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Abstract 

Cobalt-60 (Co-60) radiation therapy is a simple and reliable method of treating cancer by 

irradiating treatment volumes within the patient with high energy gamma rays. Medical linear 

accelerators (linacs) began to replace Co-60 units during the 1960’s in more developed countries, 

but Co-60 has remained the main source of radiotherapy treatment in less developed countries 

around the world. As a result, technological advancements made in more developed countries to 

deliver more precise radiation treatment that improves patient outcome have not been clinically 

applied to Co-60 machines. The medical physics group at the Cancer Centre of Southeastern 

Ontario has shown that these same technological advancements can be applied to Co-60 machines 

which would increase the accessibility of these modern improvements in radiotherapy treatment. 

However, for these modern treatments to improve patient outcome they require more 

precise localization of the patient prior to therapy. In more developed countries, this is currently 

provided by comparing computed tomography (CT) used for treatment planning with images 

acquired on the linac immediately before treatment. In the past decade, cone-beam CT (CBCT) 

has been developed to provide 3D CT images of the patient immediately prior to treatment on a 

linac. This imaging modality would also be ideal for patient localization when conducting modern 

Co-60 treatments since it would only require the addition of an imaging panel to produce CBCT 

images using the Co-60 source. 

A prototype Co-60 CBCT imaging system was implemented and characterized. Image 

noise, contrast, spatial resolution, and artifacts were studied. Algorithms to reduce the image 

artifacts were implemented and found to improve perceived image quality. The imaging system 

was found to have a ~1.8 mm high-contrast spatial resolution and the ability to detect 3 cm low-

contrast soft-tissue structures in water. Anthropomorphic phantoms were also imaged and the 

observed anatomy in Co-60 CBCT images was comparable to kilovoltage CT. These results are 
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comparable to clinically relevant linac-based CBCT using high energy X rays of similar energies 

to Co-60 gamma rays. This suggests that Co-60 CBCT should be able to provide the necessary 

images to localize patients for modern Co-60 radiation treatments. 
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Chapter 1 

Introduction 

1.1 Motivation 

In 2008, there were 12.7 million newly diagnosed cases of cancer worldwide, a disease 

which resulted in 7.6 million cancer related deaths in the same year [Ferlay et al 2010]. Put in 

perspective, this is more deaths than from HIV/AIDS, malaria and tuberculosis combined [Leuker 

and Diesner-Kuepfer 2008]. While cancer is a burden throughout the world, neither prevalence 

nor treatment availability or access is distributed evenly. Less developed countries of the world 

account for the majority of new cancer cases (56%) and deaths from the disease (64%) [Ferlay et 

al 2010]. In particular, nearly 80% of children with cancer are living in less developed countries 

[Leuker and Diesner-Kuepfer 2008]. Radiotherapy is a mature and widely used modality for 

treating cancer using ionizing radiation, and yet its availability differs dramatically throughout the 

world. In fact, even though radiotherapy could cure up to 50% of cancers, more than 30 African 

and Asian countries have no capacity to provide it [Leuker and Diesner-Kuepfer 2008]. In 2003, 

the director general of the International Atomic Energy Agency (IAEA) explained that to be able 

to treat more patients with radiotherapy, less developed countries would need to increase the 

number of radiotherapy treatment machines from the existing ~2,200 to a necessary ~5,000 

[IAEA 2003]. Various economic and political issues have contributed to this shortage of 

radiotherapy treatment machines. The majority of the existing radiotherapy machines in less 

developed countries are simple cobalt teletherapy units. Fulfilling the need for a large number of 

new up-to-date radiotherapy machines in countries with limited resources provides the 

opportunity to design new units that are best suited for the needs of these countries. The overall 

goal of developing new Cobalt-60 (Co-60) machines would be to increase the availability and 

overall utilization of both conventional and modern radiotherapy in less developed countries. 
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Imaging capabilities will need to be added to Co-60 units to provide modern treatments that have 

improved patient outcome. The goal of this thesis was to implement and investigate a form of 

computed tomography (CT) imaging using the ‘cone-beam’ of gamma rays from a Co-60 source. 

An introduction to radiation therapy and patient localization is provided in the following sections 

to explain the necessary capabilities of this imaging modality. 

1.2 Introduction to Radiation Therapy 

Radiation therapy plays a significant role in the current treatment of most cancers. The goal 

of treatment may be to either eliminate the cancer (curative) or reduce the disease symptom 

severity (palliative). In either case, the treatment methods share the same principles. Ionizing 

radiation is used to cause damage to the DNA of the cells in the cancerous tissue [Hall 2000]. 

DNA damage may be due to direct interactions with ionizing radiation or caused indirectly by 

free radicals created by the radiation [Hall 2000]. Although the intention is to damage only the 

tumour, ionizing radiation can also damage the surrounding non-cancerous (normal) tissue, 

leading to potential adverse side effects; it can even result in the creation of new cancers. The 

development of radiation treatment machine technology over the past century has been driven 

primarily by the goal of delivering the highest radiation dose possible to the tumour while 

minimizing dose to healthy normal tissue. A variety of high energy particles may be used for 

treatment, for example: photons (X rays and gamma rays), neutrons, electrons, or protons [Van 

Dyk 1999]. The energy delivered by the particles is measured as a dose: absorbed energy per unit 

mass with units of Gray (1 Gy = 1 J·kg-1). Radiation is commonly delivered from an external 

source (teletherapy) or from sources placed inside the patient (brachytherapy). Depending on the 

treated site, radiation therapy may be combined with surgery and/or chemotherapy to improve the 

overall effectiveness of the treatment [Hall 2000]. 
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Figure 1.1 – Photograph of a modern linac (Varian Clinac iX) showing the head containing the 

MV X-ray source, a kV X-ray tube for patient imaging, and imaging panel all mounted to a 

rotatable gantry. The movable patient couch mounted to the floor is also shown. 

