characterized by the growth and malignant spread of
tumors. It is one of the leading causes of death in Canada. On the basis of current incidence rates, the Canadian Cancer Society (2007) predicted that 39 percent
of Canadian women and 44 percent of the men will develop cancer during their lifetimes. Of the people who develop cancer, about one half will receive radiation therapy
sometime during treatment of their disease (Schreiner, 2006; Foroudi et al., 2003).
Radiation therapy is the medical use of ionizing radiation for the treatment of
cancer. It may be used with curative intent, or as palliative treatment, where cure is
not possible and the aim is for symptom relief. It can be used alone or in combination
with other treatment modalities such as surgery and chemotherapy to treat localized
solid tumors (e. g., cancers of the skin, brain, breast, or cervix) and also to treat
cancers such as leukemia and lymphoma (Tobias, 1992).

1

Radiation therapy works by damaging the DNA (genetic material) of cells
(Hall, 2000). A radiation beam of photons, electrons, protons, or neutrons can be
used to disrupt the growth of tumour cells by directly or indirectly ionizing the
DNA. The cell with damaged DNA dies during cell division. In the case of a photon
beam, when the incident photons undergo interactions with atoms in the patient, they
transfer their energy to electrons that ionize and excite atoms along particle tracks
until their energy is transferred to the tissue (Johns and Cunningham, 1983; Khan,
1984; Purdy and Starkschall, 1999; Task Group 65, 2004). The absorbed energy in
tissue is defined as absorbed dose, which is measured in units of Gray (one Gray (Gy)
equals one joule per kilogram in SI units). Although radiation is directed at the tumor
with the intent of destroying the tumor and curing the disease, it is not possible to
completely spare the normal tissues surrounding the tumor. During the process of
treatment, they are also damaged. The goal, however, is always to maximize the
dose to tumor cells while minimizing exposure to normal, healthy cells. In fact, the
irradiation of normal tissue is often a limiting concern in radiotherapy.
One of the most commonly used forms of radiation therapy is external beam
radiation therapy (Podgorsak, 2005; Van Dyk, 1999). This technique involves directing a beam of radiation from outside the body, towards a tissue target inside. The
conventional approach of this technique (a combination of several fields at different
gantry angles, delivered with relatively broad beams with simple, standard custom
shapes) provided limited sparing to the surrounding normal tissue when delivering
radiation to the deep seated tumors. However, with recent advances in radiation therapy it is now possible to accurately target the tumor with higher doses of radiation,
while minimizing damage to the healthy tissue. This is known as three-dimensional
(3-D) conformal radiation therapy (Purdy and Starkschall, 1999; Ezzell et al., 2003;
Van Dyk, 1999), which uses multiple radiation beams that are each custom shaped
to conform the dose to the tumour (see Fig. 1.1).
2

IMRT: Intensity Modulation of the Beam
3D CRT
NO IMRT

3D
IMRT

In the interior of the shaped field, the
doses are homogeneous.

In the interior of the shaped field, the doses
are heterogeneous, for dose modulation.

Qualitatively conforms to the shape of
the target and minimizes dose to
critical structures through selection of
beam directions and beam shapes.

Produces dose distributions that conform
tightly to the 3D shape of the target by
varying the beam intensity across the
shaped fields

Figure 1.1: Comparisons between two forms of radiation therapy: IMRT
and 3-D conformal radiation therapy (CRT) (Siochi and Celi, 2000).

The new generation of conformal therapy is Intensity-Modulated Radiation
Therapy (IMRT) (Webb, 2003; Ezzell et al., 2003; Bortfeld et al., 1994). IMRT is
more complex than the 3-D conformal radiation therapy. As shown in Fig. 1.1,
IMRT allows one to modulate (vary) the intensity (strength) of the radiation beam
during a treatment. Unlike 3-D conformal radiation therapy that is delivered using
a single radiation beam, IMRT is delivered as a sequence of many small beams that
enter the body from many angles. With these multiple thin beams the intensity of
radiation within each field can be modulated to achieve a better conformity to the
tumour. The intensity of radiation is modulated using a multi-leaf collimator, which
is made up of individual “leaves” of a high atomic number material, usually tungsten,
that can move in and out of the field to produce a sequence of complex field shapes
or beam apertures. The cumulative effect is a complex intensity-modulated radiation
beam. 3-D conformal radiation therapy also uses a multi-leaf collimator to customize
3

the shape of the beam. However, the leaves of the collimator are not allowed to move
in and out within that particular field, therefore, the shape of the beam for each field
stays the same during the treatment (Siochi and Celi, 2000).
Since IMRT adds an extra degree of freedom that allows one to modulate the
intensity within each field, it requires highly-tailored computing applications that
can perform optimization of thousands of beams in order to conform the dose to
the tumour. This is called inverse treatment planning (Mageras and Mohan, 1993;
Ezzell, 1996; Gallant, 2006; Webb, 1989; Hristov and Fallone, 1997; Spirou and Chui,
1998; Chng, 2005; Holmes et al., 1995). The details of inverse treatment planning are
discussed in the next section.
There are several general forms of IMRT that are distinguished based on their
geometry such as the size and shape of each beam, and the number of field orientations. Tomotherapy is a rotational form of IMRT, which uses a fan beam (slit-shaped)
of radiation (Mackie et al., 1993). As in a helical computer tomography (CT) scanner, a medical imaging device, a fan beam of radiation continuously revolves around
the patient while the patient is smoothly translated through the beam. The intensity
of the fan beam is modulated using a multi-leaf collimator. Tomotherapy technique
usually provides a better conformity than a broad beam-based IMRT since it has the
freedom to deliver the dose from many different field orientations.

1.2

Motivation for Cobalt-60 based Tomotherapy

Despite the benefits offered by the currently available tomotherapy machine, it has a
limited worldwide application. The reason behind this is its design which is technically quite complex due to its use of an x-ray linear accelerator (linac) as the source
of radiation. Linacs are high-energy x-ray machines that use high frequency electro4

magnetic waves to accelerate electrons to high energies through a linear waveguide.
The high energy electron beam may be used directly for treating superficial tumors,
or it can strike a high atomic number material to produce x-rays for treating deepseated tumors. The drawback of linacs is that they require high maintenance, a stable
source of power, and water for cooling. Since these resources are limited in developing
countries, they continue to use conventional radiation therapy machines such as the
Cobalt-60 (Co-60) unit, which is robust, simple, economical and requires less power.
The Co-60 unit was invented in Canada in 1951. For decades, it was the most
popular radiation therapy unit used worldwide, with the ability to provide energy in
the MeV range (1.25 MeV) (Schreiner et al., 2003). However, due to recent advances
in radiotherapy such as the linac, IMRT and Tomotherapy, the Co-60 units have
almost disappeared from North America. Compared to the new linac machines, they
have been perceived to be inferior due to some of their beam characteristics (Van Dyk,
1999). One is that unlike new linac machines with effectively point-like sources of
radiation, the Co-60 unit has a cylindrical radiation source with a diameter 2 cm and
height 5 cm. This gives rise to a broader penumbra, the width of the radiation field
edge, which may weaken the conformation of the delivered dose distribution to the
target volume. The penumbral region of a linac is narrower than that of a Co-60
unit. Another perceived problem is that the Co-60 beam is less penetrating and is of
low energy when compared to the beams obtained with the new linac machines. This
means that when treating deep-seated tumors using a single or very few beams, one
would either end up delivering an excess dose to the superficial normal tissue in order
to deliver the required amount of radiation to the tumour or less than the required
amount of dose to the tumour in order to minimize the dose to the superficial normal
tissue.
These problems, however, can be solved. A number of authors have pointed
out that if the Co-60 unit is modernized with state of the art devices, it may be able
5

to provide a similar quality of radiation therapy as that provided by the modern radiation therapy machines (Schreiner et al., 2003; Warrington and Adams, 2002; Suit,
1986; Reddy, 1997). Research has shown that the beam penetration and penumbra problems faced with Co-60 can be minimized if a large number of radiation
fields from multiple directions are used (Warrington and Adams, 2002). Furthermore, Joshi et al. (2001) added that the problem of low dose rate, arising from the
relatively lower energy of Co-60 and the activity of the source, can be solved if the
unit is redesigned to include multiple sources and/or a different shaped source with
an increased source activity.
The Medical Physics research group at the Cancer Centre of Southeastern
Ontario (CCSEO) and Queen’s University took the initiative to modernize the current
Co-60 unit and is investigating IMRT with Co-60, based on multiple beam angles.
The focus has been on Co-60 based tomotherapy as the form of delivery. The “ring”
shape of the gantry of the tomotherapy is ideal for housing multiple Co-60 sources.
Therefore, with this geometry and the potential for multiple sources, many of the
perceived disadvantages of Co-60 can be mitigated (Schreiner et al., 2003).
The initial studies done by the CCSEO group have shown that Co-60 based
tomotherapy has the potential to provide highly conformal dose distributions. These
studies were based on a forward treatment planning technique which involves determining the dose distributions based on manually selected field orientations and beams.
However, clinical cases are very complex and can not be planned using manuallyselected beam geometries. This is particularly true when using the tomotherapy technique; since tomotherapy based treatment inherently involves thousands of beams,
the treatment planning cannot be performed manually. As mentioned in the previous
section, intensity-modulated plans involving complex geometry are generated using
sophisticated computing methods to perform automated optimization of the beam intensity patterns to achieve a desired conformal dose pattern. This type of treatment
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planning is known as inverse treatment planning. Rather than selecting the beam
geometries and then calculating the dose distribution, inverse treatment planning
starts with a desired dose distribution and then the computer program optimizes the
beams to achieve that dose pattern. Unfortunately, there are no inverse treatment
planning systems available commercially for Co-60 tomotherapy. Therefore in 2005,
the CCSEO group developed an inverse treatment planning program specifically for
Co-60 tomotherapy in order to automatically generate complex conformal plans that
had a clinical relevance.

1.3

Thesis Outline

The inverse treatment planning program developed by the CCSEO Medical Physics
group was able to generate treatment plans for complex 2-D target volume geometries. However, since these plans were not validated experimentally, the accuracy and
reliability of the in-house treatment planning system could not be established. The
goal of this thesis is to validate the in-house treatment planning system by delivering
two-dimensional (2-D) conformal doses on film with a bench top tomotherapy apparatus and also to demonstrate the benefits of Co-60 tomotherapy by comparing the
treatment plans to the plans generated with other radiotherapy modalities.
Chapter 2 presents a review of the two tomotherapy approaches that motivated
the Co-60 tomotherapy research at the CCSEO. This chapter also includes a review of
some common optimization algorithms used in inverse treatment planning for IMRT.
This discussion helps to establish why a new technique was developed by the CCSEO
group for Co-60 tomotherapy. One of the integral components of the inverse treatment
planning system is the dose calculation engine. In this section several commonly used
dose calculation methods are discussed. These methods help to understand the dose
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calculation method used in this project. Since the work presented in the thesis is based
mainly on dose verification of 2-D IMRT plans, several 1-D and 2-D dose verification
methods are discussed to establish why radiochromic film is used as a dose verification
method in this project.
Chapter 3 presents a summary of the theoretical aspects of the treatment
planning system. In particular, this chapter reviews the dose calculation algorithm
proposed by Milan and Bentley (1974) in more detail and also discusses modifications
required to calculate dose accurately for the Co-60 tomotherapy plans. The in-house
treatment planning system uses a conjugate gradient method for optimization of the
beams. In this chapter the details of the conjugate gradient method, along with the
modifications proposed by Nick Chng (2005) from the CCSEO group, are presented.
A number of methods exist for comparing a measured dose distribution with the
planned dose distribution. One of the methods used in this project is the gamma
distribution method, which was proposed by Low et al. (1998). The details of this
method are provided at the end of Chapter 3.
The tomotherapy dose delivery apparatus used in this thesis is based on the
apparatus developed by Rock Mackie and the Medical Physics group (Mackie et al.,
1993) at the University of Wisconsin for their initial tomotherapy research. Chapter
4 presents a detailed description of this apparatus, along with the details of the Co-60
radiotherapy unit. As mentioned previously, the treatment planning system requires
a dose calculation method. To achieve this, the dose distribution of a thin, pencillike beam is determined in a water equivalent medium. This process is also known as
“beam commissioning”. During the beam commissioning process, dose measurements
of the beam are taken in a water phantom to determine the parameters of the beam
that can be used to derive a dose model required by the treatment planning system.
This chapter discusses two dose measurement techniques, along with one simulation
technique, used to obtain beam data. It also discusses the methods used to generate
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conformal dose distributions using the in-house inverse treatment planning system
and the deliveries performed on film.
Chapter 5 evaluates the accuracy of the dose model based on the fittings to
the dose data. The main focus of this chapter is on determining the accuracy of
the in-house treatment planning system. The examples that are used to analyze the
treatment planning system range from simple non-clinical cases to complex clinical
cases. Furthermore, to demonstrate the benefits of the radiation therapy provided
by Co-60 tomotherapy, a clinical case of head and neck cancer is planned for Co-60
tomotherapy technique and is compared with the plans generated for other radiotherapy modalities. Chapter 6 presents the conclusions that can be drawn from the work
presented in this thesis, as well as recommendations for future Co-60 tomotherapy
work.
In summary, treatment planning is an important component of any radiation
therapy process. The work in this thesis will complete the 2-D treatment planning
investigations on the in-house inverse treatment planning system and will advance
it for investigations on 3-D treatment planning so that in future the 3-D clinical
structures can be planned.
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Chapter 2
Background and Literature Review

Radiation therapy has seen several advancements in the past decade. Many of these
have been fueled by improvements in computers, imaging, dose computations, treatment planning tools, and beam-shaping hardware. Intensity-modulated radiation
therapy (IMRT) was the next logical step, which provided the clinicians the ability
to conform the dose distributions to treat desired targets while sparing normal structures. Motivated by these advancements, the CCSEO group started investigating a
Cobalt-60 (Co-60) radioactive source as a possible source of radiation for IMRT dose
deliveries. Co-60 has been used extensively in the past for traditional, non-IMRT
radiation therapy.
This chapter presents a brief overview of the currently available IMRT treatment modalities that are similar in nature to the proposed Co-60 based IMRT treatment modality. It also presents an overview of the inverse treatment planning techniques, dose calculation methods, and dose verification methods for two-dimensional
(2-D) IMRT plans.
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2.1

Tomotherapy IMRT

The idea of IMRT originated from the work of two scientists, Brahme and Cormack,
in the early 1980s (Brahme, 1988; Cormack, 1987). Independently they demonstrated
that the use of non-uniform intensities can provide a better dose conformity to the
tumor and at the same time spare the healthy organs from unwanted radiation. Since
then, a number of different approaches to intensity-modulated radiation therapy have
been investigated; tomotherapy is one of those approaches.
The term tomotherapy, which literally means slice therapy, is derived from
tomography. Tomotherapy was proposed by T. R. Mackie as a technique to provide
highly conformed dose distributions (Mackie et al., 1993). As does a CT scanner,
tomotherapy has a radiation source mounted in a ring gantry. This source provides a
fan beam (slit shaped) of radiation, which revolves around the patient as the patient is
translated through the ring gantry. Modulation of the fan beam intensity is achieved
by a binary multi-leaf collimator (MLC) that consists of a series of tungsten leaves.
Each of these leaves can be manipulated individually.
Three different approaches to tomotherapy have been investigated. The first
that made its mark in the clinical world is known as serial-tomotherapy. Serialtomotherapy, also referred to as sequential-tomotherapy, was developed by Nomos
Corporation (Carol, 1995; Mackie, 2006). This tomotherapy approach can irradiate
two slices at once with a narrow rotating beam of radiation, modulated by two sets of
binary collimators. After one complete rotation of the gantry, the couch is translated
in discrete steps to deliver the next two slices (see Fig. 2.1).
Serial-tomotherapy requires a retrofit to an existing linear accelerator. It uses
a MIMiCr binary multi-leaf collimator mounted to the head of a commercial linac.
MIMiC has a set of 20 tungsten leaves, which collimate the radiation beam into
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a narrow slit (fan-beam), with a maximum field size of 2 x 20 cm2 at the gantry
isocentre. Each set of the MLC leaves can further collimate the beam into a 1 x 2
cm2 field size. The modulation of intensity is achieved by driving the leaves in and
out of the radiation fan-beam.
Serial-tomotherapy is used mainly to treat cancer in the head, neck and
prostate regions of the body (Van Dyk, 1999; Mackie, 2006). Up to 1999, it was
the most widely used device to provide intensity modulated radiation therapy.
IMRT provided by serial-tomotherapy is very sensitive to patient movement
and indexing of the patient for the treatment of next slice. Due to rapid dose changes
in IMRT treatments, slight patient shifts can have a significant impact on the overall
dose delivery accuracy. The patient indexing method used by serial-tomotherapy has
particularly been an issue since several studies have shown that it can introduce dose
uncertainties at the junctions of the slices (Carol et al., 1996; Low, 1997). With this
problem in mind, T. R. Mackie and the research group at the University of Wisconsin
developed a different approach to tomotherapy, which is known as helical-tomotherapy
(Mackie et al., 1993; Mackie, 2006). Dedicated helical-tomotherapy machines became
available commercially in 2003 (TomoTherapy Corp., Madison WI).
Unlike serial-tomotherapy, the couch in helical-tomotherapy is continuously
translated as the fan beam of radiation continuously rotates around the patient (see
Fig. 2.1). This reduces the potential of under- or over-dosing the region that is
junctioned between the slices. The geometric properties of helical-tomotherapy are
similar to those of a helical CT scanner. It uses a binary mini-MLC (TomoTherapy
Corp., Madison, WI) to modulate the intensity of the radiation beam. The miniMLC consists of 32 leaf pairs, projecting a fan-beam of radiation up to 40 cm in
length (in-plane) and 5 cm in width (cross-plane). With this larger fan beam, a
greater patient area can be treated. In addition, each leaf can further collimate the
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Figure 2.1: Left: Illustration of serial tomotherapy - slice by slice treatment.
The patient is translated only after treating a slice of the treatment volume.
Right: Illustration of helical tomotherapy - the patient is continuously translated as the fan beam is rotated continuously around the patient. Illustration
adapted from Van Dyk (1999).