Before the introduction of Co-60 radiation teletherapy, kilovoltage (kV) X-ray machines 

with an energy range of ~120-500 kV were used for teletherapy [Van Dyk 1999, Verellen et al 

2008]. At these relatively low energies, the X rays have a higher probability of interaction with 

tissue, resulting in a lower beam penetration depth and sharper fall-off in dose with depth. 

Consequently, most of the dose is delivered relatively close to the skin surface, making it 

unsuitable for treatment of deep seated tumours [Biggs et al 1999, Attix 2004]. In 1951, Co-60 

radiation teletherapy using a radioactive cobalt isotope was introduced because it provided higher 

energy MeV gamma rays with corresponding deeper penetration and lower dose to surrounding 

healthy tissue (e.g. skin) [Glasgow 1999, Van Dyk 1999]. Co-60 is an isotope of cobalt 

artificially produced by activating Co-59 through neutron bombardment [Khan 1994]. Co-60 

decays through β- decay (i.e. electron emission) to excited Ni-60 [Khan 1994]. The nickel decays 

Linac Head 

kV Imaging  
X-ray Tube 

kV Imaging  
Panel 

Patient Couch 

Gantry 

MV Imaging  
Panel 
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instantaneously to its ground state and emits two high energy photons: 1.17 and 1.33 MeV 

gamma rays. The gamma rays are used for radiation therapy and typically modelled as a mono-

energetic beam of 1.25 MeV gamma rays. Later on, the development of medical linear 

accelerators (linacs) allowed X rays with even higher energies to be produced (Figure 1.1) 

[Podgorsak et al 1999]. The additional increase in X-ray energy further improved delivery of 

dose to deep tumours. The goal of delivering high dose to a tumour and lower dose to the healthy 

tissues was better served. The combination of higher X-ray energy along with a higher dose rate 

(e.g. shorter treatment times) when compared to Co-60 therapy units resulted in linacs replacing 

Co-60 therapy units for teletherapy in more developed nations in the 1960s [Van Dyk 1999]. 

While a Co-60 source is always decaying and emitting radiation, a linac requires electricity to 

produce high energy X rays. To generate X rays, electrons are accelerated through a waveguide 

and made to strike a high atomic number material (e.g. tungsten), where they negatively 

accelerate and produce X rays through Bremsstrahlung [Podgorsak et al 1999]. The X rays have a 

continuous spectrum of energies up to the energy of the accelerated electron. As a result, the 

‘energy’ of the beam is nominally referred to in units of kV or MV, which actually refers to the 

acceleration potential that yields the maximum energy in the beam. The physics of X-ray ‘tubes’ 

used for imaging is very similar: electrons are accelerated through an electrical potential towards 

a target to produce X rays through Bremsstrahlung [Webb 1992]. X-ray tubes for imaging are 

operated at energies between 30-150 kV, whereas linacs typically operate at energies between 

4-18 MV [Webb 1992, Podgorsak et al 1999].  

As the development of radiation sources for cancer therapy progressed, so too had 

techniques for delivering the beams of radiation. Modern treatment machines, including the linac 

shown in Figure 1.1, employ three main interconnected techniques to enhance the target-to-tissue 

dose ratio. The first technique is to deliver dose using multiple beams each at different gantry 

angles around the patient. Since the target is placed at the gantry isocentre, all of the beams 
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overlap at the treatment target and their superposition provides the desired treatment dose. Over 

the normal tissue regions there would be little overlap in the beams, and hence the dose would be 

lower. As long as radiation damage to organs-at-risk (OAR) is avoided, this would reduce the 

adverse side-effects of teletherapy. Target volumes are typically complex in shape, with both 

convex and concave curves. The second technique is to shape each beam to conform tightly to the 

projected outline of the target, which is dependant on the gantry angle. This is commonly referred 

to as 3D conformal radiation therapy. In a typical machine, the treatment beam, or beam ‘portal’, 

is first collimated to a rectangular field whose dimension is adjustable from ~4 to 40 cm on a 

side. However, to conform to the unique shape of the target, further collimation is necessary. 

Early on, this additional collimation was achieved by using an attenuating ‘block’ of metal (e.g. 

Pb alloy) that was cast to the desired shape matching the projected target outline. This required a 

different metal block to be cast for each specific beam angle. To avoid having to make and handle 

metal blocks for each patient, multi-leaf collimators (MLCs) were developed. MLCs consist of 

thin and independently movable ‘leaves’ of highly attenuating material (e.g. W), which are 

positioned to provide a beam collimator of arbitrary shape [Boyer et al 1999]. To automate the 

beam shaping, the MLC leaves are articulated using attached computer controlled motors. The 

third technique takes advantage of another “degree of freedom” by modulating the beam intensity 

within each individual custom shaped beam portal. Intensity modulated radiation therapy (IMRT) 

builds on 3D conformal therapy to further control and optimise dose delivery [Boyer et al 1999]. 

An IMRT beam portal is generated by sequentially delivering many different MLC field patterns 

at a set gantry angle. Currently, a typical IMRT beam portal takes ~30 seconds to deliver. 

The development of these techniques allowed linacs to provide high dose regions with 

highly complex shapes and rapid dose fall-offs adjacent to an OAR. Consequently, there became 

a greater need for precision in localizing the target volume prior to treatment. As explained in 

greater detail in Chapter 2, the 3D treatment volume is determined using a separate and dedicated 
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X-ray computed tomography (CT) machine. During this ‘treatment planning’ process, medical 

experts generate a 3D treatment plan. When the patient is set-up on the treatment couch, images 

are also used to ensure correct positioning. The goal is to ensure the patient is in the same 

position for treatment as they were for treatment planning. In early imaging approaches, the 

treatment volume was localized by obtaining 2D portal images (similar in concept to radiographs) 

of the patient immediately before treatment and comparing them with equivalent 2D images 

generated from the 3D planning CT data. More recently, CT imaging capabilities have been 

added to linacs themselves, which allow them to obtain a CT scan of the patient while they lie on 

the treatment couch (shown in Figure 1.1) just before treatment. This allows a direct comparison 

between the 3D pre-treatment CT obtained on the linac and the 3D planning CT to adjust the 

positioning of the patient and in turn the treatment target. 

1.3 Objectives 

Modern radiotherapy machines (linacs) are not as well suited for less developed countries 

due to their increased complexity, maintenance, infrastructure requirements, and cost when 

compared to Co-60 radiotherapy machines [Glasgow 1999, Adams and Warrington 2008]. 

However, due to the widespread adoption of linacs in more developed countries, most 

improvements in radiotherapy technology have not been applied to Co-60 machine designs. In 

particular, the incorporation of MLCs for IMRT and ‘on-board’ imaging panels for position 

verification were not implemented on Co-60 machines. However, there is no reason that these 

technological developments could not be implemented on a Co-60 machine, and thus modernize 

its capabilities [Schreiner et al 2009]. The overall goal of modernization would be to make state-

of-the-art radiotherapy more accessible worldwide. A complete re-design of the Co-60 unit would 

be the ideal approach. However, upgrading existing machines should also be considered as this 

may provide a less expensive and time consuming alternative for industry. Also, existing 
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machines that are upgraded would still be capable of delivering simple conventional (i.e. non-

IMRT) treatments, which may still be preferable for many treatment cases. 

Modern conformal Co-60 radiotherapy would require the same pre-treatment patient 

imaging for tumour localization as with modern linac radiotherapy. The simplest way of adding 

this to existing Co-60 machines would be to attach a 2D imaging panel to the gantry to generate 

portal images using the gamma rays from the Co-60 source. 3D CT images of the patient could be 

reconstructed using a sufficient number of projection images (explained in detail in chapter 3). 

CT imaging using 2D portal images from the (collimated) cone-shaped treatment beam is referred 

to as cone-beam CT (CBCT). This would provide a practical solution for imaging because a 

separate imaging system would not be necessary. Thus, the main objective of this thesis was to 

implement and characterize the imaging performance of a bench-top Co-60 CBCT imaging 

system using an existing Co-60 therapy source. The objective was to determine if Co-60 CBCT 

could be used to localize a patient. To accomplish this, Co-60 CBCT image quality was 

quantitatively analysed, followed by a comparison between Co-60 CBCT images, non-cone-beam 

Co-60 CT images from previous research and clinical kV CT images of anthropomorphic 

phantoms. 

1.4 Chapter Outline 

Chapter 2 starts with a review of X-ray imaging of tumours, and their use for planning 

radiation treatments for cancer. Building on this, the chapter provides an overview of how pre-

treatment X-ray imaging used to localize the patient has evolved over time. Finally, it introduces 

the advantages of Co-60 teletherapy in less developed countries in order to justify the application 

of modern therapy technologies to Co-60. 

Chapter 3 provides the necessary theory to understand Co-60 CBCT acquisition and 

reconstruction. The focus of the chapter is on providing conceptual understanding of necessary 
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principles. It starts by explaining how the Co-60 gamma rays are produced, measured, and 

converted into ‘projections’. Next, it builds the necessary theory to reconstruct the CBCT images 

from these projections. Explanations are then given for how ‘half-scans’ and ‘half-beam’ scans 

are conducted to reduce imaging time and increase imaged object size respectively. Artifacts 

common to CBCT and standard metrics for determining image quality are explained. Finally, an 

introduction is given on how X-ray images are displayed. 

Chapter 4 provides an overview of the Co-60 CBCT imaging system, including its main 

system components. It begins by explaining practical aspects of how the portal images were 

acquired, processed, and reconstructed into CBCT images. Next, it illustrates how image artifacts 

were reduced to improve perceived image quality. The phantoms and methods used to 

quantitatively characterize the image quality of the CBCT imaging system are presented. The 

chapter concludes with how the imaging doses to the objects were estimated. Finally, a summary 

table of imaging parameters and dose for each object scanned is provided. 

Chapter 5 presents the CBCT images acquired along with their analysis to determine the 

performance of the Co-60 CBCT imaging system. The contrast sensitivity, CT number response, 

spatial resolution, and cupping artifact are all quantified. Finally, Co-60 CBCT scans of 

anthropomorphic phantoms are compared with phantom slice photographs, kV CT images, and 

Co-60 fan-beam CT images from previous work to argue the suitability of Co-60 CBCT for 

patient localization. 