beam to a 0.625 cm length, making helical-tomotherapy capable of delivering a finer
modulated radiation beam. It incorporates megavoltage CT (MVCT) for treatment
verification, localization, and image guidance.
Due to the use of linear accelerators as a source of x-ray radiation, both
of the tomotherapy approaches discussed above are technologically complex. L. J.
Schreiner and the Medical Physics Research Group at the Cancer Centre of Southeastern Ontario and Queen’s University proposed a Co-60 based tomotherapy approach (Schreiner et al., 1998; Gallant et al., 1998). According to Schreiner et al.,
Co-60 based radiotherapy has fallen out of favor mainly due to the lack of development. They argued that the perceived problems with the Co-60 unit such as
beam-penetration and penumbra effects can be minimized by using the tomotherapy
approach for dose delivery. They believed this approach would be better than a linac
based machine in terms of cost, safety, maintenance and power requirements.
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The initial Co-60 tomotherapy research was performed using a pencil beam of
radiation measuring 1 x 1 cm2 at the isocentre of a Co-60 unit. The gantry of the
Co-60 unit (Theratron 780C, Kanata, ON) remained stationary and the phantom was
translated and rotated around the isocentre using an automated rotation-translation
bench top apparatus to mimic a 2-D tomotherapy delivery. The details of this apparatus are presented in Chapter 4. The fluence of the beam was modulated depending
on how long the beam was allowed to dwell at a certain position. Putting it all together, the behavior of the scanned pencil beam resembled a modulated fan beam
from a multi-leaf collimator (Kerr et al., 2000). Preliminary results obtained using
simple forward planning techniques showed clinically acceptable agreement between
the simple tomotherapy plans and their deliveries (Salomons et al., 2003). Recently
Chng developed an inverse treatment planning program to generate complex conformal 2-D plans for Co-60 tomotherapy (Chng, 2005).

2.2

Inverse Treatment Planning

Due to a large number of beams, treatment planning for tomotherapy is not possible
using manual treatment planning techniques. Tomotherapy requires an automated
technique such as the inverse treatment planning system, which based on the desired
dose distribution, provides the planner with a number of beam parameters that yield
a dose distribution similar to the desired one. Specifically, this is achieved by numerically optimizing an objective function. The objective function and the optimization
algorithm are two main components of the inverse treatment planning system. The
following sections provide a brief overview of the objective functions and the optimization techniques employed by most of the treatment planning systems used in
radiation therapy.
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2.2.1

Objective Function

An objective function evaluates the planned dose distribution with respect to the
desired dose distribution. The goal is to achieve a minimum difference between the
planned and the desired dose distribution. The objective function can be based entirely on dose (i.e. absorbed dose arising from interaction of radiation within tissue)
or it can use a radiobiological model (Van Dyk, 1999). The biological objective functions assume that optimization of a plan should be based on the biological effects
produced by the underlying dose distribution. The objective of the treatment is to
maximize the tumour control probability (TCP) while maintaining the normal tissue
complication probability (NTCP) to within acceptance levels. A TCP is related to a
dose distribution by a dose response function, which relates the effects of the radiation
dose to tissue, tumour, and organ. However, this relationship is not sufficiently understood (Bortfeld et al., 1996; Wu and Mohan, 2000; Van Dyk, 1999). Therefore, the
majority of the optimization algorithms are based on dose-based objective functions.
A well-established and the most commonly used dose-based objective function
is the quadratic model (Van Dyk, 1999). The quadratic model minimizes the sum
of the squared differences between the delivered and the desired dose distribution
(Webb, 1989; T. et al., 1990; Xing and Chen, 1996; Mageras and Mohan, 1993). Since
the quadratic objective function is convex (Choi and Deasy, 2002; Van Dyk, 1999),
its minimum can be commuted easily, which is of great interest for gradient based
optimization algorithms, as discussed later in this chapter. It has a wide application in
clinical treatment planning systems. Some of the major treatment planning systems
that are based on this objection function are Pinnacle3 (Philips Medical Systems,
Bothell, WA), Eclipse (Varian Medical Systems, Palo Alto, CA) and Corvus (Nomos,
Sewickely, PA).
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2.2.2

Optimization Techniques

Research on tomotherapy optimization, pioneered by Holmes (Holmes et al., 1995),
has been focused on both physical (dose-based) and biological objective functions.
Due to the lack of adequate biological models, biological optimization has not kept
up with physical optimization.
There are many proposed physical optimization algorithms for tomotherapy
treatment planning; however, not all of them are practical since typical tomotherapy
treatment involves thousands of pencil beams. The best optimization technique for
tomotherapy is one that is robust, flexible, fast, and requires less memory. Iterative
techniques are believed to satisfy most of these requirements.
In iterative techniques, the plan is updated such that the value of the objective function decreases at each iteration. In literature, the iterative techniques are
classified as either stochastic or deterministic. The stochastic algorithms are based on
randomly modifying a variable and then testing to see whether the objective function
has been reduced. In deterministic algorithms, the variables are not modified randomly; the sequence of iterations is based on the starting point of the optimization,
which is determined from the objective function.

2.2.2.1

Stochastic Algorithms

Two examples of stochastic algorithms are simulated annealing and genetic algorithms. Simulated annealing was proposed by Kirkpatrick et al. (1983) as a generalized optimization technique. Webb (1989) later adapted it for use in radiation
therapy optimization. The algorithm is similar to a thermodynamic system, where a
crystalline system is cooled slowly from an excited state (e. g. elevated temperature
and high energy) to a ground state in which the energy of the system is minimized.
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For radiotherapy optimization, Webb treated the beam weights similar to the crystalline structures in a thermodynamic system. The beam weights of a few pre-defined
beams were increased incrementally in a random order. If the resulting dose was
closer to the prescribed dose than before, the beam weights were accepted. However,
if the dose distribution was worse than the previous iteration, there was still a chance
that the increment in the beam weights would be accepted. This is because Webb
assigned a probability to the acceptance criterion. As long as the beam weights satisfied that criterion, they were not rejected. In this way, the algorithm did not get
trapped in a local minima during the optimization process. However, the drawback
was that it required several million iterations in order to reach convergence.
The simulated annealing algorithm was later revised by Mageras and Mohan
(1993) to reduce the number of iterations. They termed this method Fast Simulated
Annealing. In their method, rather than updating the beam weights of a selected
number of beams at each iteration, they updated the beam weights of all beams.
This process continued until the objective function was minimized. Their results
showed an improved convergence speed over the original.
However, despite computation improvements, one of the disadvantages of simulated annealing algorithm is that it requires the user to define parameters such as
temperature and the cooling scheme. It is difficult to set these parameters prior to
optimization without knowing what is the best choice. Therefore, this method requires the user to perform a few trial iterations in order to determine a reasonable
value for temperature and the cooling scheme. An alternative stochastic algorithm
that can be used is the genetic algorithm.
Genetic algorithms are based on the principle of natural selection which states
that only the individuals with adaptive characteristics are more likely to pass on their
genetic information to the next generation. Ezzell (1996) was the first to introduce
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the genetic algorithm in inverse treatment planning. The basic principle is that the
optimization of the beams can be achieved by maintaining and modifying beams according the natural selection principle. Ezzell defined the gene as an initial set of
individuals or candidate solutions with a pair of integer lists, which contained optimization parameters such as gantry, couch and collimator angles, wedge orientation,
and beam weights. All these parameters represented a dose distribution within a
patient. At each iteration (generation) the fitness of the individuals was evaluated (e.
g., whether each individual solution was close to the objective function). The individuals were then selected from the population based on their fitness and were allowed to
exchange components (mate) in order to generate new individuals for the population.
Ezzell also included a method for altering (mutating) the components (e. g. beam
angles, offsets or weights) so that the evolution of the population was not strictly
based on simply reshuffling components that already existed in the population.
Ezzell tested this algorithm on a number of simple test cases and some clinically
relevant cases. The results were consistent among different cases and an acceptable
solution was found in approximately 100 generations. Over the years the algorithm
has been modified to optimize plans based on multiple objective functions and accommodate different IMRT techniques. Gallant (2006) investigated the genetic algorithm
for its suitability for external beam radiation therapy optimization. In particular, he
investigated a number of branches of the genetic algorithm that differ from each other
based on the way they select certain parameters such as the number of individuals,
encoding scheme, mating and mutation probabilities. He established a particular set
of values and methods to effectively optimize clinical and non-clinical cases for Co-60
based tomotherapy.
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2.2.2.2

Deterministic Algorithms

The examples of deterministic algorithms are linear programming and gradient-based
algorithms. Linear programming was first used in radiation therapy treatment planning in 1968 by Bahr et al. as a mathematical tool for solving a set of linear equations
such as to achieve positive solutions and minimization of a linear objective function
(Bahr et al., 1968). In order to achieve desired uniformity of the dose in the target
volume, linear programming technique uses minimum and maximum dose limits. The
advantage of this technique is that it produces only positive solutions and therefore,
one does not need to worry about beam-weights being negative. However, the difficulty is that by restricting to non-negative beam weights, it constrains the solution
too conservatively. Because of these constraints, it either finds a solution or it fails.
The gradient based algorithms are preferred since they use a quadratic objective function. These are performed in two stages. Firstly, the direction of the
optimization is chosen and secondly, along the chosen direction, a line of minimization is performed. The algorithm itself does not limit the solution to be nonnegative. Most of the IMRT gradient based dose optimization algorithms known to
date (Hristov and Fallone, 1997; Spirou and Chui, 1998; Chng, 2005) either impose
positivity constraints to the solution (in order to ensure their physical meaning), or
truncate the optimiziation when negative beam-weights are encountered.
Spirou and Chui (1998) used a constrained conjugate gradient method for optimization of an IMRT plan. In their implementation they applied dose volume
constraints to each contoured region and evaluated each iteration of the optimization
based on whether the restrictions applied on dose and volume were obeyed. The subset of samples that violated the constraints were ranked by dose and a penalty was
applied. To restrict the solution to positive beam-weight space, the search was truncated at boundaries of the feasible space. The example cases they studied were for
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prostate and lung cancer treatment planned using six field orientations. The results
were compared to the “forward” plans (simulated using forward planning techniques)
and substantial improvements were seen in each of the critical regions.
Hristov and Fallone (1997) used an alternative method, where rather than
truncating the search at negative beam-weights, they used an “active set” strategy
combined with conjugate gradient method. An active set is when the beam weights
are fixed to a lower limit (e. g., zero) at an iteration without imposing any changes
on them. This way the non-feasible solutions are ignored rather than truncating the
search at those solutions. This active set was continually updated at each iteration
in order to contain the beam weights that would reach bound during that particular
iteration. Hirstove and Fallone concluded that this method was more efficient and
provided better results.
Recently Nick Chng, an M. Sc. student at Queen’s University, developed an
optimization technique to generate complex conformal plans for Co-60 tomotherapy
(Chng, 2005). Chng used the method proposed by Hristov and Fallone and modified
it in order to optimize a plan in a shorter time. In his “aggressive” active set conjugate
gradient algorithm, more beams were included in the active set than would reach the
lower limit by using a more stringent evaluating criterion. According to Chng, this
algorithm produces better treatment plans in the shortest time when compared to the
traditional active set conjugate gradient algorithm. In his work he has shown highly
conformal dose distributions of a typical head and neck cancer case and an extremely
concave structure.
This thesis is a continuation of the work done by Chng. Although the genetic
algorithm discussed in the previous section has also been implemented for Co-60
tomotherapy treatment planning, the optimization times are much longer than the
gradient based algorithm developed by Chng. In this work, Chng’s algorithm is
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used to optimize several complex plans for Co-60 tomotherapy. The details of the
algorithm are presented in Chapter 3 and the plans that were optimized are discussed
in Chapter 5.

2.3

Photon Beam Dose Calculations

Along with an effective optimization technique, a treatment planning system also
requires a dose calculation method. This section presents an overview of some of the
dose calculation methods. These methods are classified as either correction-based
or model-based methods (Mackie et al., 1996; Van Dyk, 1999). The correction-based
methods determine dose from the reference dose, measured under the standard conditions in a water phantom with some adjustments to account for specific treatment
conditions such as patient contour and inhomogeneities, e. g., regions with different
tissue composition and density. The model-based methods determine dose from the
transportation of radiation through the patient from first principles.
Traditionally, the patient dose calculations of photon beams were mainly based
on correction-based methods due to their inherent simplicity (Mackie et al., 1996). A
simple correction-based dose calculation method was proposed by Milan and Bentley
in the early 1970s (Milan and Bentley, 1974). Although these methods provide a quick
way for calculating dose since the calculations are based on tabulated beam data, they
offer limited accuracy when the dose calculation conditions (e. g., patient curvature
and heterogeneities) are different from the conditions that were used to gather beam
data (e. g., flat surface, homogeneous water phantom). Model-based methods provide
a better dose accuracy compared to correction-based methods since they are based
on the fundamentals of radiation transport. In recent years, model based algorithms
such as the convolution-superposition and Monte Carlo have become a standard in
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clinical setting to predict dose distributions in the patient due to advancements in
computers (Mackie et al., 1996; Verhaegen and Seuntjens, 2003; Andreo, 1992). A
brief discussion of these methods is presented in the upcoming sections. However
before that, a review of the dose deposition process is presented.

Bremsstrahlung
photon
hv
Electron
track
Incident
photon
hv

Delta ray

Scattered
photon
hv
Figure 2.2: Schematic diagram of general photon interactions with
an atom.
The illustration is adapted from Podgorsak (2005) and
Johns and Cunningham (1983).

Figure 2.2 illustrates an example of a photon undergoing interactions with
the matter in a patient (Johns and Cunningham, 1983; Purdy and Starkschall, 1999;
Task Group 65, 2004). Step (A) shows that when a photon interacts with an atom
in the body, it transfers some of its energy to this electron, setting it in motion and
then scatters in the body. The kinetic energy released in the medium is generally
referred to as KERMA. As the electron travels through the tissue it slows down
through multiple Coulomb collisions, producing a track (B) along which ionization
occurs, excitation of atoms takes place, and molecular bonds are broken. All of these
processes result in biological damage. The energy released in the patient during this
process is known as the absorbed dose. Other events that take energy away from the
charged particle track are bremsstrahlung (photons produced due to the deflection of
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electron when approaching a nucleus) or delta rays (secondary electrons produced by
electron-electron collisions). The bremsstrahlung radiation, as well as the scattered
radiation, can then undergo interactions in the same way as the incident photon.
Most dose calculation algorithms decompose radiation into two components:
primary and secondary (Van Dyk, 1999). The primary radiation consists of the photons that are incident upon the surface of the patient and interact with the tissue
for the first time. According to AAPM report 85, the incident photons could be the
photons originated from the radiation source directly or produced due to interactions
within the treatment head (Task Group 65, 2004). The scattered radiation, on the
other hand, consists of photons that have interacted at least once in the medium and
reach the destination point by indirect multiple pathways within the patient. The
Milan-Bentley algorithm considers both of these components of radiation together.