Chapter 6 compares the performance of Co-60 CBCT with the requirements of patient 

localization for conformal radiation treatments. Suggestions for further investigation into the 

Co-60 imaging physics, image dose reduction, quantification of clinical suitability, and non-

medical applications of Co-60 CBCT are given. 

The appendix provides Matlab code used to process portal images, reconstruct CBCT 

images, and reduce image artifacts. 
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Chapter 2 

Literature Review 

2.1 Tumour Imaging and Treatment Planning  

The first step in planning a radiotherapy treatment is to obtain sufficient knowledge of the 

position and 3D extent of the target (i.e. the tissue to be irradiated) [Van Dyk 1999, Verellen et al 

2008]. Palpable tumours near the surface, such as in the breast may be occasionally felt through 

physical examination. However, tumours deeper in the body require imaging to provide 

information to generate a treatment plan. Typically, X ray based imaging is used. 

Before the development of CT, treatment beam portals (i.e. the treatment plan) were 

defined by oncologists for later delivery using planning 2D ‘portal’ images acquired with X-ray 

sensitive film. In portal imaging, the X-ray response (i.e. tissue dependant attenuation) of the 3D 

anatomy (e.g. the tumour and the surrounding tissues) is projected onto a single 2D plane. To 

gain more information, portal images would be taken from multiple angles. Typically, bony 

landmarks were used to define the beam portals since soft-tissue contrast is poor and rarely 

useful.  

To achieve more conformal dose delivery, the target position and 3D extent needed to be 

known with greater accuracy than provided by portal images. Introduced by Hounsfield in 1973, 

X-ray computed tomography (CT) can provide this information from a 3D map of anatomy 

dependant X-ray attenuation coefficients, created from a series of 1D or 2D portal images of the 

body (explained in chapter 3) [Carlsson 1999]. The geometry of CT acquisition evolved since it 

was first introduced through a series of scanner ‘generations’ [Carlsson 1999]. First generation 

CT scanners consisted of a simple narrow ‘pencil’-beam of X rays and a point detector. To image 

a 2D plane or ‘slice’ of the object, the pencil-beam and detector would be scanned linearly across 

the width of the object, the process then repeated at multiple angles around the object. Repeating 
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the 2D acquisition for each adjacent slice of object allows a 3D image to be formed. For second 

generation CT scanners, the pencil-beam was slightly widened into a ‘fan’-beam together with a 

short array of detector elements. This sped up the acquisition process, but still required the same 

translations across and rotations around the object. The fan-beam and array of detector elements 

was then widened to encompass the entire width of the object for the third generation geometry. 

This allowed a slice to be imaged by only rotating the detector and fan-beam source. In fourth 

generation scanners, the detector array was increased again to form a ring around the entire 

object, such that only the X-ray source and fan-beam had to be rotated. First-to-fourth generation 

scanners were operated in ‘axial’ mode, where each slice of the object was imaged sequentially as 

the object was stepped (e.g. translated a small amount) through the detector. In contrast, ‘Spiral’ 

CT, introduced by Kalender in 1989, continuously moves the patient through the scanner while 

continuously rotating the X-ray source and detector [Kalender 2006]. As a result, the source and 

detector would effectively follow a spiral trajectory down the length of the object. This reduced 

imaging times and made Spiral CT the most popular method of CT acquisition. 

CT images provide a 3D map of tissue-dependant X-ray attenuation coefficients, with soft-

tissue contrast far superior to X-ray portal imaging. CT images provide information to use when 

calculating the planned radiation dose in the patient, since X-ray attenuation is a measure of the 

tissue response to X-ray radiation. Thus, the target and surrounding organs-at-risk can be detected 

and delineated in 3D on the CT images and used to determine a desired dose distribution 

[Verellen et al 2008, Chen et al 2009].  

Achieving the desired dose distribution for a state-of-the-art, highly conformal IMRT 

treatment depends on a large number of variables (e.g. beam angles, beam intensities, and MLC 

leaf positions) which makes it difficult and time consuming to manually plan all beam portals. 

Instead, computers are used to do ‘inverse-planning’: they semi-automatically choose optimal 

beam angles, X-ray beam intensity, and MLC parameters that will satisfy the desired plan 
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objectives. The usefulness of CT in both tumour imaging and dose calculations has resulted in 

most cancer centres in more developed countries dedicating a CT scanner, referred to as a ‘CT 

simulator’ for radiotherapy planning. Nonetheless, many other imaging modalities (e.g. nuclear, 

magnetic resonance, and optical imaging) sometimes play a complimentary role to CT. 

2.2 Patient Localization and Image-Guided Radiation Therapy 

While highly conformal delivery with increased target dose can lead to improved patient 

outcome, it also means there is less tolerance for errors [Verellen et al 2008]. If the patient is not 

in the same position on the treatment couch as when their planning CT was acquired there is the 

likelihood that a portion of the target volume will be placed outside the high dose region, leading 

to an under-dose. Conversely, a portion of an organ-at-risk may be placed erroneously in the high 

dose region, resulting in adverse side-effects. Multiple factors can result in target and patient 

placement errors including: organ motion (e.g. breathing, and gastro-intestinal changes), a lack of 

patient couch precision, tumour response to therapy, and patient weight change. Also, it is very 

common to perform radiation therapy in fractions: the same target is delivered a fraction of the 

total dose once or twice a day over a few weeks. This takes advantage of biological processes that 

can result in greater tumour response, while allowing healthy tissue to repair in between dose 

fractions [Van Dyk 1999]. However, the increased number of treatments required in fractionation 

further increases the need for accurate and reproducible patient localization. 

After treatment plan imaging, tattoos or other semi-permanent markers would be placed on 

the patient with reference to stationary lasers aligned to the isocentre of the CT simulator 

[Dawson and Jaffray 2007]. Immediately prior to radiation delivery, the external reference marks 

on the patient would be used to re-align them, and hopefully in turn the target volume to the 

isocentre of the radiation therapy machine. As imaging technology developed, so did its use for 

patient localization. Prior to the 1980’s, the treatment beam of MV X rays was used to image the 
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patient with an X-ray sensitive film. This film was developed after the day’s treatment, and used 

to correct the patient positioning prior to the next delivered dose fraction, if needed. In the early 

1980’s, electronic portal imaging devices (EPIDs), or imaging panels, were developed that could 

provide an immediate electronic MV portal image for localization [Munro 1999]. Later, a kV 

X-ray tube and imaging panel aimed at the linac isocentre were mounted on the linac gantry at 

90° with respect to the treatment beam to provide portal images with improved image contrast 

and reduced imaging dose. Patient positioning was commonly measured by acquiring two portal 

images from orthogonal directions. The first group to develop technology that allowed CT 

imaging inside the treatment room were researchers in Japan, who introduced ‘CT-on-rails’ 

[Chen et al 2009]. Here, a CT unit on rails slides over the patient on the linac treatment couch 

while they remain in the treatment position. The acquired CT would then be compared to the 

treatment planning CT to determine and correct any patient position errors. This approach utilized 

a mature technology (spiral CT) but required the addition of an entirely separate imaging machine 

to the treatment room. More recently, 3D CT imaging on the linac itself was made possible with 

the attached kV X-ray tube and imaging panel by collecting sufficient 2D projections around the 

patient [Jaffray and Siewerdsen 2000]. This approach is commonly referred to as cone-beam 

computed tomography (CBCT) and will be explained in detail in the next chapter. As kV CBCT 

developed, the potential for MV CBCT using the linac treatment beam operated at a low dose rate 

was also researched [Morin et al 2009]. One benefit over kV CBCT is that the MV CBCT 

geometry volume will correspond directly to the treatment geometry (since they are from the 

same source). In addition, some kV imaging artifacts, such as from metal implants, are reduced at 

MV energies. However, as explained more thoroughly in the next chapter, image noise is higher, 

and subject contrast is lower in MV CBCT than kV CBCT [Groh et al 2002]. Despite these 

intrinsic problems, MV CT and MV CBCT are beginning to be used clinically for verification of 

patient positioning, due to the reduced cost and complexity when compared to the addition of a 
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kV X-ray tube and imaging panel [Sillanpaa et al 2005, Hong et al 2007, Gayou and Miften 2007, 

Morin et al 2009]. 

With the ability to acquire 3D images of the patient at selected intervals, it is now possible 

to monitor both tumour response and other changes in patient anatomy (e.g. weight loss or gain). 

This ability has lead to the development of image guided radiation therapy (IGRT). Not only can 

the pre-treatment imaging be used for patient positioning, but if the patient or tumour changes 

sufficiently, it can be used to indicate if the dose distribution is no longer suitable. Recent 

research has shown that pre-treatment CBCT should have sufficient image quality and calibrated 

beam response to adapt an existing, or generate a new treatment plan without the need for a new 

treatment planning CT [Petit et al 2008]. 

2.3 Cobalt Therapy and World Context 

Most radiation treatments units in the developing world are still conventional Co-60 units, 

performing simple radiation treatments [Glasgow 1999]. This is because Co-60 units have some 

benefits over linacs, which make them well suited in developing nations, or remote areas of more 

developed nations [Glasgow 1999, Adams and Warrington 2008]. The main benefit is that Co-60 

therapy units are simpler: the Co-60 source is always producing gamma rays whereas, for 

example, linacs require higher voltage (~240-480 V AC), high power (~20-60 kV·A), a complex 

evacuated waveguide for accelerating electrons, and water cooling of the tungsten target that the 

electrons strike to produce X rays [Varian Medical Systems 1996, Varian Medical Systems 2009, 

Siemens AG 2009]. This results in a lower initial cost of a Co-60 unit. Also, the simplicity lowers 

machine maintenance time and cost: only the source needs periodic changing. In contrast, linacs 

typically require dedicated support staff to ensure they are capable of producing X rays for 

treatment. Finally, the significantly lower Co-60 power requirement is beneficial in geographic 

areas with limited or unstable power infrastructure. 
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Although these simple Co-60 treatments are still of clinical benefit, the ability to deliver 

more complex treatments with higher doses and improved normal tissue sparing could lead to 

significant improvements in patient outcome. Historically, developments in treatment 

technologies to provide these improved conformal treatments were only applied to linacs, since 

they became popular before conformal treatment existed. At the time, linacs were superior to 

Co-60 for simple conventional treatment plans, due to their higher dose rate, deeper penetration 

and sharper beam edges (less penumbra). However, it has been shown that in the context of 

modern conformal therapy, where multiple beam portals (7 or more) are typically used, the 

disadvantage in penetration depth is overcome, making Co-60 dose distributions comparable to 

those from a modern linac [Warrington and Adams 2002, Schreiner et al 2003, Adams and 

Warrington 2008]. Research effort has also been devoted towards decreasing delivery times by 

increasing the dose-rate of Co-60 units [Joshi et al 2001]. These developments have been part of 

recent efforts to modernize Co-60 therapy machines.  