2.3.1

Milan-Bentley Method

As mentioned previously, the correction-based methods require empirical dose data
measured in water for calculating the dose in the patient. These data generally consist
of central axis depth dose curves and beam profiles. The central axis depth dose curve
describes the radiation dose fall-off of the beam along the central axis with respect to
the depth of the phantom. This curve is also referred to as the percentage depth dose
curve (PDD). The beam profiles describe the width of the radiation beam along the
central beam axis. These profiles are taken at a number of depths in the phantom in
order to determine the characteristics of the radiation beam inside the phantom.
The Milan-Bentley method provides a method for incorporating the empirical data into the treatment planning system so that the dose in the patient can
be calculated without requiring much computing power (Milan and Bentley, 1974).
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This was a widely used method in 1970s and 1980s, when due to limited computing
power, more sophisticated methods such as the convolution-superposition and the
Monte Carlo could have not been used. It uses a simple method to correct for heterogeneities in tissues, that is without considering the complexities of scattered photons
or secondary electrons. The heterogeneity correction method that it uses is called
effective path length method, which scales the dose distribution by the factor that
the primary energy fluence has changed as compared with the homogeneous case.
Since this is a crude method, it provides a limited dose calculation accuracy in an inhomogeneous medium. It uses the inverse square law to correct for parameters such
as surface curvature and source-to-surface distance. The inverse square law states
that the photon fluence is inversely proportional to the square of the distance from
the source.
The original Milan-Bentley model has been improved through the years to
correct for changes in source-to-surface distance, surface curvature, and basic inhomogeneity corrections. In particular, a lot of attention has been devoted to heterogeneity corrections. More recent inhomogeneity correction techniques calculate the
dose near inhomogeneities more accurately than the method proposed by Milan and
Bentley. The AAPM Report 85 provides a detailed review of the commonly used inhomogeneity correction methods Task Group 65 (2004). The readers are encouraged
to refer to that for further reading.

2.3.2

Convolution-Superposition Method

The convolution-superposition method has been extensively used to calculate photon dose distributions (Mackie et al., 1985; Mohan et al., 1986; Ahnesjo et al., 1987;
Boyer and Mok, 1985; Nilsson and Knoos, 1992; Mackie et al., 1996). As illustrated
in Fig. 2.2, a downstream shower of secondary (scattered) radiation is triggered from
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every primary interaction point in the patient. The convolution-superposition method
takes into account the contribution from this secondary radiation, as well as the primary radiation. It calculates the photon dose as the convolution of the energy released
at each primary interaction site, also referred to as TERMA, the total energy released
in the medium due to primary photon interactions and a spatially invariant photon
dose kernel. The dose kernel describes the spread of energy due to local scattering
in the medium. This kernel is spatially invariant when irradiating a homogeneous
medium with a mono-energetic photon beam. However, for poly-energetic photon
beams, a collection of weighted kernels are used to account for the energy spectrum.
This general approach is known as the superposition method.
Kernels can be modeled using various techniques based on the geometry of the
elemental beam that delivers the incident energy. For example, the kernel describing
the pattern of energy deposited in an infinite medium around a primary photon interaction site (due to first scatter) is known as a point kernel. In the literature this kernel
is also referred to as the dose spread array (Mackie et al., 1985), differential pencil
beam (Mohan et al., 1986), and point spread function (Ahnesjo et al., 1987). The
kernel that describes the energy deposition in a semi-infinite medium from a point
mono-directional beam is known as a pencil kernel. Another commonly used kernel
is the planar kernel, which describes the forward and backward energy spread from
primary interactions located in a plane from a laterally oriented infinite broad beam.
Although some of these kernels, especially point kernels arising from first scatter interactions (Boyer and Mok, 1985; Nilsson and Knoos, 1992), can be derived easily
from analytical method using empirical data, it becomes difficult to model multiple
scattered photons with this method. Mackie et al. (1988) and Mohan et al. (1986)
used Monte Carlo simulations to derive models for pencil beams. This method provides a straightforward method for modeling complex photon scattering even though
it is somewhat dependent on CPU time.
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Most of the treatment planning systems used in clinics today use a convolutionsuperposition method for dose calculations. The main reason is that this method takes
into account a large amount of the physics that actually occurs as a radiation beam
passes from the head of treatment machine through the patient. It explicitly incorporates the effects of beam shaping and beam modification in the modeling process.
However, the superposition-convolution method does have some disadvantages. The
main one is the time it takes for calculations. Due to this and also the hardware
technology commonly used in current commercial treatment planning systems, it is
not possible for a planner to manipulate beams followed by real-time dose calculation
and plan visualization (Purdy and Starkschall, 1999).
Another disadvantage stems from the beam commissioning process. The convolutionsuperposition method is not a pure model-based algorithm; it requires some empirical
parameters that need to be determined from the dose measurements in a water phantom (Purdy and Starkschall, 1999). However, since the medium in which the dose is
calculated is generally different from water, there may be slight variations in dose calculations in certain regions of the phantom. For example, Krieger and Sauer (2005)
investigated the efficiency of the collapsed cone (a faster version of the point kernel
method) convolution-superposition method in the vicinity of tissue heterogeneities.
They used a simple multi-layer phantom, consisting of polystyrene and styrofoam and
compared their calculated results to ion chamber measurements and Monte Carlo dose
simulations. They found that in polystyrene, both the kernel based and Monte Carlo
calculations agreed reasonably well with the measurements. However, by studying
off-axis dose profiles, they observed that in low density the convolution-superposition
method calculated up to 10 percent lower doses than those measured with the ion
chamber and calculated with the Monte Carlo method. They concluded that this
may be due to the effects of the electron density differences in the phantom used for
experiments and water used for beam commissioning.
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2.3.3

Monte-Carlo Method

The Monte Carlo technique is a pure model-based technique that models the dose
distribution in a medium by simulating photon and electron transport (Rogers et al.,
1995; Verhaegen and Seuntjens, 2003; Andreo, 1992; Purdy and Starkschall, 1999).
In the past, this technique had a limited application in radiotherapy due to its high
demands for computing power. However, since computing power is not a big concern
these days, the Monte Carlo method is slowly making its way into the radiation
treatment planning systems. One of the main reasons is that this is the only known
method that takes into account all relevant physical interactions. Clinically it is
considered to be the most accurate method for calculating dose since it allows one to
calculate dose even in the regions not well accommodated by other dose algorithms,
for example in the interface between tissues of very different electron densities (Sauer,
1995; Yu et al., 1995; Arnfield et al., 2000; Neuenschwander et al., 1995).
The Monte Carlo method simulates the stochastic nature of photon interactions by the means of sampling randomly from known cross sections of photon
interactions (Andreo, 1991; Mackie et al., 1996). The trajectory of the photon is
simulated until its energy falls below an energy threshold or when it leaves the volume of interest (see Fig. 2.2). A dose distribution can be achieved by following the
histories of millions of such photons and electrons, keeping track of the energy deposition within tissue elements of the body. Hence, the use of Monte Carlo method
for treatment planning in radiotherapy is a two step process; first, the beam output
of the radiotherapy is modeled, and second, the dose distribution in the patient or
phantom is calculated by using the beam model created in the first step. Apart from
the precision of the cross section data, the accuracy of the Monte Carlo calculations
depends mainly on the correctness of the information about the starting condition of
the radiation transport, the geometry of the setup and the materials used.
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Sichani and Sohrabpour (2005) used the Monte Carlo method to simulate the
photon beam from a Theratron 780 Co-60 unit. They evaluated its use for the calculations of the percentage depth dose and some radiation scatter factors for various
field sizes. Their results showed a dose agreement of 1 percent to the published data
of the British Journal of Radiology (McKenzie, 1996). Further validations performed
by Joshi et al. (2005) showed that for a fan beam of radiation from a Theratron 780
Co-60 unit, the Monte Carlo calculations of the percent depth dose curves and dose
profiles were within 2 percent of dose agreement to the ion chamber measurements.
To evaluate the Monte Carlo method for high energy photon beams and in
heterogenous phantoms, Blazy et al. (2006) simulated percent depth dose and dose
profiles of a 12 MV photon beam. They used a heterogeneous phantom, which consisted of lung and bone heterogeneities. The results were compared to the measurements obtained with a small cylindrical ionization chamber. Although they reported
a good agreement throughout the phantom, they did find some discrepancies, near
interfaces. However, they believed this was not due to the discrepancies in the Monte
Carlo program but due to the attenuation of the lower energy electrons by the wall
of the ionization chamber.
In summary, this section has reviewed the basic principles of the Milan-Bentley,
convolution-superposition, and Monte Carlo dose calculation techniques. In this thesis, the Milan-Bentley algorithm is adapted due its inherent simplicity. Although the
Milan-Bentley algorithm does not calculate dose accurately in heterogenous phantoms, this does not concern the work described here since the phantom used in this
work is made of a homogeneous, water-equivalent material. The Monte Carlo method
is also used in this work. However due to its requirements for computing power, only
partial dose calculations are performed with this technique and the rest of the calculations are performed using the Milan-Bentley algorithm. The details of the dose
calculations are presented in Chapter 3. Although convolution-superposition method
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is not used in this work, the discussion here would be useful for its implementation
for the future work on Co-60 tomotherapy.

2.4

Dose Verification Methods

As discussed previously, highly conformal treatment plans can be generated with
the aid of sophisticated computer applications. However, these plans cannot be implemented clinically until the calculated dose distributions are verified. Ideally one
would like to verify a treatment plan by performing a true in vivo test where the
detectors are placed in the patient; however, this is not a practical solution from the
patient point of view. Therefore, a special dosimetric verification method is required.
One way to indirectly verify the dose is to irradiate a simple phantom and compare
the resultant dose distribution in the phantom to the distribution calculated by the
treatment planning system for that particular phantom (Jursinic and Nelms, 2003).
The quantification of any significant differences between measurement and calculation can be obtained by superimposing measured and calculated dose contours.
This technique is sufficient if a good agreement is achieved between the plan and the
delivery; however it fails to explain any inconsistencies (Schreiner, 2006). Dose difference maps, which compute the dose difference between measured and calculated dose
distributions, can also be used (Mah et al., 1989). These maps are overly sensitive to
small spatial shifts occurring either due to errors in the calculations or the experimental set-up. Small shifts yield a large dose difference between the measurement and
the calculation in the steep dose gradient regions (i. e. where dose changes rapidly)
(Harms et al., 1998). The distance-to agreement (DTA) map (Shiu et al., 1992),
which gives the distance between a measured data point and the nearest point in
the calculated dose distribution, can take into account these small shifts and provides
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a better comparison of dose in high dose gradient regions than dose difference maps
(Harms et al., 1998). However, the problem with this technique is that it shows large
discrepancies in the shallow dose gradient regions (i. e. where dose changes slowly)
even if the dose difference is very small (Harms et al., 1998; Low and Dempsey, 2003).
Since steep dose gradient regions are typically much smaller in size than shallow dose
gradient regions, many of DTA distributions exhibit regions of disagreement greater
than the clinically acceptable criterion. Harms et al. (1998) suggested that these two
techniques should be used together instead of independently in order to relate both
low dose gradient and high dose gradient regions. Low et al. used this approach
to develop a gamma dose distribution method (Low et al., 1998; Low and Dempsey,
2003; Depuydt et al., 2002). The gamma dose distribution method, based on the dose
and distance criteria (typically agreement within 3% in dose and 3 mm in distance
is required), assigns a value of 1 or less to the regions where there is a good agreement between two distributions and a value higher than 1 where the agreement fails
(Low et al., 1998; Low and Dempsey, 2003; Depuydt et al., 2002).
An important component of the dosimetric verification is the choice of the dose
measurement tools. In the next two sections an overview of some of the commonly
used detectors, along with some examples from the literature where the researchers
have used these detectors to verify 2-D IMRT plans, is presented. The above discussion on dose quantification will help to understand the results reported by these
researchers.
There are a number of instruments that can be used for dose measurements. Of
the one dimensional systems (1-D), ionization chambers, thermoluminescent detectors
and diode detectors are commonly used in clinics for point measurements. However
for IMRT, 1-D systems are not sufficient since it is not possible to verify an IMRT plan
point by point. As discussed previously, IMRT is a complex technique where dose
drop-off is often very large in just small spatial displacement, especially at the edge
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of the targets, and is non-uniform in the target volume (Schreiner, 2006; Ezzell et al.,
2003). Therefore in order to accurately verify a two-dimensional (2-D) IMRT plan,
the data need be sampled with a good spatial resolution over some measurement
volume. This can be achieved with 2-D dose verification techniques such as multiple
arrays of detectors and film. The operation and use of the 1-D and 2-D dosimeters
are outlined below. The three-dimensional (3-D) dosimeters are out of context of
this thesis and therefore, the description of those systems can be found elsewhere in
literature (Schreiner, 2006, 1999; Ibbott et al., 1997).

2.4.1

One-Dimensional Dose Verification Systems

Ionization chambers are standard instruments in radiotherapy clinics for point measurements of radiation dose (Duggan and Coffey, 1998). They consist of a gas filled
enclosure between two conducting electrodes (Podgorsak, 2005). When the gas between the electrodes is ionized, the ions move to the electrodes of the opposite polarity,
thus creating an ionization current which can be measured by an electrometer. For
dose verifications, several ionization chambers are inserted within a phantom that
is tissue equivalent and a measurement of the absorbed dose is obtained. Some of
the strengths of the ionization chambers are their long-term stability, high precision,
direct readout, and relative ease of use (Duggan and Coffey, 1998). However their
biggest weakness is that they do not have a sufficient spatial resolution due to their
relatively large size. This can cause variations in dose due to volume averaging.
Although in recent years the design of the ionization chambers has been improved
greatly to make them as small as possible, these smallest chambers are still too big.
Thermoluminescent dosimeters (TLDs) are also widely used in the clinical
radiotherapy environment for detection and dose verification (Duggan and Coffey,
1998). They are crystalized material containing a phosphor, such as lithium fluoride
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or calcium fluoride (Khan, 1984). As the radiation interacts with the crystal it causes
electrons in the crystal’s atoms to jump to higher energy states, where they stay
trapped due to impurities in the crystal, until heated. Heating the crystal causes
the electrons to drop back to their ground state, releasing a photon of energy equal
to the energy difference between the trapped state and the ground state. These
photons are counted using photomultiplier tubes, and the number of photons counted
is proportional to the quantity of radiation striking the phosphor. The response of
TLDs can be affected by factors such as their previous thermal and radiation history,
the time and nature of storage between exposure and readout, and the gas surrounding
them during readout (Duggan and Coffey, 1998). Their main advantages are their
tissue equivalent composition, small dimensions and flexibility in shape. There is
generally negligible directional or field size dependence. The greatest drawback of
the technique is relatively poor reproducibility, typically 2%, even when calibration
is done carefully with good equipment (Duggan and Coffey, 1998).
Semiconductor diodes are generally more sensitive than ionization chambers
(Duggan and Coffey, 1998). This makes them very useful for measuring steep dose
gradients in regions such as the penumbra. They are made from silicon based pn junctions where the depletion zone in normally free of charge carriers (Van Dyk,
1999). When a diode detector is irradiated, charged particles are set free, which
allow a signal current to flow. The measured current is proportional to the energy
absorbed by the detector. The reproducibility, stability, and linearity of the diode
dose response are good. However, they do have a number of disadvantages, which
include a higher atomic number of silicon (14 versus 7 for water) that gives rise to a
larger energy dependence in comparison to ionization chambers (Duggan and Coffey,
1998). They exhibit radiation damage and hence, require re-calibration since their
radiation sensitivity decreases with increasing radiation. Due to their construction
they also show direction dependence, which has significant effects in some cases.
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Since all three types discussed above provide point measurements only, they
cannot be used for dose verification of the 2-D IMRT plans. The ionization chambers
and diodes can be used for IMRT verification if a 2-D array of these detectors is used.
In the next section, 2-D implementation of these detectors is discussed.