These findings fuelled previous research into the development of a new Co-60 treatment 

unit design that was capable of modern conformal therapy via the tomotherapy approach: 

radiation therapy performed slice-by-slice in a geometry similar to spiral CT [Joshi et al 2001, 

Salomons et al 2002, Schreiner et al 2003, Rogers et al 2006, Joshi et al 2008, Dhanesar 2008, 

Schreiner et al 2009]. Although the research has shown great technical promise, this approach 

would require the design and construction of entirely new treatment units. This could make the 

worldwide commercialization of such a product problematic. As a result, an alternate approach 

has been considered to first find ways of upgrading existing Co-60 units to provide modern 

treatment without requiring a complete re-design. This could allow a portion of the ~2000 Co-60 

therapy units worldwide to provide modern therapy when necessary, and otherwise continue to 

perform effective simple therapies. 
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As described in section 2.2, an upgraded Co-60 unit that would provide modern conformal 

treatment would also require pre-treatment imaging to accurately localize the patient. To 

minimize the design complexity and cost, it would be ideal to use the Co-60 therapy source for 

imaging as well. This would only require the addition of an imaging panel to the Co-60 therapy 

units. Portal imaging and digital tomosynthesis (DT) imaging from the Co-60 therapy source, 

using a scanning liquid ionization chamber (SLIC) imaging panel, was performed and examined 

[MacDonald 2010]. DT uses fewer portal images from a smaller angular range than CBCT to 

enhance in-plane features and reduce out-of-plane features at an arbitrary depth in the scanned 

object. This provided some 3D information for patient localization but is limited compared to 

CBCT, since it does not sample a complete 3D volume. Investigations are currently being 

conducted to determine if Co-60 DT may still be sufficient for patient localization [Rawluk et al 

2010]. Co-60 pencil beam CT and fan-beam CT were tested using a therapy Co-60 source for 

previous Co-60 tomotherapy studies [Salomons et al 1999, Hajdok 2002]. Preliminary results 

suggested that the image quality was sufficient to use for patient localization [Hajdok 2002]. 

However, portal images are often insufficient for complex conformal plan localization, and fan-

beam CT is slow for imaging volumes when compared to CBCT, which only requires a single 

rotation around the patient. It would likely be necessary to use Co-60 CBCT for modern Co-60 

treatment, since modern linac treatment has required 3D CBCT data for localization. Existing 

Co-60 units use large cone-shaped treatment beams (i.e. the same beam geometry as a linac), 

which are well suited for CBCT imaging. Previous investigation of Co-60 CBCT had been 

limited to only initial proof-of-concept Co-60 CBCT scans of a water beaker using an impractical 

first generation CT approach [Hajdok 2002]. The development and testing of a clinically relevant 

Co-60 CBCT imaging system was initiated by the author and became the topic of this thesis. 
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Chapter 3 

Theory 

3.1 Portal Image Acquisition 

3.1.1 Introductory Physics 

Gamma and X rays can interact with matter through the photoelectric effect, Compton 

scattering, pair production, Rayleigh scattering, or photonuclear interactions [Attix 2004]. For 

Co-60 gamma-ray energies (~1.25 MeV) the dominant interactions are photoelectric and 

Compton scattering. Thus, gamma rays from an imaging source may interact with the object 

being imaged by these mechanisms, or pass straight through without interacting (primary gamma 

rays) (Figure 3.1). Primary gamma rays and Compton scattered gamma rays will then impinge 

upon the surface of the detector. Typical detectors effectively measure only the total energy 

deposited in it from interacting gamma rays and secondary electrons. A direct measure of the type 

of interactions with the detector or object is not possible. Using a simple narrow beam (e.g. 

linear) exponential attenuation model, the attenuation coefficient ),( yxµ  along a line s  through 

the sample can be related to the number of incident gamma rays, 0N , and the number transmitted 

through the object, 1N  (e.g. the ones that reach the detector) [Attix 2004]: 

 
∫
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−
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 (3.1)

where (x , y) refers to the object’s Cartesian coordinates. Here, the attenuation coefficient 

represents the overall probability, from all types of interactions, that a gamma ray will interact, 

such that it will be removed from the primary beam and not be measured by the detector. 

Photoelectric interactions follow this assumption since the result is the complete absorption of the 

gamma ray. However, a gamma ray that is Compton scattered through a small enough angle  
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Figure 3.1 – A highly attenuating circular object (e.g. bone) in water surrounded by negligibly 

attenuating air. An example photon path s through the object is shown along with the number of 

incident and transmitted photons N0 and N1 respectively.  

could still reach a finite-sized detector. Nonetheless, simple exponential attenuation is still 

conventionally used to model gamma and X-ray interactions for transmission-based ‘portal’ 

imaging. 

3.1.2 Amorphous Silicon Panel Physics 

CBCT builds a three-dimensional (3D) volume of attenuation data using a series of 2D 

projection images of the object [Kak and Slaney 1998]. An amorphous silicon (a-Si) imaging 

‘panel’ (aS500, Varian Medical Systems, Palo Alto, CA) was acquired and used for the work in 

this thesis. The ‘panel’ consists of a 2D array of photodiodes fabricated on a thin (0.1 mm) sheet 

of a-Si (Figure 3.3). Gamma rays can interact directly with the photodiodes to produce the 

measured signal. However, the detection efficiency is rather poor because the low attenuation 

coefficient of silicon and its small thickness leads to a low probability of interaction (i.e. µ·s).  

To improve detection efficiency and signal amplitude a ‘build-up’ layer of metal and a 

fluorescent layer of phosphor are added before the photodiode array. For the aS500 panel, these 

are 1 mm of Cu and 0.48 mm of phosphor (Gd2O2S) respectively (Figure 3.2). Gamma rays 

interact (e.g. Compton scatter, photoelectric effect) predominantly with the metal layer to excite 

s 

y 

x N0 

µair 
µwater 

N1 
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Figure 3.2 – 2D cross-section schematic of the imaging panel showing examples of different 

interactions contributing to the formed image. Scatter of the gamma rays and optical photons 

occurs but for clarity is not illustrated. a) An incident gamma ray undergoes a Compton scatter 

interaction resulting in a Compton electron. This electron interacts with the Cu exciting more 

electrons through inelastic collisions. These electrons continue to undergo collisions until they 

interact with the phosphor layer. Each electron results in fluorescence of a number of optical 

photons (depending on the electron energy), which eventually generate electron-hole pairs in the 

a-Si photodiode array (i.e. detection). b) A gamma ray directly interacts with the a-Si photodiode. 

c) A gamma ray interacts with the phosphor layer directly resulting in fluorescence detected by 

the a-Si photodiode array. Note: not shown are two 9 mm layers of rohacell capped with circuit 

board material that provide a mechanically protective sandwich above and below the three layers 

shown [Siebers et al 2004]. For clarity, a small arbitrary number of electrons/photons/gamma 

rays are illustrated. 

electrons. These energetic electrons undergo collisional interactions with the metal and excite 

further electrons. Once they reach the phosphor layer, inelastic collisions here lead to the release 

of fluorescent optical photons. Although less prominent, gamma rays may also interact directly 

with the phosphor layer producing optical fluorescence. The generated optical photons then 

scatter through the phosphor layer until they reach the a-Si photodiodes. Photons (e.g. optical or 

gamma rays) with sufficient energy will generate electron-hole pairs in the photodiodes which 
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build up charge proportional to the incident photon intensity. Each photodiode is connected, via a 

thin-film transistor (TFT), to a charge-amplifier and photodiodes in the same column are all 

connected to the same charge-amplifier (Figure 3.3). After a set amount of time to allow charge 

build up, the TFTs connected to each photodiode in one row are biased, allowing them to 

conduct. This connects each photodiode to a separate charge amplifier so their values can be read 

out simultaneously. Each row is then sequentially read out until the entire image is acquired.  

To summarize, the output from a charge amplifier when connected to a photodiode is 

proportional to the number of (predominantly optical) photons that reach the photodiode and 

generate electron hole pairs. This is proportional to the number of optical photons generated in 

the phosphorescent layer, which is proportional to the energy deposited in the layer. This energy 

is proportional to the sum of the energy deposited by interacting gamma rays and electrons from 

the metal layer. The energy deposited by the electrons from the metal layer will be proportional to 

the energy of the interacting gamma rays. Finally, for a mono-energetic beam, the energy 

deposited will be directly proportional to the number of gamma ray interactions, which is 

proportional to the number of incident gamma rays. Thus, the detector output can be considered 

to be a measure of the energy deposited by beam, or the number of gamma ray interactions for a 

mono-energetic beam.  

The overall efficiency of the detector is improved with the addition of the metal and 

phosphor layers. A first order approximation can be made for the detector efficiency by 

considering the probability of interaction (i.e. µ·s) of the detector materials (see section 3.4.3). 

The theoretical detection efficiency for all the layers is 5.4% compared to 0.74% using only the 

a-Si layer. This improved efficiency comes at the cost of reduced resolution due to additional 

scatter. However, the electron and photon scatter is still sub-millimeter [Siebers et al 2004]. 

 

 



 

20 

 
Figure 3.3 – Illustration of the read-out electronics for the amorphous-silicon panel. The 

photodiodes accumulate electron-hole pairs due to irradiation until the gate line for the row is 

biased. This activates the transistors along the gate line, connecting a single photodiode in each 

column to a data line (column). Each column is connected to a different charge amplifier, 

allowing an entire row of data to be read out simultaneously. Each row is read out sequentially 

until the entire image is formed. 
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3.1.3 Image Acquisition 

Equation 3.1 gives a relationship between the ratio of gamma rays incident on a detector 

pixel, with and without the object present, and the gamma-ray attenuation due to the composition 

of the object. In the 2D p-q image plane (Figure 3.4), ),(1 qpM  is the signal with the object in 

place, at the pixel p-q. However, all photodiodes have a dark-current: the p-n junction is non-ideal 

and allows some current to flow (i.e. charge measured) even when there are no incident photons. 

This will result in a false number of extra counts MDF (p,q). To account for this, a ‘dark-field’ 

(DF) is obtained: an image without any incident irradiation. This is then subtracted from all 

further measurements. ),(0 qpM is signal measured by obtaining a ‘flood-field’ (FF): an image 

of the incident irradiation without any object present. All images in a given geometry are then 

normalized by this FF. This also cancels the fact that the gain of each charge amplifier will not be 

identical. Thus, an overall corrected image can be obtained [Varian Medical Systems 2000]: 
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This image is equal to the ratio of the actual number of gamma rays (N) before and after the 

object, since the signal (M) is directly proportional to the actual number of gamma rays; the 

detection loss for both measurements will cancel. 