2.4.2

Two Dimensional Dose Verification Systems

There are a number of dosimeters that can measure radiation doses to high precision
in a 2-D plane and are considered quite useful for IMRT dose verification. In this
discussion, two of those types, 2-D array of detectors and film, are discussed. The
2-D array of detectors provides a quick method for daily IMRT quality assurance
and dose verification. Several different types of these detectors are available commercially. They differ slightly depending on the type and number of the detectors, their
arrangement with respect to the beam, and their dimensions.
Amerio et al. (2004) and Herzen et al. (2007) studied the ionization chamber
MatriXX (Scanditronix Wellhofer, Germany) containing 1024 chambers arranged in
a matrix of 32 x 32 chambers. The ionization chambers used by Amerio et al. (2004)
and Herzen et al. (2007) had a diameter 4.5 mm and height 5 mm. The center
to center chamber spacing was 7.62 mm. Amerio et al. reported a good signal
linearity with respect to dose and dose-rate. Furthermore, the results yielded excellent
reproducibility with values remaining within 0.5 percent over one month of daily
measurements. Herzen et al. reproduced these results and extended this work to
verification of 2-D IMRT plans. They compared the profiles that they measured with
a pyramidal beam arrangement perpendicular to the chamber array to the calculated
profiles and obtained a maximum deviation of 1 percent.
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Poppe et al. (2006) performed a study on two other types of 2-D arrays of
chambers to determine their potential for IMRT verification. These two detectors
were Version 1 (256 ionization chambers in a 16 x 16 matrix) and Version 2 (729
ionization chambers in a 27 x 27 matrix) of 2D-ARRAY (PTW-Freiburg, Germany).
They demonstrated an excellent short-time reproducibility of 0.2%. The long-term
reproducibility was found to be within 1% over a period of 4 months. They tested
these detectors for the verification of an IMRT plan based on only one field orientation. Experimentally this was accomplished by setting the gantry angle of the linac
to 0o with the 2D-ARRAY positioned perpendicular to the beam axis. The examples
they studied had dose discrepancies mainly at points near large dose gradients. However, they pointed out that if the expected versus measured dose distributions are
evaluated by the gamma dose distribution method (Low and Dempsey, 2003), most
of the mentioned discrepancies disappear. For example, their analysis showed that
except for one chamber of Version 1 and two chambers of Version 2, all chambers
satisfied the gamma criteria of 3 percent dose and 3 mm distance difference.
Although the 2-D array of detectors provides a quick method for dose verification, their spatial resolution is still limited. Hence for the verification of the plans
requiring a good spatial resolution, film is a likely choice. There are two types of
film: radiographic and radiochromic. The radiographic film consists of a radiation
sensitive emulsion coated on a transparent polyester base (Khan, 1984). The emulsion
consists of silver halide crystals embedded in gelatine. When the emulsion is exposed
to radiation, excitation and ionization takes place in the silver halide that leads to
the formation of a latent image. When the film is developed, the affected crystals are
reduced to small grains of metallic silver, which cause the film to become opaque.
The application of radiographic film in both linac-based IMRT and tomotherapy dose verification has been extensive (Zhu et al., 2002; Ju et al., 2002; Yang et al.,
1997; Oldham and Webb, 1997; Paliwal et al., 2000). Zhu et al. (2002) evaluated
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EDR2 radiographic film (an extended dose range film from Kodak, Rochester, NY) as
a possible method for 2-D dose verification of IMRT. They generated an IMRT plan
for a C-shaped pattern using 5 individual intensity modulated fields. For irradiations,
the film was placed in a film phantom, at an axial plane and was irradiated by a 6
MV x-ray beam. Although, Zhu et al. did not present any quantitative results of the
measured dose distributions, they did superimpose measured and calculated isodose
lines, showing a good agreement between the distributions.
The major drawback of the radiographic film is that its dose response can easily
be influenced by variables such as chemical processing (Khan, 1984). Slight variations
in processing conditions can influence the dose response greatly. Therefore, in order
to avoid uncertainties arising from processing conditions, an alternative film based
dosimeter, radiochromic film, has been developed. The radiochromic film has all the
geometric and integrating advantages of radiographic film and on top of that does
not require chemical processing (McLaughlin et al., 1996).
Radiochromic reactions by definition are a direct colouration of a medium by
the absorption of radiation, without requiring any latent thermal, optical or chemical
development or amplification. The radiochromic film works similarly; it consists of a
radiation-sensitive monomer, which upon irradiation, polymerizes to form a polymer
colored dye; thus, the film darkens automatically. Radiochromic films have a density closer to tissue and offer a large dose range up to 800 cGy when compared to
radiographic films.
Zeidan et al. (2006) used radiochromic film to perform dose verification on
several IMRT plans (five head and neck and five prostate). They performed their
measurements by placing sheets of GafChromic EBT film (International Specialty
Products, NJ, USA) inside a cylindrical solid water phantom in a plane perpendicular to the gantry rotation plane. The measured dose distributions were then compared
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to the ones calculated by the TomoTherapy treatment planning system (Hi-Art TomoTherapy, Madison, WI). The quality of agreement was quantified by the gamma
index for several sets of dose difference and distance to agreement criteria. Although
most of the plans did not satisfy the standard clinical criteria (3% dose and 3 mm
distance difference), a majority of them did satisfy a gamma criterion of 5% dose and
3 mm distance difference.
Despite the fact that the self-developing characteristic of the radiochromic
films has shortened the verification process significantly, they still do not have a wide
application in the clinical setting. One of the reasons is the limited research done on
these films to establish proper dose-verification procedures. The other reasons involve
their non-linear response over clinical dose ranges (McLaughlin et al., 1996). Nonlinear response is not a major concern since through proper calibration procedures the
dose response can be determined fairly accurately. However, the issue that is of major
concern is the post irradiation effect of the radiochromic films (Cheung et al., 2005).
Cheung performed several experiments to investigate the changes in optical density
(darkening of film) over time. The results, as in Fig. 2.3, showed that the optical
density changes as much as 10% in the first 24 hours post irradiation. Furthermore,
the change in optical density was dependent on dose, hence the effect became more
severe for high doses. Cheung recommended that in order to improve stability of the
measurements, the films should be left alone for at least 6 hours. Failing to calibrate
the film properly can have a significant impact on the dose measurements.

In this thesis, the EBT GafChromic film is used for dose verifications due to
its excellent spatial resolution, extended dose response, and self-developing features.
Since calibration of these films is complex, guidelines from several papers were used to
establish a calibration procedure that would yield accurate and reproducible results
(Cheung et al., 2005; Task Group 55, 1998; Meigooni et al., 1996; McLaughlin et al.,
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Figure 2.3: The graph is adapted from Cheung et al. (2005) and shows the
results of the experiments performed to investigate post-irradiation effects of
EBT GafChromic film.

1996). The procedure followed in this work was able to provide consistent results.
The details of this procedure are presented in Chapter 4.
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Chapter 3
Theory

The research work presented in this thesis involved investigating an in-house inverse
treatment planning system developed for Cobalt-60 (Co-60) tomotherapy. During
this process, several components of the in-house treatment planning system such as
the dose calculation algorithm and the optimization technique were analyzed. In
this chapter, the details of the Milan-Bentley dose calculation algorithm, along with
the modifications that were made to the model, are presented. The optimization
technique used in the in-house treatment planning system is based on the conjugate
gradient method. Although a detailed description of this method is presented in
Chng (2005) and Shewchuk (1994), a summary of the algorithm is provided here to
keep this thesis self-contained. The research work also involved irradiations of the
simulated treatment plans. A gamma comparison method was used to compare the
measured dose distributions with the simulated dose distributions. A brief discussion
of the gamma comparison method is presented at the end of the chapter.

38

3.1

Milan Bentley Dose Modeling Technique

The Milan-Bentley dose calculation algorithm provides reasonably good accuracy
when calculating dose for simple circular phantoms, made of homogeneous materials
(Milan and Bentley, 1974). However, it suffers from the disadvantage of requiring
large amounts of measured data, and from its limited ability to properly model scatter
and electron transport.
The initial Co-60 tomotherapy studies at the CCSEO were restricted to simple
homogeneous, tissue-equivalent phantoms, where the Milan-Bentley algorithm could
be used effectively for dose calculations.











 




Figure 3.1: The geometry for the pencil beam dose measurements

The Milan-Bentley model is based on the concept of diverging fan lines that
radiate from a source and which intersect depth lines located at selected distances
below the phantom (see Fig. 3.1). The dose distributions are obtained by rapidly
sampling measured data sets consisting of a central axis component and an off-axis
component for different source-to-surface distances (SSD). The dose at a point (x, d)
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can be calculated as follows:
µ
D(x, d) = C (d) R (x, d)

SSD
SSD + h + d

¶2
,

(3.1)

where C(d) is the central axis dose at depth, d and R(x, d) is the off axis ratio at
depth, d and off axis distance, x. The last term accounts for changes in the SSD
from those in the reference conditions. These changes are taken into account using
the inverse square law, which states that the photon fluence is inversely proportional
to the square of the distance from the source. The parameter h is the thickness of
missing tissue, while the parameter h represents the thickness of excess tissue. From
this one can determine how much the actual SSD differs from an initial SSD.
The central axis dose is commonly referred to as a percentage depth dose curve
(PDD). A PDD curve is obtained by normalizing the dose at a depth with respect
to the dose at a reference depth. Khan (1984) defines PDD as the quotient of the
absorbed dose at any depth, d (Dd ) to the absorbed dose at a fixed reference depth,
do , (Ddo ) along the central axis of the beam.
P DD = 100

Dd
Ddo

(3.2)

The original Milan-Bentley model in Eq. (3.1) has been modified over the
years to correct for changes in SSD, surface curvature, and basic inhomogeneity corrections more effectively (Booth, 2002). However, one more variable that needs to
be investigated is the contribution from scatter at each SSD. In the Milan-Bentley
algorithm, the measurements are taken at only one SSD and then using those data,
doses at other SSDs are calculated using the inverse square law. Hence, the algorithm
assumes that the contribution from scattering remains the same at all SSDs and the
inverse square law alone is sufficient for calculating doses at different SSDs.
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This assumption is not correct for the pencil beam used in this research project.
Through several pencil beam measurements, it was found that scattering made a
higher contribution to the measurements taken at smaller SSDs (see Chapter 5). This
is because for this particular experimental set-up, the pencil beam collimator and the
phantom were placed very close to each other. Therefore, the scattered electrons
that originated within the collimator made a significantly higher contribution to the
measurements made at smaller SSDs than the measurements made at larger SSDs. In
order to take into consideration scattering at all SSDs, Eq. (3.1) needs to be modified
to include an SSD-dependent scattering function. The models discussed below are
derived specifically for the pencil beam used at the CCSEO. These were obtained
after fitting the pencil beam data, which are discussed in Chapter 4 and 5. In the
modified model, the central axis dose is calculated by:
µ
−µef f (d−dmax )

P DD(SSD, d) = 100e

SSD + dmax
SSD + d

¶2
Ks (SSD, d),

(3.3)

where µef f is the linear attenuation coefficient for the primary beam in the phantom
material and dmax is the buildup depth, where maximum dose is achieved. The
linear attenuation coefficient for a Co-60 beam in water is 0.0657 cm−1 (Podgorsak,
2005) and the maximum dose is achieved at a depth of 0.5 cm. Ks (SSD, d) is the
scatter function dependent on depth, d and SSD. The scatter component is generally
difficult to model using the Milan-Bentley algorithm. However, if the focus of this
model is restricted to a specific field size and a limited range of SSDs, a reasonable
approximation can be made. Therefore, through fittings of the pencil beam data it
was found that an exponential function provides the best approximation for scattering
at different SSDs; hence Ks (SSD, d) is defined as:
Ks (SSD, d) = A(SSD) ∗ e−m(SSD)∗d

n(SSD)

,

(3.4)

where A, m, and n are functions of SSD fitted to polynomials (See Appendex A).
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The buildup region of the PDD (the region before dmax ) is modeled separately.
The fit results showed a very little difference between the buildup region for different
SSDs, therefore, the buildup dose can be determined as a function of depth only:

P DDbuildup (d) =

5
X

pi di .

(3.5)

i=0

pi is the set of fitting parameters, p1, p2 ,...,p5 .
With the new PDD model, the pencil beam dose can be calculated as follows:

D(x, y) = Dref ∗ t ∗ RDF ∗ P DD (d, f ) ∗ R (x, d, SSD) ,

(3.6)

where Dref is the reference dose rate calculated at a standard geometry, which consists
of a field size of 10 x 10 cm2 , a depth of 0.5 cm and a source to axis distance (SAD)
of 80 cm. The maximum dose rate of the Co-60 source at standard conditions is
approximately 250 cGy/min. Since the field size of the pencil is much smaller than
the 10 x 10 cm2 field size, a relative dose factor (RDF) is required to calculate the dose
for the pencil beam using the reference dose measured at the standard conditions.
A relative dose factor is defined as the quotient of the dose for 1 x 1 cm2 field size
to the dose at 10 x 10 cm2 size, with all other geometry parameters kept fixed. t
refers to the exposure time and R(x, d, SSD) refers to the off axis ratios. Fit results
presented in Chapter 5 show that R(x, d, SSD) can be modeled as a sum of three
gaussian functions:
³

R(x, d, SSD) = a1 ∗ e

x+b1
c1

´2

³

+ a2 ∗ e

x+b2
c2

´2

³

+ a1 ∗ e

x+b1
c1

´2

,

(3.7)

where a1 , a2 , b1 , b2 , c1 , and c2 are fitting parameters as functions of depth and SSD
(e. g. a1 (d, SSD), a2 (d, SSD) etc.).
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3.2

Co-60 Tomotherapy Dose Calculations

In the previous section, a dose calculation method for a single point was established.
This section focuses on dose calculations for an entire phantom, in particular a cylindrical, water-equivalent phantom used for Co-60 tomotherapy deliveries.
Let N be the total number of pencil beams with n corresponding to the indices
of the pencil beams (1 ≤ n ≤ N ) and M be the total number of voxels with m
representing the indices of each voxel (1 ≤ m ≤ M ). In this project, each voxel is
represented by a 2-D pixel, which is understood to represent a volume since the slice
has a finite thickness. If the dose calculated at a point from pencil beam n to voxel
m per unit of energy fluence is represented as dnm , then the total dose, ddm , delivered
to that voxel by all pencil beams is defined as:
ddm =

X

dnm xn ,

(3.8)

n

where xn represents the beam-weights that describe the quantity of fluence delivered
to that beam (Van Dyk, 1999). The beam-weights in the context of this project
correspond to the dwell time (irradiation time) of the pencil beam at each position.
As shown in Fig. 3.2, the first step of dose calculations is the same for all field
orientations as long as the phantom rotates around the isocenter. This is because
since a circular phantom is used, the distance between the phantom and the source
will always be the same regardless of the angle of rotation. Therefore, the dose can
simply be added to the grid as if the gantry was at zero degree angle and the dose
grid can then be rotated based on the field orientation using the MATLAB bilinear
interpolation method (The Mathworks, Natick, MA). After the rotation, the dose
grid is re-indexed into an M x 1 vector, which is continuously updated until all field
orientations are taken into consideration.
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Central axis dose

Step 1: For all field orientations,
the initial step of assigning dose
to the grid by a pencil beam n is
the same.

Beam

Off axis dose

Step 2: The dose grid is rotated
according the field orientation.

Step 3: The dose in this frame is a
result of an implicit bilinear
interpolation of the dose in the
previous frame.

Step 4: The dose matrix is
reshaped mathematically into a
1-D array of length M.

Figure 3.2: An example of dose calculations for a rotational beam geometry.
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3.3

Inverse Treatment Planning and Dose Optimization

As discussed before, inverse treatment planning is an automated treatment planning
technique which calculates beam parameters using constraint criteria and optimization algorithms. These beams parameters yield a dose distribution which is similar to
the desired dose distribution. This section discusses the process of inverse treatment
planning and the gradient based optimization algorithms.
Clinically, the treatment planning process generally begins with a CT scan in
order to obtain patient anatomical information. A radiation oncologist then studies
the CT images and defines a number of contours, representing tumour volumes and
critical structures surrounding the tumour. The contours are defined according to
the standards recommended by the Report 50 of the International Commission on
Radiation Units and Measurements (ICRU) (ICRU Report 50, 1993). The tumour
volume that can be identified visibly by looking at the CT image is defined as the
gross tumor volume (GTV). The GTV does not fully take into account the whole
tumour volume. Clinical practice and experience indicates that there is generally
a microscopic spread of the disease, which is not seen on the CT image (Van Dyk,
1999). Therefore, as seen in Fig. 3.3, the oncologists will often draw another contour,
known as the clinical target volume (CTV), slightly outside of the GTV. These two
contours are sufficient if the patient remains stationary during the treatment and
there are no set-up errors. However, this is not possible as patient motion and set-up
errors are unavoidable. Hence another contour, defined as the planning target volume
(PTV), is included to account for errors that tend to shift the CTV. Figure 3.3 also
shows contours that specify critical regions such as the bladder and the rectum. These
regions are known as organs at risk (OAR). The purpose of defining such contours is
to limit the dose to healthy organs, which may otherwise be damaged.
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Bladder
CTV

GTV

PTV
Rectum

Figure 3.3: An example of the treatment planning contours (Podgorsak,
2005).

Each contoured structure is prescribed with a desired dose. However, since it
is impossible to achieve a dose distribution with exact dose prescriptions, a tolerance
is specified to allow the dose to vary slightly. After defining structures and prescribing
dose, the operator specifies the geometry (e. g. number of beams and orientations),
and provides an initial selection of beam weights for optimization to begin. Using
the initial selection of beam weights, the treatment planning system computes a
dose distribution. The calculated dose distribution is then compared to the desired
dose distribution using an objective function, described in the next section. This
comparison determines whether an update factor is required for the beam weights.
If the calculated dose distribution does not satisfy the specified criteria, new beam
weights are used to recompute the dose distribution. The optimization is terminated
if the new dose distribution satisfies the given criteria. Otherwise, another set of
beam weights are computed, and the optimization continues to iterate until a desired
dose distribution is achieved.
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In the next few subsections, a brief discussion of the quadratic objective function and the conjugate gradient optimization technique is presented. A detailed description of these techniques can be found in the works of Shewchuk (1994) and Chng
(2005).

3.3.1

Quadratic Objective Function

The inverse treatment planning system developed for Co-60 tomotherapy uses a
quadratic objective function to evaluate the dose distribution achieved at each iteration. The quadratic function computes the sum of the squares of the difference
between the prescribed and the current dose (Van Dyk, 1999) and is defined as:

Fobj (x) =

X

(dpm − ddm )2 ,

(3.9)

i

where dpm is the prescribed dose and ddm is the dose delivered to each voxel, which can
be computed using Eq. (3.8). x is the vector containing beam weights.
The vector form of the quadratic function is written as 12 xT Ax − bT x + c
(Shewchuk, 1994; Chng, 2005), and can be derived from the square of the norm of
the residual vector, r, which gives the difference between the desired dose and the
calculated dose. r is defined as:

r = f − Dx,

(3.10)

where f is a vector describing the desired dose, D is the dose-deposition matrix that
describes the dose distribution that arises from any set of beam weights. The square
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of the norm, (k r k2 ), can be calculated as follows:
k r k2 = rT r
= (f-Dx)T (f-Dx)
= xT DT Dx − 2fT Dx + fT f.

(3.11)

Using A = 2(DT D), bT = 2fT D, and c = fT f, the square of the norm simplifies to a
standard quadratic function:
1
k r k2 = xT Ax − bT x + c.
2

(3.12)

This function assumes that the relative importance of each voxel is the same. However, clinically some regions are considered more important than the others (Chng,
2005). Therefore, the importance of each region needs to be defined in the objective
function. If matrix W defines the importance for each voxel, then the above parameters can be adjusted such that A = 2(DT WD), bT = 2fT WD, and c = fT f. Hence,
it is the weighted quadratic form that needs to be minimized to achieve a distribution
as close as possible to the desired dose distribution.
1
Fobj x = xT Ax − bT x + c
2

(3.13)

The minimum of the objective function can be found by setting the gradient of the
objective function equal to zero.

∇Fobj = Ax − b = 0,

(3.14)

The next section describes how the gradient of the objective function can be
used to find the solution to an optimization problem.
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3.3.2

Conjugate Gradient Method

The gradient based optimization algorithms are performed in two steps. In the first
step, a search direction along which the objective function decreases is established
and in the second step, the length of the step (the update factor) along that direction
is determined. Based on the gradient of the objective at each iteration, the algorithm
works towards the minimum in a series of iterative steps.
The task of determining the direction is easy and can be found using Eq.
(3.14). However, finding the step length requires some work. Consider pi to be the
search direction at iteration i. The step xi+1 can then be determined as follows:

xi+1 = xi + λi pi ,

(3.15)

where λi is the step length. λi can be calculated by finding the minimum of the
function along each search direction. The minimum corresponds to the point at
which the gradient of the objective function is orthogonal to the search direction.
This can be written as
pTi g(i+1) = 0.

(3.16)

g(i+1) is the gradient at x(i+1) , which by definition is
g(i+1) = b − Ax(i+1) .

(3.17)

The step length, λi can then be computed by substituting Eq. (3.17) into Eq.
(3.16):
λi =

pTi gi
.
pTi Agi
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(3.18)

Figure 3.4: The steepest decent method. The illustration is adapted from
Shewchuk (1994).

Steepest descent is the most basic gradient based algorithm that uses the generalized idea discussed above. In steepest decent, the search direction is the direction
of the steepest decent, which is opposite to the gradient of the objective function (Fig.
3.4). In this algorithm the direction of the steepest decent is denoted as gi . In order
to find the steepest descent, the gradient has to be orthogonal to the previous search
direction. Making these adjustments to the general gradient method, the steepest
descent algorithm becomes:

gi = −∇Fobj = b − Axi

(3.19)

gTi g0 = 0

(3.20)

xi+1 = xi + λi gi

(3.21)

λi =

gTi gi
gTi Agi

gi+1 = gi − λi Agi .
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(3.22)
(3.23)

However, as shown in Fig. 3.4, the disadvantage of the steepest descent method
is that it often finds itself taking steps in the same direction as earlier steps, which
spoils previous minimization. This happens due to the requirement of steepest descent
method that each gradient be orthogonal to the previous gradient.
The method of conjugate gradients has been adapted from steepest descent,
which does not spoil previous minimizations (Shewchuk, 1994; Chng, 2005). Let us
start by picking a set of search directions ho , h1 , ..., h(n−1) such that in each search
direction, the step that is taken is the right length to line up evenly with the minimum
point. And after n steps, the search is complete. This is illustrated in Fig. 3.5 using
the coordinate axes as search directions. The first step (horizontal) lines up with the
minimum point and the second step (vertical) reaches the minimum point. These
steps can be determined Eq. 3.24.

xi+1 = xi + λi hi

(3.24)

To find the value of λi , an error vector ei is needed that describes the difference
between the solution (x∗ ) and the current iterate at the ith iteration; hence ei is:
e i = xi − x∗ .

(3.25)

Using the fact that e(i+1) should be orthogonal to hi , λi can be determined from the
following equations:
hTi e(i+1) = 0

(3.26)

hTi (ei + λi hi ) = 0

(3.27)

λi =
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hTi ei
− T .
hi hi

(3.28)

h(

Figure 3.5: The method of orthogonal directions. The illustration is adapted
from Shewchuk (1994)

However, since ei is not known prior to optimization, λi cannot be determined
using this method. A solution is to make the search directions conjugate with respect
to A or A-orthogonal, rather than simply orthogonal. Two vectors hi and hj are
A-orthogonal if
hTi Ahj = 0.

(3.29)

Now the new requirement is that e(i+1) should be A-orthogonal to hi , instead
of just orthogonal. The expansion coefficient of ei in the basis of A is:
Aei+1 = A(xi+1 − x∗ ) = Axi+1 − b = −gi+1 .

(3.30)

So the step length, λi can now be calculated successfully as stated below:

λi =

hTi gi
.
hTi Ahi
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(3.31)

What is remaining to be found now is a set of A-orthogonal search directions
{hi }. These can be generated using the conjugate Gram-Schmidt process. With this
method, one can construct orthogonal vectors from an arbitrary linearly independent
set by subtracting the components from the basis vector at each iteration that are
not A-orthogonal to the set of previous search directions. If u is the Cartesian basis
set, then using the Gram-Schmidt process, hi+1 can be found as follows:

hi+1 = ui +

i
X

βij hj ,

(3.32)

j=1

where βij is the component of hj that is not A-orthogonal to ui . The values of β
can be found by multiplying it by Ahj and using the definition of A-orthogonality
to isolate the coefficients (Shewchuk, 1994).
The conjugate Gram-Schmidt process is not very efficient since it requires
that previous search directions must be stored and the coefficients computed for
each iteration. For a large scale problem like dose optimization, the computational
cost is too high. To avoid this problem, the conjugate gradient method uses the
residual vector gi instead of the Cartesian basis vector ui to construct hi+1 . Using
the residuals as a basis, only βi is non-zero (The readers are encouraged to review the
proof presented in Shewchuk (1994)). Since only the most previous search vector is
required to calculate the next step, it requires less storage. Hence the search direction
for the conjugate gradient method can be determined as following:

hi+1 = gi+1 + βi hi

(3.33)

As mentioned previously, the βi can be calculated by multiplying by Ahi and applying
orthogonality properties:

βi =

gTi+1 gi+1
gTi+1 Ahi
=
.
gTi gi
hTi Ahi
53

(3.34)

This concludes the mathematical details of the conjugate gradient method.
The performance of this method is illustration in Fig. 3.6. The next section discusses
how conjugate gradient method is utilized in radiotherapy to optimize treatment
plans.

Figure 3.6: The method of conjugate gradients. The illustration is adapted
from Shewchuk (1994)

3.3.3

Application of Conjugate Gradient Method in Radiotherapy

The conjugate gradient method discussed thus far is for an unconstrained problem,
which means the solution may have some negative components. In radiotherapy
treatment planning, the negative components are a problem since they are not physical; that is because it is not possible to subtract dose. For a physical result, the
optimization must be performed iteratively with a lower bound constraint of zero.
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To analyze this further, let us define a maximum feasible step size λmax for
the constrained optimization:
λmax = λ : min(xn + λpn ) = 0,

(3.35)

where p ∈ <N is a general search vector. Unlike for the unconstrained optimization,
the step length λ does not necessarily minimize the line because the unique point
where the search direction is orthogonal to the gradient may be unfeasible. This
is particularly true for the conjugate gradient (CG) method which will not work
when λCG
is greater than λmax
since it requires that when constructing A-orthogonal
i
i
search vectors, the objective function has to be minimized along each search vector.
One way to solve this problem is to constrain the problem such that the negative
components are set at bound (e. g. zero) and only the positive components are used
for optimization. This is illustrated in the following discussion.
Let A be the active set of the subset of N such that it contains the indices of
the beam-weights in xn that are constrained to zero at x∗ ,
A ≡ {n ∈ N |(x∗ )n = 0}.

(3.36)

Let F be the compliment of A, which corresponds to the indices of positive
beam-weights,
F ≡ {n ∈ N |(x∗ )n > 0}.

(3.37)

Let B the bound-active set which corresponds to a descent direction in the
objective function,
B ≡ {n ∈ N |(g∗ )n > 0}.
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(3.38)

If the active set, A, is known prior to optimization, then the corresponding
indices can be set at bound, and the optimization on the remaining variables can be
performed as it would be performed for unconstrained problem.
The optimality of the solution is defined using the Karush-Kuhn-Tucker (KKT)
first-order condition. The KKT condition states that at the ith iteration, xi is optimal
only if:
k (g|Fi ) k= 0 AND {(gn ) ≤ 0|n ∈ Ai },

(3.39)

where g|Fi denotes the components of g which have indices in F.
However, the problem is that the active set, A, is not known prior to optimization. A solution to this problem is to use the active set conjugate gradient method
(Hristov and Fallone, 1997), which provides a strategy for predicting Ai and Fi , the
active and free sets at iteration i, and updating them when they are found to be
inaccurate.
There are a number of ways to predict the active set. One way is to predict
the active set at the Cauchy point (Hristov and Fallone, 1997). The Cauchy point is
the first local minimum of the objective function along the projection of the search
direction onto the feasible region. The Cauchy point can be found by arranging the
line elements of q, a piecewise linear path, by the order in which they reach bound
as a function of the step length λ. Then the search proceeds down each line element
until the first minimum is found.
The line minimization method is computationally very expensive, which makes
the optimization algorithm less efficient when a large number of beams are being optimized. The aggressive active set (AAS) prediction strategy (Chng, 2005) is designed
for treatment planning of radiotherapy techniques such as tomotherapy, which involves thousands of pencil beams. The drawback of this technique is that it is not a
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generalized technique and cannot be used for all cases. The reasons for this will be
apparent shortly.
The AAS prediction scheme estimates the active set for iteration i + 1 at the
point xAAS
, using the projected update of the conjugate search in x|Fi , instead of
i
finding the Cauchy point along hi by line minimization (Chng, 2005).
xAAS
= xi + P(λCG
i hi |Fi )
i

(3.40)

P is the projection operation. This method tends to restrict more beams than would
reach lower limit at the Cauchy point and thus it is called “aggressive” prediction
method. This is acceptable for treatment planning of tomotherapy because the number of elements in A is often larger than the number of elements in F (Chng, 2005).
Another feature of AAS prediction scheme is that it is much more stringent
when it comes re-evaluating F (Chng, 2005). The active set of an AAS prediction
scheme is permitted to include indices that are not in the bound set in order to
discourage variables from repeatedly joining and leaving the free set (Chng, 2005).
Furthermore, AAS based conjugate gradient method is faster because it uses a “relaxed” set of KKT conditions. In inverse treatment planning, finding the optimal set
of beam weights according to the KKT condition specified in Eq. (3.39) is impractical
because of the number of iterations that may be required. Therefore, KKT condition
is revised such that (g|Fi ) does not necessarily need to be zero.
k (g|Fi ) k= ε AND {(gn ) ≤ 0|n ∈ Ai } where ∃ε > 0

(3.41)

In practice, ε is chosen such that a balance is achieved between the desired
dose distribution and the amount of time that it takes to calculate a treatment plan.
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3.4

Gamma Dose Comparison Method

The introduction of IMRT in the clinical setting has led to the widespread need for
dose measurement and comparison methods. A number of dose comparison methods
have been developed to perform dose comparisons between measured and calculated
dose distributions. As discussed in chapter 2, most of these methods are overly
sensitive in either high dose gradient regions or low dose gradient regions. Low et al.
(1998) implemented a method that works for both high and low dose gradient regions
and quantifies the dose and distance agreement. This method is known as the gamma
distribution.
The gamma distribution performs a comparison between two dose distributions. The calculated dose distribution is treated as the true distribution, while the
measured dose distribution is analyzed for its agreement with the calculated. A
gamma value, “Γ”, exists for every possible pair of locations between the calculated
and the measured distribution (Low et al., 1998; Low and Dempsey, 2003). For example, if rc = (xc , yc , zc ) is a point within the calculated dose distribution with a dose
→
−
value of Dc (rc ), then a gamma vector Γ c,m can be calculated between this point,
and any point in the measured distribution, rm = (xm , ym , zm ), by normalizing the
distance between the calculated point and the measured point, ∆r = |rc − rm | to
the tolerance criteria ∆dm . The magnitude of this normalized distance comprises
one component of the gamma vector. Similarly, when it is normalized to the dose
tolerance criteria, ∆Dm , the dose difference between the calculated point and the
−
→
measured point (∆D = Dc (rc ) − Dm (rm )) comprises another component of Γ c,m .
The normalized distance combined with the normalized dose difference form the ba→
−
sis of the traditional gamma vector, as defined in Eq. (3.42). The smallest Γ c,m that
can be found by comparing a calculated point with all points in the measured dose distribution is returned as the gamma index value, γ, as in Eq. (3.43). Thus, the gamma
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map is built by calculating γ index for every point in the calculated distribution.
s
Γ(rc , rm ) ≡

∆r2
∆D2
+
2
∆d2M
∆DM

γ ≡ min(Γ(rc , rm ))

(3.42)

(3.43)

This produces a grid of gamma values with dimensions comparable to the
calculated distribution. The typical clinical criteria for ∆Dm and ∆dm is 3 % and
3 mm, respectively. Any regions with gamma values less than 1 suggest that the
comparison test in those regions satisfied the specified gamma criteria. Gamma values
above 1 indicate that the comparison test has failed. At this time the in-house
gamma program does not provide any information on what causes failure between
the calculated and the measured dose distribution, however, this is being investigated
by Holmes et al. (2008) at the CCSEO.
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Chapter 4
Materials and Methods

The main objective of this research project is to validate the in-house treatment
planning system by planning 2-D irradiations of a phantom containing film and then
comparing delivery with the plan. This chapter begins with an overview of the components of the Cobalt-60 (Co-60) tomotherapy dose delivery system. Two main components discussed are a Co-60 radiation therapy unit and a translation-rotation bench
top apparatus. The second half of the chapter focuses on treatment planning. In particular, it discusses the dose measurement techniques used to derive a dose model for
a thin, pencil-like beam of radiation. As discussed in Chapter 3, a dose model is an
integral component of a treatment planning system. The last section discusses the tomotherapy treatment planning of three treatment structures, one of which represents
a clinical scenario.
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4.1

Co-60 Tomotherapy Dose Delivery System

A simple translation-rotation bench top apparatus, in conjunction with a conventional
Cobalt-60 radiotherapy machine (Theratron 780C, MDS Nordian, Kanata, ON), was
used as a tomotherapy dose delivery system. As illustrated in Fig. 4.1, the Co-60 unit
is directed towards the phantom containing x-ray film from 90 degrees relative to its
standard position. A pencil beam collimator is mounted on the Co-60 unit in order
to collimate the radiation beam to a thin, pencil-like beam. While the Co-60 pencil
beam remains stationary during irradiation, the film phantom undergoes rotational
and translational motion. The overall delivery mimics the irradiation of a single slice
achieved with serial-tomotherapy. As in serial-tomotherapy, the phantom is advanced
to the next slice after one complete rotation. However, in this project irradiations
are restricted to 2-D (e. g. film); therefore, only one slice is irradiated. The following
subsections provide complete details of the Co-60 unit, the translation-rotation bench
top apparatus, and the film phantom.

4.1.1

Co-60 Radiotherapy Unit

The Co-60 radiotherapy unit provides the source of gamma rays for tomotherapy experiments. It uses a Co-60 radioactive isotope that has a half-life of 5.26 years. This
isotope undergoes negative beta decay under which the nucleus emits a beta particle.
This leads to an excited state of Nickel-60 (Ni-60), which gives up its energy by the
emission of two gamma rays with energies of 1.17 and 1.33 MeV. Since these two energies are almost the same, the Co-60 source is usually considered to be a mono-energetic
gamma ray source with an average energy 1.25 MeV (Johns and Cunningham, 1983;
Khan, 1984).
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Theratron 780 Cobalt-60
Radiotherapy Unit
Rotated Through 90o

Film
Phantom

Translation-Rotation
Bench-top Device

Pencil Beam of Radiation
Exiting Pencil Beam
Collimator

Figure 4.1: Photograph of the Co-60 tomotherapy dose delivery system.

As shown in Fig. 4.2a, a Co-60 unit consists of a stand, gantry, treatment
head, and couch. In Fig. 4.2b, a schematic diagram of the internal structure of the
treatment head is presented. The treatment head consists of a source, a fixed primary
collimator, and secondary jaws (also known as adjustable collimators). The source
consists of many, small radioactive Co-60 pellets, which are tightly packed into a
cylindrical volume with a diameter 1.5 cm and length approximately 5 cm.
The photons generated within the Co-60 source radiate isotropically. In order
to define various sizes and shapes of the gamma ray beam, a collimation system is
required. This collimation system consists of a fixed primary collimator and 4 sets
of secondary jaws (Joshi et al., 2008). The fixed primary collimator is placed after
the source and is made from tungsten with an approximate thickness of 6 cm. The
secondary jaws are placed after the primary collimator and their purpose is to adjust
the size of the beam such that a field size of 7 x 7 cm2 to 35 x 35 cm2 can be achieved.

62

(a)
Treatment
Head
Stand

Couch

(b)

Gantry

Source Head
Source

Primary
Collimator

Secondary Jaws

Pencil Beam
Collimator

Isocentre

Figure 4.2: (a) Photograph of the Theratron 780C Co-60 Radiotherapy unit
and (b) the schematic diagram of the geometry inside its treatment head. The
geometry of the treatment head is adapted from Joshi et al. (2008).
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These collimators consist of 2.5 cm thick rectangular-shaped lead leaves that are
interlaced in the x and y directions.

Plastic Holder

7 cm
Cerrobend
Block

7 cm

0.65 x 0.65 cm2
hole

Figure 4.3: Photograph of the 1 x 1 cm2 , non-diverging pencil beam collimator made of cerrobend block.

Since the smallest field size achievable with the Theratron 780 Co-60 radiotherapy unit is 7 x 7 cm2 , the existing collimation system is unable to define a pencil
beam geometry required for tomotherapy deliveries. For this reason a customized
pencil-beam collimator, shown in Fig. 4.3, had been designed to collimate the beam
to a 1 x 1 cm2 field size at the isocenter of the gantry, which is located at a sourceto-axis distance (SAD) of 80 cm Gallant (2006). It is made from a non-diverging
cerrobend block with a depth, height, and length equal to 7 cm. The block has a 0.65
cm wide hole to allow radiation to pass through. It is securely mounted on a plastic
tray which can be inserted into the slots located 56.5 cm from the Co-60 source, and
29 cm below the existing collimation system.
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4.1.2

Rotation-Translation Bench-top Apparatus

The photograph in Fig. 4.4 illustrates the rotation-translation bench top apparatus
used for Co-60 conformal dose deliveries. The bench top apparatus consists of three
2-phase, 1.8 degree/step VEXTA stepping motors (Oriental Motor Corp., Torrance,
CA) to control rotation and translation (along x and y axis) of the phantom. The
motion control is performed using a LabView (National Instruments Corp., Austin,
TX) program.

Rotary Stage

Translation Stage

Figure 4.4: Photograph of the rotation-translation bench-top apparatus

When irradiating, the gantry of the Co-60 unit remains stationary at 90o ,
producing a horizontal beam. The phantom rotates and translates in front of the
beam, mimicking an intensity modulated fan beam similar to tomotherapy. Each
angle of the rotation represents one field orientation. The number of field orientations
is determined by the angular interval of rotation. At each field, the phantom is
translated across the pencil beam, generating a fluence profile. The effective intensity
is modulated by varying the dwell time at each translational step. The phantom is
allowed to dwell for a longer period when a higher dose is required and a shorter
period when a lower dose is required. The number of translational steps represent
the number of pencil beams (or beamlets) per field orientations. The modulation
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achieved by scanning the phantom across the pencil beam yields a behavior similar
to an MLC, which modulates the beam by moving its leaves in and out.
The simple experimental set-up based on a pencil beam collimator described
above is useful for investigating the potential of Co-60 tomotherapy. The dose deliveries discussed in this thesis are all based on this set-up. However, the pencil beam
collimator is not a practical choice for the development of a clinical Co-60 tomotherapy unit. The delivery using a scanned pencil beam takes a long time to deliver. A
practical choice would be to use a multi-leaf collimator (MLC).
Recently the Medical Physics group at the CCSEO acquired a binary MLC,
MIMiC, from Nomos Corporation for Co-60 conformal dose deliveries. As shown in
Fig. 4.5 and discussed in Chapter 2, the MIMiC has 20 tungsten leaves that can
modulate the intensity of the 20 beamlets simultaneously. Later in this chapter, computer simulations of the MIMiC based treatment plans will be discussed. However,
these plans were not delivered on film. There are two reasons why the experimental
work has been limited to the pencil beam collimator. The first reason is that the
dose behavior of the MIMiC has only been characterized for delivery as a sequence
of individual beamlets (one leaf open at a time). However, for time-efficient delivery
the MLC is intended to be operated with as many leaves open as possible at one
instance. The software to derive this “leaf sequence” has not been developed for a
Co-60 source. The second reason is that due to the lack of control software for the
MIMiC system, it is not possible to automatically control the leaves of the MIMiC.
They would need to be opened and closed manually, which is not feasible when delivering a dose using thousands of beams. However, these are only temporary issues;
the CCSEO group is in the process of solving these issues in order to use the MIMiC
for future tomotherapy studies.
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Theratron 780C Co-60
Radiotherapy Unit

Binary Multi-leaf Collimator
(MIMiC)

MIMiC
System

Figure 4.5: Photograph of the MIMiC multi-leaf collimator mounted on
Theratron 780 Co-60 unit.

4.1.3

Film Phantom

In radiotherapy, phantoms are generally made from materials that have density equivalent to tissue. One such material is polystyrene. In this project a polystyrene based
phantom was used for the treatment delivery studies containing film. The film was
cut into a circular shape with a diameter 19.2 cm, similar to the film phantom shown
in Fig. 4.1, and was placed in between the slabs.
The film used in this project for verification of treatment plans was EBT
GafChromic (International Specialty Products, NJ, USA) film. This film does have
some limitations such as post irradiation effects and non-linearity to response of dose,
as discussed in Chapter 2. However, the literature suggests that with an established
calibration and irradiation procedures, the extent of these effects can be minimized
significantly (Cheung et al., 2005; Zeidan et al., 2006; L. Paelinck and De Wagter,
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2007). Details of the calibration are discussed later in this chapter and the results
are presented in Chapter 5.

4.2

Dose Measurements and Simulations

In the following sections the methods used for dose measurements are discussed.
Two types of dose measurements were taken. One involved measurements of the
pencil beam to characterize its behavior in water. These measurements were used to
formulate a dose model discussed in Chapter 3. Based on the model, the treatment
planning program calculates the dose that will be delivered to the phantom from
a selected number of beams and field orientations. The optimization process then
assigns beam weights to the selected beams such that a dose distribution similar to
the desired one can be calculated. Therefore, the second set of measurements were
performed on the film phantom in order to validate the dose distributions calculated
by the in-house treatment planning system.

4.2.1

Pencil Beam Dose Characterization

To determine the dose distribution of the pencil beam of radiation in tissue-equivalent
materials using the Milan-Bentley dose calculation approach, several dose measurements were performed with a water tank measurement system known as Blue Phantom (Scanditronix-Wellhöfer, Bartlett, TN) using an ion chamber and a diode detector. For measurements, each detector was secured on a metal rod of the water tank
and was moved in both horizontal and vertical directions. The motion of the detector
was controlled from the control room using Omni-Pro Accept software (Scanditronix
Wellhöffer, Bartlett, TN). The ion chamber used was a small cylindrical, type CC01
(Scanditronix Wellhöffer, Bartlett, TN) chamber with an active volume 0.01 cm3 .
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The diode detector used was an electron field diode detector (Scanditronix Wellhöffer,
Bartlett, TN) with an active area measuring 2 mm in diameter.
The dose measurements were taken at four different source-to-surface distances
(SSDs): 70 cm, 75 cm, 80 cm, and 85 cm. At each SSD, the central axis dose was
measured at every 1 mm interval from the surface of water to the bottom of the tank
(Fig. 3.1). To determine the off axis dose, in-plane and cross-plane profiles were
obtained for each SSD at depths 0.5, 1, 2, 5, 10, 15, and 20 cm.
Although diode and ion chambers are known for their reproducible, linear, and
stable dose behavior, they do show a significant noise at higher depths. In order to
accurately characterize dose at these depths, a Monte Carlo dose calculation method
was also used. In particular, DOSXYZnrc Monte carlo program (National Research
Council of Canada (NRC), Ottawa, ON) was used. DOSXYZnrc is an EGSnrc-based
Monte Carlo simulation code for calculating dose distributions in a rectilinear voxel
phantom (Walters et al., 2007). DOSXYZnrc is part of the OMEGA-BEAM system
of codes developed at NRC (Walters et al., 2007). Further details of this code can
be obtained from the DOSXYZnrc Users Manual, which covers general DOSXYZnrc
inputs, geometries, and outputs.

4.2.2

Co-60 Tomotherapy Treatment Planning and Delivery

The first part of this section focuses on the tomotherapy treatment plans based on
the pencil beam collimator. These plans were validated experimentally by irradiating
EBT GafChromic film using the translation-rotation bench top apparatus. In the
next section, MIMiC based treatment plans are discussed. As mentioned previously
in this chapter, the current delivery system is not compatible with MIMiC; therefore,
only computer simulations are discussed.
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4.2.2.1

Co-60 Tomotherapy Treatment Planning using Pencil Beam Collimator

The first step of the Co-60 tomotherapy treatment planning was to specify the treatment planning structures. However, unlike clinical treatment planning where planning
structures are based on CT images, the structure here were drawn manually using Microsoft Paint. This choice was made to keep the initial Co-60 tomotherapy treatment
planning program simple. However, in future the next step of this research would be
to move towards clinical oriented treatment planning where the planning structures
would be extracted from the clinical CT images directly. The structures were defined
according to ICRU guidelines (ICRU Report 50, 1993) discussed in Chapter 3. Since
the structures were drawn manually to achieve a desired shape, only PTV, OAR and
normal tissue (external region) were specified. Both CTV and GTV were assumed
to be contained in the PTV. As shown in Fig. 4.6, three patterns were analyzed.
The patterns in Fig. 4.6 (a) and (b) are non-clinical cases and were used to assess
the potential of Co-60 tomotherapy to deliver a relatively simple and a relatively
complex dose pattern. The third case in Fig. 4.6 (c) is a clinical case for head and
neck cancer. These plans were optimized using the AAS active set conjugate gradient
method (Chng, 2005) with 50 field orientations and 31 beams per field orientation.
The optimization results are discussed in Chapter 5.

4.2.2.2

Film Calibration and 2-D dose measurements with GafChromic
Film

The optimized plans were verified experimentally by irradiating EBT Gafchromic
film. Since the dose response of the film is non-linear, the film was first calibrated
to determine the relationship between the dose and the optical density (darkness of
the film). The calibration was performed using 12 rectangular pieces of film with
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Figure 4.6: Three desired dose distributions to be planned using the in-house
inverse treatment planning system.
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dimensions 11 cm x 11 cm. These pieces were placed between flat solid-water slabs in
a direction perpendicular to the radiation beam and were irradiated uniformly with
known doses using a radiation field size of 10 x 10 cm2 . Each film contained a fiducial
mark so that it could be irradiated in the same orientation with respect to the other
pieces. The optical density of the film was obtained after scanning the film. The
scanning of the films was performed with an EPSON Expression 10000XL flatbed
scanner. A paper template was prepared so that all films could be scanned in the
same orientation and the same position on the scanner bed. All irradiated films, along
with one piece of un-irradiated film, were scanned 10 times continuously to minimize
scanning uncertainties and the average of the results was used. The data measured
with the scanner represented the intensity of light, hence the optical density (OD) of
the film could be obtained from Eq. (4.1):
µ
OD = log10

I0
It

¶
,

(4.1)

where I0 was a reference for the light intensity incident on the film and It was the
measured light intensity transmitted through the film. The scanning procedure was
repeated several times in the 48 hours following irradiation to investigate post irradiation effects. The calibration procedure was performed 4 times to ensure consistency
across trials. However, during one of the trials, the films were scanned only once after
48 hours. This trial was used to investigate the effects of the scanner light on the
optical density of the film.

4.2.2.3

Co-60 Tomotherapy Planning using the MIMiC

At the CCSEO, the use of MIMiC for Co-60 tomotherapy treatment planning was
limited mainly due to the lack of a dose calculation method. The Milan-Bentley approach discussed earlier could not be used since it was limited to a single pencil beam
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only. Thus, in this project the Monte Carlo method was used for dose calculations. A
radiation treatment system, consisting of MIMiC and Theratron 780 Co-60 radiotherapy unit (Fig. 4.5), was simulated using EGSnrc Monte Carlo program (Walters et al.,
2007) and the dose was calculated directly in a water-equivalent, circular phantom
with a 15 cm diameter. For calculations, only the central 16 out of the 20 leaves of
the MIMiC were used; the rest were kept closed at all times. These beamlets were
simulated individually. Since from the gantry-point of view, the phantom was always
positioned at the same position, the dose only needed to be determined from one field
orientation. As in the pencil beam calculations, the dose matrix was then rotated to
account for the desired field orientation and the dose was calculated for a total of 50
field orientations.
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Node

OAR
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Node

Figure 4.7: Treatment planning structures for the head and neck case.

Figure 4.7 shows a clinical head and neck case that was optimized using inhouse inverse treatment planning program. To compare Co-60 tomotherapy plans
with other modalities, this plan was optimized for 6 MV linac-based tomotherapy.
The dose calculations for 6 MV linac with MIMiC were performed using the same
Monte Carlo program. The Co-60 tomotherapy plan was also compared to the head
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and neck case planned using the standard clinical 3-D conformal radiation therapy
(CRT) used in much of the world. The details of this plan are provided in Chapter 5.
The resulting dose distributions and dose area histograms from all three modalities
are also provided in Chapter 5.
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Chapter 5
Results and Discussion

In Chapter 4, two types of measurements were discussed. The first type involved
the measurements of the pencil beam to derive a dose model and the second type
involved 2-D conformal dose measurements in a phantom containing film. In this
chapter the results of these measurements are presented. The first half of the chapter
presents the pencil beam dose measurements and dose modeling results. The second
half of the chapter focuses on the conformal tomotherapy plans and deliveries. In
particular, the calculated 2-D tomotherapy dose distributions generated with the
in-house inverse treatment planning system are compared with the corresponding
measured dose distributions of the deliveries. The MIMiC based Cobalt-60 (Co-60)
tomotherapy treatment plans are also presented and comparisons are made with the
plans simulated with other treatment modalities.
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5.1

Pencil Beam Characterization

In this section the results of the dose measurements of the pencil beam percentage
depth dose (PDD) and dose profiles are presented. These data are compared with
the corresponding Monte Carlo simulations and the modified Milan-Bentley model.

5.1.1

Pencil Beam Dose Measurements

The pencil beam dose measurements are very important for commissioning the inverse
planning system. Two measurement techniques, along with a computer simulation,
were used to determine the central axis and off axis dose at several source-to-surface
distances (SSDs). In this section, the results of these three methods are presented
and the most accurate method is selected to derive a dose model for the pencil beam.
The accuracy and reliability of each technique is assessed by analyzing the
PDDs and the beam profiles. Figure 5.1 shows a comparison of the PDD curves
obtained with an ion chamber, diode detector, and the Monte Carlo dose calculation
technique at an SSD of 80 cm. The Monte Carlo method provides a relatively cleaner
PDD. The maximum statistical uncertainty in the Monte Carlo calculations was 1%.
The diode and ion chamber measurements are relatively noisy, especially at deeper
depths. This is due to the decrease in signal-to-noise ratio (SNR); the noise in the
diode and ion chamber becomes slightly prominent at deeper depths. The diode and
ion chamber measurements were compared to the Monte Carlo results by calculating
the standard deviation of the measurements with respect to the Monte Carlo calculations. The analysis showed that the maximum standard deviation for ion chamber
and diode measurements was 0.7 and 0.4%, respectively, suggesting that there was a
good agreement between the measurements and the Monte Carlo calculations. Since
the error bars were very small, they are not displayed on the PDD curves.
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Figure 5.1: The percentage depth dose curve at 80 cm SSD is measured
using an electron field diode detector, IC01 cylindrical ion chamber and the
Monte Carlo dose calculation program.

The profiles in Fig. 5.2, obtained at an SSD of 80 cm and a depth of 5 cm,
further show a good agreement between all three methods. The measurements were
within 1 standard deviation. However as the depth is increased, the ion chamber
and diode measurements show larger variations. This behavior can be seen in Fig.
5.3, where the profiles measured at a depth of 20 cm are very noisy. As mentioned
before, this is caused by the lower SNR. The Monte Carlo method provides a relatively
cleaner profile. The error analysis results show that the profile measured with the
ion chamber had a standard deviation of up to 2.2% and the profile measured with
the diode detector had a maximum standard deviation of 1.6%. For clarity sake, the
error bars are shown only on the ion chamber measurements.
The PDDs of the pencil beam were measured at various SSDs. Figure 5.4
shows the PDD curves obtained with the Monte Carlo dose calculation technique at
70, 75, 80, and 85 cm SSD. All curves are overlapping each other, which is not an
expected result. Theoretically, the PDD curves increase with the increasing SSDs due
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Figure 5.2: Three measurement techniques are compared using profiles obtained at an 80 cm SSD and 5 cm depth.
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Figure 5.3: Three measurement techniques are compared using profiles obtained at an 80 cm SSD and 20 cm depth.
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to the effect of the inverse square law (Khan, 1984). As discussed in Chapter 3, the
discrepancies in the results can be explained if the scattered dose from the collimator
is considered. Since the distance between the pencil beam collimator and the 70 cm
SSD is only 13.5 cm, the PDD curve at the 70 cm SSD has a significant contribution
from the scattered electrons generated within the collimator. As the SSD is increased,
this contribution is decreased and is negligible at an SSD of 85 cm. The Monte Carlo
results were verified by measuring PDD curves using the diode detector and the ion
chamber. Both of these methods reproduced the results obtained with the Monte
Carlo method. The results obtained with the diode detector are shown in Fig. 5.5.
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Figure 5.4: The PDD curves at various SSDs using the Monte Carlo dose
calculation method.

Figure 5.6 shows the profiles obtained at 5 cm depth for 70 cm, 75 cm, 80
cm, and 85 cm SSD using the Monte Carlo method. As expected, the spread in dose
increases with an increase in SSDs due to beam divergence.
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Figure 5.5: PDDs measurements at different SSDs using the EFD diode
detector.
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Figure 5.6: Profiles at a depth of 5 cm are calculated by varying SSD using
the Monte Carlo dose calculation method.
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5.1.2

Pencil Beam Dose Modeling

The Monte Carlo calculated percent depth dose curves and profiles, presented in the
previous section, were relatively less noisier than the ion chamber and diode detector
measurements. In this section they are used to derive a dose model for the pencil
beam based on the modified Milan-Bentley dose calculation algorithm discussed in
Chapter 3. All fits were obtained using MATLAB 7.0 (The Mathworks, Natick, MA).
The PDDs were modeled using Equations (3.3) and (3.5). Figures 5.7 and 5.8
show the fit results of 70 cm and 85 cm SSD. The modeling was also performed at
75 cm and 80 cm; however, these curves are not presented in this chapter. The PDD
curves show an excellent agreement between the Milan-Bentley model and the Monte
Carlo calculations. The variations in the results are within 1.5 percent, suggesting
that the collimator scatter function, Ks (SSD, d), accounts well for any scatter contribution from the collimator on the central-axis dose. The tail region of the profile
at 85 cm SSD varied up to 2 percent due a relatively higher statistical uncertainty.
Tables A.1 and A.2 in Appendix A present the fitting parameters for the collimator
scatter function and the model for the buildup region specified in Eq. (3.4) and Eq.
(3.5), respectively.
The profiles were fitted into a triple Gaussian function, as represented by Eq.
(3.7) in Chapter 3. Figures 5.9 and 5.10 show the fit results of the profiles at 5
cm and 20 cm depth, respectively. The Milan-Bentley model agrees with the Monte
Carlo calculations reasonably well. However as can be seen, the high dose regions
have some points that do not lie perfectly on the modeled curve. One reason is the
difficulty encountered when modeling the scatter contribution to the off axis dose from
the collimator. For PDDs, the primary dose component has a well defined function,
therefore, the scatter component could be separated very easily. The profiles do not
have a well defined function for the primary dose; hence the scatter contribution
81

100
Monte Carlo
(at 70 cm SSD)
Milan−Bentley Model

Relative Dose

75

50

25

0
0

5

10

15

20

25

Depth (cm)

Figure 5.7: PDD curve for 70 cm SSD is modeled using modified MilanBentley algorithm, which takes into consideration collimator scattering.
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Figure 5.8: PDD curve for 85 cm SSD is modeled using modified Milan
Bentley algorithm, which takes into consideration collimator scattering.
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Figure 5.9: Beam profiles calculated at 5 cm depth using the Monte Carlo
method and fits obtained with the Milan-Bentley model.
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Figure 5.10: Beam profiles calculated at 20 cm depth using the Monte Carlo
method and fits obtained with the Milan-Bentley model.
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cannot be determined using a similar method. Each profile is modeled into a sum
of three gaussian functions with its fitting parameters modeled further as functions
of depth and SSD. Since collimator scattering has a higher effect on the profiles at
the surface of the phantom, e. g. 70 cm and 75 cm SSD, and has a negligible effect
at higher depths, the overall model of the profiles has a slight shift. This is because
the overall model does not only focus on certain depths; it tries to fit all profiles
as well as possible, which at the end causes slight variations in some of the points.
However, these slight differences between the measured and modeled profiles are not
significant to cause noticeable variations in the dose calculations performed within
the phantom. Table A.3 in Appendix A presents the functions used for the fitting
parameters mentioned in Eq. (3.7).

5.2

Tomotherapy with Pencil Beam Collimator

This section presents the validation of the treatment planning and dose delivery using
three test patterns. The first two patterns are non-clinical, giving ring and a star
shaped high dose regions. The third test is for a clinical case of head and neck
cancer. Before discussing these dose distributions, the calibration results of EBT
GafChomic film are presented.

5.2.1

Film Calibration

As mentioned in the previous chapter, the GaChromic film was calibrated before
performing conformal deliveries. The calibration was performed using 12 pieces of
film; all pieces were irradiated in a similar manner but with different doses. The
results are plotted in Fig. 5.11. This curve is often known as the calibration curve.
As mentioned in Chapter 2, the dose response of the film is non-linear. This is
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clearly seen in Fig. 5.11 where the slope decreases as the dose increases. The data
are fitted into a 5th degree polynomial function. This relationship can accurately
provide information for conversion of film response (e. g. optical density) to dose and
vice versa. The error bars, determined from 4 different trials, represent a maximum
difference of 3% in optical density. As mentioned in Chapter 4, the scanning procedure
of the films for these 4 trials was varied slightly. The irradiated films from 3 trials
were scanned multiple times in 48 hours after irradiation to investigate the post
colouration effect and the films from the 4th trial were scanned only once to investigate
whether the post-irradiation effect, if any, was due to the scanner light. Figure 5.12
shows variations in dose response of 5 different pieces of film irradiated with different
dose. The error bars represent the variations in 3 trials used to investigate the postirradiation effect for fils scanned over 48 hours. The results show that the optical
density of the film changes significantly within first 12 hours after irradiation. After
that, the optical density stabilizes within a maximum difference of 2%. The results
of 4th trial were within a difference of 2.8% of the average of the other 3 trials,
suggesting that the scanner light had a very small effect on the optical density. The
final dose relationship was derived from the films scanned only once after 48 hours. As
mentioned in Chapter 4, at each time the films were scanned 10 times consecutively
to reduce uncertainties arising from the scanning process. The maximum deviation
between the optical densities due to scanning was 0.8%.

5.2.2

Ring Pattern

The first pattern that was planned was a “ring-like” pattern (Fig. 5.13) with a critical
structure in the middle. The structures, which are distinguished by a color mapping,
were defined in a 19.2 cm diameter tissue equivalent phantom. The purpose of this
plan was to determine whether the treatment planning system would be able to
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Figure 5.11: The dose calibration curve for EBT GafChromic film.
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Figure 5.12: Post irradiation effect of the EBT GafChromic film.
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generate a desired dose distribution for a simple plan and if it would protect the
central critical structure from unwanted radiation. A pixel resolution of 2.5 mm was
used. The ring represents the PTV region and was prescribed with an arbitrary dose
of 200 cGy. The dose to the OAR was limited to less than 60 cGy. The rest of the
volume represents normal tissue (commonly known as the external region) and the
dose to this region was restricted to less than 200 cGy. Both the OAR and external
region are avoidance regions and should ideally receive no dose. However, in order to
deliver the prescribed dose to the tumour, it is impossible to not deliver any dose to
the surrounding healthy organs and tissues. Therefore, an upper dose limit is specified
on the critical structures and the external region. This limit specifies the maximum
dose a healthy tissue and/or an organ can receive before experiencing complications
Emami et al. (1991).

External

OAR

PTV

Figure 5.13: Treatment planning structures for a ring-like pattern

Using the inverse treatment planning program based on AAS conjugate gradient method, the plan was generated using 50 field orientations and 31 beamlets
per orientation. As discussed in Chapter 3, the relative importance of each voxel is
not assumed to be constant. Some samples are typically more closer to their desired
values than the others; therefore, each sample was assigned with an importance fac87

tor. Both PTV and OAR were assigned with higher importance factors to ensure
the PTV gets what it was prescribed and the OAR receives the minimum possible
radiation. These importance factors are adjusted constantly as optimization iterates
towards an acceptable solution. This is achieved by a set of “outer iterations”, during
which the relative importance factors (the weighting matrix W discussed in Chapter
3) are updated. Each iteration within (AAS)CG algorithm is referred to as an ”inner
iteration”, which minimizes the objective function. For the ring case, a maximum
number of inner iterations were limited to 500 and the outer iterations were limited
to 50 in order to achieve a balance between time and desirable dose distribution. The
planning structures were also prescribed a tolerance dose that would allow the plan
to be acceptable if the dose was anywhere between 95% and 105% of the prescribed
dose.
The optimization program provided a dose distribution with a dose volume histogram (In this thesis the dose volume histograms really are just dose area histograms
since 2-D plans are generated. However, to be consistent with clinical terminology,
the dose area histograms will be referred to as the dose volume histograms or simply
DVHs). The dose volume histograms summarize the simulated dose within a volume
of interest of a patient. They are interpreted as the volume that receives a given
percentage of dose or greater, where the volume is normalized to the volume of each
structure, and the dose is normalized to the prescription dose. The dose can also be
specified as an absolute dose value rather than the percentage of the prescribed dose.
Both dose distribution and dose volume histogram are used to assess the “goodness”
of a plan.
Figure 5.14 (a) shows the simulated dose distribution for the ring pattern
which has a discrete color mappings at different doses (1, 5, 10, 20, 30, 40, 50, 60,
70, 80, 90, 95, 100, 105 % of the prescribed dose). As desired, the dose is conformed
to the PTV and only a small portion of the dose is delivered to the OAR. The dose
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Figure 5.14: (a) Simulated dose distribution for a ring pattern. (b) Dose
distribution measured with GafChromic EBT film using Co-60 first generation
tomotherapy apparatus. The black contours represent the planning structures.
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to the external region is also limited. The dose distribution does not appear to be
very symmetric due to the use of an odd number of beams. The goal of optimization
is not to seek the best possible solution but instead to find a solution that satisfies
the specified constraints. Therefore, as long as the dose and volume conditions are
satisfied, the symmetry of the dose distribution is not a concern. Figure 5.14(b) shows
the measured dose distribution of the delivery. The same display parameters are used
to identify the differences in the dose distributions. The delivered dose distribution
looks very similar to the simulated one, suggesting that the Co-60 tomotherapy delivery system is capable of delivering complex dose patterns that consist of thousands
of beams. However, as expected it is not possible to deliver perfectly the dose as per
planned dose. This is because there are always slight variations in the plan arising
from uncertainties associated with the dose calculations and the experimental setup.
Therefore, in order to evaluate the delivery qualitatively and quantitatively, three
methods of comparisons between treatment plans and delivered doses were used: 1-D
vertical profiles, the dose volume histograms, and the gamma comparison method.
To compare particular regions quantitatively, a dose profile can be taken from
the delivered and simulated dose distribution. Figure 5.15 shows a vertical profile for
the ring pattern. Although the overall profile looks similar to the planned profile, there
are some inconsistencies near the surface of the phantom and inside the PTV region.
The analysis of one profile cannot be used as a generalized method to evaluate two
plans. Therefore, other comparison techniques are needed to determine the location
and the extent of dose uncertainties. These are discussed later in this section.
The dose volume histograms for both simulated and delivered irradiations are
shown in Fig. 5.16. The PTV does not have a sharp fall off, suggesting that the
dose to the PTV is not uniform. It consists of hot spots (regions of excess dose)
and cold spots (regions of under dose). Although there are always some variations
in dose regardless of the optimization parameters, non-uniformity in dose can be
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Figure 5.16: Dose volume histograms of the plan and the delivery for the
ring pattern.
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improved with an increased number of iterations and by placing tighter limits on the
dose (e. g. the tolerance could be specified to be less than ± 5%). As mentioned
previously, a small number of iterations were chosen for this case to optimize the plan
faster, therefore, the optimization was terminated before an optimal solution could be
found. It is, however, able to protect the OAR from excess radiation dose as the OAR
only received 40 cGy, which is lower than the upper dose limit of 60 cGy. Clearly the
PTV coverage could be improved at the expense of OAR and external region. The
measured DVHs from the delivery are similar to the plans. There are some regions
where less dose is delivered than planned. As mentioned before, these differences are
expected due to experimental uncertainties.
As mentioned in Chapter 3, the gamma dose distribution method takes into
account the geometric shifts in the delivery as well as the dose differences. Figures
5.17 (a) and (b) show the gamma maps of the measured and the delivered dose
distribution using two different gamma criteria. A gamma value greater than one
suggests that the comparison between the delivery and the simulation is not within
the specified criteria. A standard clinical criteria allows a difference of up to 3% in
dose and 3 mm in distance. The gamma comparison of the ring pattern showed that
87% of the volume satisfied the 3% and 3 mm gamma criteria. The clinical objective,
however, is to achieve an agreement to at least 95% of the volume. Further analysis
showed that the gamma criteria of 4% and 4 mm is able to satisfy the 95% volume
agreement requirement. However considering that the delivery is performed with an
apparatus with a translational uncertainty of almost 1.5 mm, the better comparison
would be to use a criteria of 5% and 5 mm because standard criteria is based on
the plans that are delivered with clinical machines, which are typically much more
accurate than the apparatus used in this project. With the 5% and 5 mm criteria,
97.6% of the volume satisfies the criteria.
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Figure 5.17: Gamma comparison between the calculated and delivered dose
for (a) 3% and 3 mm and (b) 5% and 5 mm gamma criteria. The white
contours represent the planning structures.
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5.2.3

Star Pattern

The second pattern used was a star-like pattern. As shown in Fig. 5.18, no OAR
was included in this case. The purpose of this pattern was to see whether sharp dose
gradients could be planned and delivered using the current implementation of Co-60
tomotherapy. The PTV was prescribed to a dose of 300 cGy, with an importance
factor 50. The external region was assigned an importance factor of 1. All the other
planning parameters were kept the same as in the previous case.

External

PTV

Figure 5.18: Treatment planning structures for a star-like pattern.

Figures 5.19 (a) and (b) show the simulated and delivered dose distributions,
respectively. The delivered dose distribution shows some cold spots on the top left
corner of the PTV. The vertical profile in Fig. 5.20 shows that it is possible to achieve
sharp dose gradients, but does show some differences around the surface. The differences seen in the dose distributions are also seen in the dose volume histogram in Fig.
5.21, where the dose fall off of PTV is not very steep. The histograms for the external
region agree fairly well with each other. Now the question is how significant are the
differences in the PTV and what could be the cause of it? The gamma comparison
can identify the extent of the disagreement.
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Figure 5.19: (a) Simulated dose distribution for a star pattern. (b) Dose
delivered with GafChromic EBT film using Co-60 first generation tomotherapy
apparatus. The black contours represent the planning structures.
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Figure 5.20: Measured and simulated dose profiles for the star pattern.
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Figure 5.21: Dose volume histogram for the star pattern.

96

400

(a)

Gamma
Gamma Criteria: 3% and 3 mm

5
0

Y (cm)

-5
-5

0
X (cm)

5

(b)

Gamma
Gamma Criteria: 5% and 5 mm

5
0

Y (cm)

-5
-5

0
X (cm)

5

Figure 5.22: Gamma comparison between the calculated and delivered dose
for (a) 3% and 3 mm and (b) 5% and 5 mm gamma criteria. The white
contours represent the planning structures.
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Similar to the ring delivery, 86.3% of the volume satisfies the standard gamma
criteria of 3% and 3 mm and almost 97.4% of the volume satisfies the gamma criteria
of 5% and 5 mm. More than 95% of the pixels satisfy the the gamma criteria of 4%
and 4 mm. It can be seen in Fig. 5.22 (a) and (b), that the under-dose region seen in
the dose distribution in Fig. 5.19 (b) does not show in the gamma maps, which means
the dose was within the tolerance criteria. The differences might have occurred due
to either a small shift in the delivery or uncertainties in the dose calculations.

5.2.4

Head and Neck Cancer

The third irradiation tested was of head and neck cancer treatment. The intent was
to assess Co-60 tomotherapy treatment using a relatively challenging clinical case. As
illustrated in Fig. 5.23, the disease appears in three different regions. The first region
is the primary tumour represented as the PTV. The dose prescribed to this structure
was 300 cGy. The other two represent nodal spread to the left and right node. These
were prescribed to a dose of 210 cGy and 285 cGy, respectively. The spinal cord is the
critical structure which is limited to a dose less than 170 cGy. These dose constraints
were kept similar to those typically used clinically in head and neck treatment. The
goal of optimization in this case was to deliver the prescribed dose to the regions with
disease and protect the spinal cord from excess dose as much as possible. Depending
on the volume and the nature of the structure (e. g. whether it is a primary tumour,
secondary spread or OAR), these regions were assigned with importance factors of
40, 30, 30, 5, and 5 for the PTV, left node, right node, OAR, and external region,
respectively. The tolerance was the same as in the previous cases. However, since
it is a clinical case, it is very important that dose uniformity is established across
structures. Therefore, the number of inner and outer iterations were increased to
5000 and 1000, respectively, to achieve a dose distribution close to the desired one.
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Figure 5.23: Treatment planning structures for a head and neck cancer.

Figure 5.24 (a) shows the simulation for the dose distribution achieved for the
head and neck case. There is some non-uniformity in dose in the PTV region due the
specified tolerance (±5% ). This is because once the dose is within the tolerance, optimization is considered successful and is terminated. It can be improved by decreasing
the tolerance; however, this would require a longer optimization time. The effort was
made to achieve a balance between time and the desired dose distribution. Figure
5.24(b) shows the delivered dose distribution where except for few under-dose regions,
the delivered dose distribution looks very similar to the calculated distributions.
A vertical profile across the center of the PTV, as shown in Fig. 5.25, was
also used to determine the differences in the PTV region. It can be seen that the
overall dose to the PTV corresponds with the simulated dose. However, as mentioned
before, the profile results cannot be generalized. Figure 5.26 shows the dose volume
histograms for both the simulation and delivery. As expected, the dose fall off is very
steep. Only a small portion of the treatment volume is receiving dose more or less
than the prescribed dose. The dose volume histograms for the delivery correspond to
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Figure 5.24: (a) Simulated dose distribution for head and neck cancer (b)
Dose distribution measured with GafChromic EBT film using the Co-60 first
generation tomotherapy apparatus. The black contours represent the planning
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the simulation extremely well. Most of the regions are getting dose as per plan with
only slight dose differences. However, the left node appears to be getting more dose.
Looking at the dose distribution, the excess dose does not take place in a large area.
It appears to be worse in the dose volume histogram because the volume of this node
is very small; hence, if there is a slight shift, the dose difference will appear to be
significantly higher. As above, more significant evaluation maybe determined from
the gamma maps shown in Fig. 5.27 (a) and (b), it can be concluded that the dose
to PTV meets the gamma criteria of 5 mm and 5 %. The differences appear mostly
in the external region and the left node. Since the critical structure is receiving dose
within the specified limits, the dose differences seen in the external region and the
left node are clinically insignificant.

5.3

Tomotherapy with the MIMiC Multi-leaf Collimator

As mentioned in Chapter 4, the next step in developing the Co-60 tomotherapy
delivery system is to include a multi-leaf collimator such as a MIMiC. Due to the limitations of the delivery system, the dose delivery cannot be achieved with the MIMiC
collimator at this stage of the research. However, simulations can be performed using
the Monte Carlo technique. Therefore, the Theratron 780C Co-60 radiotherapy unit,
in conjunction with a MIMiC collimator, was simulated using EGSnrc Monte Carlo
program. The dose was calculated in a water-equivalent phantom using 16 central
leaves of the MIMiC. A head and neck cancer case shown in Fig 5.28 was optimized
using 50 field orientations. The treatment planning parameters in this case such as
the importance factors and number of iterations were kept the same as in the previous
head and neck case. The purpose of this plan was to compare Co-60 tomotherapy
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cancer.

1
PTV

Planned
Relative Volume

Delivered
Right
Node
0.5

External
Left
Node

Spinal Cord
(OAR)

0
0

100

200
Dose (cGy)

300

Figure 5.26: Dose volume histogram for the head and neck cancer
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white contours represent the planning structures.

103

to the gold standard 6 MV linac-based tomotherapy and the standard 3-D conformal
radiation therapy (CRT) used in much of the world. For this comparison the dose
for the 6 MV linac-based tomotherapy was calculated similar to Co-60 tomotherapy
calculations. It was optimized using the same parameters. The 3-D CRT plan for
the head and neck case was generated using the standard clinical method, which
consisted of parallel opposed beams of photons and electrons from the 6 MV linac.
This plan was provided by a medical physicist at the CCSEO. The dose prescriptions
were the same as the previous two cases. The beams were conformed to tumour as
much as possible using a multi-leaf collimator and the intensity of the beam was not
modulated during treatment.

External

PTV

Right
Node

OAR

Left
Node

Figure 5.28: Treatment planning structures for a head and neck cancer.

The dose distribution of Co-60 tomotherapy is shown in Fig. 5.29 (a). Compared to the previous dose distribution generated for the head and neck case, this plan
is not as conformal. This is because the previous distribution was generated using 31
pencil beams and in this case, only 16 beams of the MIMiC were simulated. The dose
distribution obtained with Co-60 tomotherapy is compared to the dose distribution
generated with 6 MV linac-based tomotherapy, as shown in Fig. 5.29 (b). Although
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linac-based tomotherapy conforms dose better to the PTV, the Co-60 tomotherapy
conforms better to the OAR. The conformation of dose to the PTV can be improved
if different optimization parameters such as an increased number of beams and fields
are used.
To further analyze Co-60 tomotherapy, the Co-60 dose distribution was compared to the dose distribution obtained using standard 3-D CRT clinical irradiation.
It can be seen from Fig. 5.29 (c) that the 3-D CRT does not conform dose to the PTV
very well. In addition, a lot of excess dose is delivered to the normal tissue, which is
not desirable. Comparably, Co-60 tomotherapy provides a much better conformity of
dose to the tumor.
The dose volume histograms in Fig. 5.30 show a quantitative analysis of the
simulations. Both Co-60 tomotherapy and 6 MV linac-based tomotherapy give a
similar dose the the PTV and the nodes. The standard clinical treatment actually
delivers more dose to these regions. The spinal cord receives less dose with Co-60
tomotherapy when compared to 6 MV linac-based tomotherapy and the standard
clinical technique. As mentioned previously, dose to the external region using Co-60
tomotherapy technique is higher than the 6 MV linac tomotherapy, however, it is still
much less than the standard clinical technique. Therefore, the Co-60 tomotherapy is
indeed capable of providing state-of-the-art conformal dose delivery.

105
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Figure 5.29: Head and neck cancer dose distributions for (a) Co-60 based
tomotherapy, (b) 6 MV linac-based tomotherapy, and (c) conventional linac
therapy. The black contours represent the planning structures.
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Figure 5.30: Dose volume histograms for (a) PTV, (b) left and right nodes,
(c) spinal cord (OAR), and external using Co-60 based tomotherapy, 6 MV
linac based tomotherapy and conventional linac therapy.

107

Chapter 6
Summary, Conclusions and
Recommendations

Cobalt-60 (Co-60) based radiotherapy has played a significant role in the history
of cancer treatment since the early 1950s due to its ability to provide megavoltage range of energy and its simple and robust design. However, in the past two
decades Co-60 treatment units have not been able to keep up with the modern radiation therapy techniques and as a result their use in cancer clinics has gradually
declined. The literature suggests that Co-60 based radiotherapy can be revived if
the units are redesigned to provide conformal dose coverage to tumour with modern
radiation delivery techniques such as intensity modulated radiation therapy (IMRT)
and tomotherapy (Schreiner et al., 2003; Warrington and Adams, 2002; Suit, 1986;
Reddy, 1997). Tomotherapy is a rotational form of IMRT in which a fan beam of
radiation revolves around the patient, providing highly conformal dose distributions
(Mackie et al., 1993). As discussed in Chapter 2, commercially available tomotherapy
units are technologically complex due to their use of 6 MV x-rays linear accelerators
as a source of radiation. The Medical Physics research group at the Cancer Centre
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of Southeastern Ontario (CCSEO) and Queen’s University has been investigating a
simpler tomotherapy approach that makes use of Co-60 radioactive source instead
of 6 MV x-rays. The goal of the CCSEO research is to develop a modern IMRT
based treatment modality that is economical in terms of operational cost and easy to
maintain.
Chapter 4 described a rotation-translation bench-top apparatus developed by
the CCSEO group, which, in conjunction with the Theratron 780 Co-60 radiotherapy
unit, was used to deliver conformal dose patterns using a tomotherapy approach. The
initial dose deliveries were planned using a forward planning technique where beam
parameters such as field orientations, number of beams, and beam weights were manually selected and a dose distribution was computed within a phantom. If the dose
distribution was not acceptable, the procedure was repeated until a satisfactory dose
distribution was achieved. This planning technique restricted the Co-60 tomotherapy studies to simple cases since the complex tomotherapy plans, which generally
are based on thousands of beams, could not be planned using manual planning techniques. To assess the potential of Co-60 tomotherapy for complex cases, the CCSEO
group developed a treatment planning system based on an inverse treatment planing
technique. In inverse treatment planning, a desired dose distribution is prescribed to
the target volume and a computerized technique is used to optimize a set of beam
parameters that yield a desired dose distribution. This is achieved using a numerical
optimization technique. Chapter 2 discussed several optimization techniques that are
used for tomotherapy treatment planning. The optimization technique used by the
Co-60 tomotherapy treatment planning system is based on the conjugate gradient
method. This method optimizes a treatment plan by minimizing the quadratic object function, which computes the sum of the squares of the difference between the
calculated and the desired dose distribution. The in-house inverse treatment planning system successfully generated conformal dose distributions for highly complex
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patterns (Chng, 2005); however, the validity of these plans was not tested experimentally. The goal of this thesis was to validate the in-house treatment planning
system by planning 2-D irradiations of phantoms containing film and then comparing
deliveries with the plans. The validation results are summarized in the subsequent
paragraphs.
As discussed in Chapter 3 and 4, a dose calculation engine is an important
component of any treatment planning system. In order for a treatment planning
system to generate meaningful plans, it has to be “commissioned” (initialization and
set-up process requiring input beam parameters for different beam geometries) correctly so that an accurate dose distribution can be generated. In this thesis, the
Milan-Bentley dose calculation algorithm (Milan and Bentley, 1974) was used for
computing dose within phantoms. The Milan-Bentley algorithm provides a reasonably accurate dose calculations in homogenous, water-equivalent phantoms, such as
the polystyrene phantom used in this thesis. In order to derive a Milan-Bentley model
for the pencil beam used at the CCSEO, the percentage depth dose (PDD) and the
beam profile measurements were made using a diode detector and an ionization chamber. Although both of these measurements corresponded well with each other, they
showed a relatively low signal-to-noise ratio at higher depths. Since dose modeling is
very sensitive to the measurements, the PDDs and profiles were compared with the
calculations obtained using the Monte Carlo technique. The Monte Carlo calculations
showed relatively less randomness in the curves. Therefore, this technique was used
to derive a dose model for calculating dose in phantoms for Co-60 tomotherapy plans.
The original Milan-Bentley model was modified to account for scatter variations at
different SSDs. The modeled PDDs and profiles showed a good agreement with the
Monte Carlo calculations.
The next task of this thesis work was to validate the inverse planning system
experimentally. Several 2-D Co-60 tomotherapy treatment plans were generated using
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the in-house treatment planning system and were delivered on EBT GafChromic film.
Three of the many tested plans were discussed in Chapter 5. Two of the examples
were non-clinical, containing highly complex structures, and one was a clinical case
of head and neck cancer. The deliveries were performed using the first-generation
rotation-translation tomotherapy apparatus. The delivered dose distributions were
very similar to the calculated distributions. The quantitative analysis performed
using the gamma dose comparison method showed that a gamma criteria of 4% and
4 mm was satisfied successfully with at least 95% of the treatment volume receiving
a dose that was within the specified dose tolerance.
Co-60 tomotherapy was also investigated using a binary multi-leaf collimator
known as the MIMiC. The dose was calculated for 16 central leaves of the MIMiC
using the Monte Carlo technique and a dose distribution for head and neck cancer
was generated using the in-house inverse treatment planning system. The dose distribution was compared to the plan generated with the 6 MV linac-based tomotherapy
that was generated using the same number of beamlets. The Co-60 plan was also
compared to the plan generated using the conventional non-IMRT linac based technique used in much of the world. The results showed that Co-60 tomotherapy has
the ability to spare healthy tissue from radiation to a greater extent when compared
to the conventional irradiations and can provide a similar conformation of dose when
compared to 6 MV linac-based tomotherapy.
In conclusion, the goals of this thesis were successfully accomplished. With
some modifications to the in-house treatment planning system, a good agreement was
achieved between the 2-D irradiations of complex patterns and the simulations. From
these simulation and experimental results it can be concluded that Co-60 tomotherapy
is indeed capable of providing state-of-the-art conformal dose delivery.
In future work, it would be worth updating the in-house treatment planning
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system to plan clinical cases with clinical criteria. For example, the standard clinical
criteria for the gamma dose comparisons is 3% and 3 mm. In this thesis, the plans
only satisfied the criteria of 4% and 4 mm, not the standard clinical criteria specified.
This could either be due to the limitations of the GafChromic film or due to the
errors arising from the experimental methods that were employed. In order to rule
out the possibility of GafChromic film, these plans need to be validated with another
verification method. Since gel dosimetry research is quite advanced at the CCSEO,
the most obvious verification method is gel dosimetry. If the problem still exists, then
the limitations of the tomotherapy apparatus need to be investigated.
Furthermore, the work presented in this thesis is limited to 2-D treatment
planning. However, clinical cases are not two-dimensional. In order to move towards
the clinical application of Co-60 tomotherapy, the inverse treatment planning program
should be updated to 3-D treatment planning. The delivery method also needs to be
updated to a better time-efficient method. As mentioned in Chapter 4, the current Co60 tomotherapy delivery method involves a pencil beam scanning across the phantom.
Although this method can mimic the behavior of serial-tomotherapy, it will not be
feasible to treat the patients using this method since it will require a long delivery
time. A binary multi-leaf collimator is already available at the CCSEO, therefore,
the next possible extension of this project would be to use the multi-leaf collimator
for tomotherapy deliveries.
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Appendix A
Details of Pencil Beam Dose
Fitting

Chapter 3 explained the Milan-Bentley dose model for modeling the pencil beam used
at the CCSEO. In chapter 5 the results of the fitted curves were presented. In this
chapter, the fitting parameters used to fit those curves are presented.
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Table A.1: The parameters for the scatter function specified in Eq. (3.4)
n(SSD)
(Ks (SSD, d) = A(SSD) ∗ e−m(SSD)∗d
), which models the collimator
scattering effect on PDDs

Parameter

Function

A

0.000060 ∗ SSD2 − 0.00830 ∗ SSD + 1.2960

m

0.0000623 ∗ SSD2 − 0.008680 ∗ SSD + 0.302831

n

0.002120 ∗ SSD2 − 0.40140 ∗ SSD + 19.8010

Table A.2: The parameters used to P
model the buildup region of the PDDs,
shown in Eq. (3.5) (P DDbuildup (d) = ni=0 pi di )

Parameter

Value

p0

4

p1

-78.96

p2

1869

p3

1075

p4

-17450

p5

19990
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Table A.3: The parameters used to fit the pencil beam profiles into³a sum
of
´
three Gaussian functions, shown in Eq. (3.7) (R(x, d, SSD) = a1 ∗ e
³

x+b2
c2

´2

³

x+b1
c1

´2

x+b1
c1

2

+

a2 ∗ e
+ a1 ∗ e
). The parameters were further fitted into polynomials as functions of depth and SSD.

Parameter

Function or Value

a1

ma1 ∗ depth + ba1
ma1 = 0.03005 ∗ SSD − 2.66236
ba1 = −0.62264 ∗ SSD + 103.33370

a2

Fixed at 70

b1

mb1 ∗ depth + bb1
mb1 = 0.00015 ∗ SSD − 0.00105
bb1 = 0.00879 ∗ SSD − 0.32167

b2

Fixed at 0

c1

mc1 ∗ depth + bc1
mc1 = 0.00002 ∗ SSD + 0.00765
bc1 = 0.00899 ∗ SSD − 0.38796

c2

mc2 ∗ depth + bc2
mc2 = 0.00026 ∗ SSD − 0.01092
bc2 = 0.00680 ∗ SSD − 0.26311

d

p1d ∗ depth2 + p2d ∗ depth + p3d1
p1d = −0.00025 ∗ SSD + 0.01579
p2d = 0.00916 ∗ SSD − 0.48155
p3d = 0.01278 ∗ SSD + 0.79986

e

p1e ∗ depth2 + p2e ∗ depth + p3e
p1e = 0.00005 ∗ SSD − 0.00304
p2e = −0.00141 ∗ SSD + 0.07126
p3e 126
= −0.00123 ∗ SSD − 0.15904