3.2 Cone Beam Computed Tomography 

The goal of computed tomography is to generate a 3D map of photon attenuation 

coefficients for an object using only projections through the object. These projections can be 

acquired from a number of possible geometries. Conventional Co-60 therapy is delivered using a 

cone-beam: a partially collimated 3D beam of photons (e.g. gamma rays) diverging from a 

common point-source (Figure 3.4). This makes the CBCT geometry most practical for patient 

position localization imaging in radiotherapy. For an introduction to other geometries, Hajdok’s  
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Figure 3.4 – Top: illustration of the cone-beam geometry including the projection plane notation. 

Bottom: top-down view illustrations of the full-beam configuration (i.e. object is entirely 

contained within the beam and panel FOV) and half-beam configuration (i.e. panel is shifted off-

axis such that at least half the object is imaged). The source-to-axis distance (SAD) and source-

to-detector distance (SDD) are indicated.  
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MSc thesis is recommended [Hajdok 2002]. CBCT reconstruction refers to the process of moving 

from 2D projection images to a 3D map of the object. The Feldkamp, David, and Kress (FDK) 

reconstruction algorithm chosen for this thesis has become the dominant one used in medical 

imaging for CBCT due to its speed, relative simplicity, and history [Feldkamp et al 1984, Zeng et 

al 2004]. As a result, multiple authors have explained in great detail the FDK algorithm and its 

derivation [Feldkamp et al 1984, Kak and Slaney 1998, Smith 1998, Hajdok 2002, Hsieh 2009c]. 

Instead of simply repeating all the details from these existing references, this section will 

introduce the reader to the concepts and background necessary to understand the FDK algorithm 

as applied to this thesis. Also, for completeness, the final algorithm used will be stated explicitly. 

For greater detail, the reader is referred to the references mentioned above. 

In an ideal CBCT geometry (Figure 3.4), the gamma rays would emanate from a point 

source, interact with the object to be scanned without scattering, and then strike the detector. 

Multiple projections are obtained at different angles by either rotating the source and detector 

about the object (as done clinically) or simply rotating the object (as done experimentally for this 

thesis). These projection images are then back-projected (described below) to form the CBCT 

volumetric dataset. In a real CBCT imaging system, the source has a finite size and scattered 

photons from the patient will also reach the imaging panel. The impact of this is discussed in 

Section 3.3. 

3.2.1 2D Parallel-Beam Projection and Reconstruction 

The concepts of beam projection and reconstruction are first described by considering a 2D 

parallel beam geometry (Figure 3.5). The intention here is to give a more intuitive understanding 

before moving towards the more complex divergent 3D cone-beam geometry. Here, consider just 

the central x-y plane or ‘slice’ of the object. Parallel rays transmitted through this 2D slice will 

result in 1D portal ‘images’. In 1917, mathematician Johann Radon showed that a 2D function 
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),( yxµ can be reconstructed knowing a sufficient number of ray path line integrals (infinite for a 

perfect reconstruction) through the function at different angles. That is, line integrals must exist 

that pass through each point from all angles. To use this, the transmission described in Equation 

3.1 can be put in terms of line integrals to provide a formal definition of a projection R at angle θ 

for each ray path s perpendicular to the line p: 

 ∫=⎟⎟
⎠

⎞
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⎝

⎛
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dsyx
N
N
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This representation of the object by its projections is referred to as the Radon transform. It 

can be shown mathematically that the Fourier transform of )( pRθ is equivalent to a line of points 

at the same angle θ in the 2D Fourier transform of the function ),( yxµ [Kak and Slaney 1998]. 

This is commonly referred to as the Fourier slice theorem. Thus, the Fourier transform of 

)( pRθ at each angle can be used to build up the 2D Fourier transform of the function 

(Figure 3.5). After necessary interpolation from the polar radial data lines to a Cartesian grid, the 

2D inverse Fourier transform will yield the reconstructed function ),( yxµ . 

Obtaining projections for a full rotation around the object generates redundant data and 

therefore is not necessary. For example, looking at the frequency domain, it is clear that 

projections beyond angles from 0° to 180° will begin to overlap with previous projections and are 

redundant. This is because the projections are line integrals; the direction of integration along a 

line through the objected does not modify the net attenuation. For example, the 0° and 180° 

projections will simply be mirror images of one another. 
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Figure 3.5 – a) A single projection (Equation 3.3) at angle θ in the spatial domain. b) The 

frequency domain showing the positions of the Fourier transforms of a series of projections 

(equiangular spaced).  The dashed arrow indicates the position in the frequency domain of the 

Fourier transform (FT) of the spatial domain projection shown in a). 
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Figure 3.6 – a) Two 1D projections at different angles through a 2D object (gray) with a circle of 

highly dense material (white). The intensity drops through the denser material, however the 

projection as defined in Equation 3.3 increases. b) The same two projections filtered and back 

projected. With enough projections at different angles the reconstructed image will converge to 

the original. 

3.2.2 Filtered Back-Projection 

Although the 2D inverse Fourier transform as described in the previous section is a valid 

method of reconstruction, for practical reasons reconstruction in the spatial domain has been 

historically favoured. Considering the definition of a 2D inverse Fourier transform, it can be seen 

as a weighted double integral of the function in the frequency domain. By mathematically 

rearranging the inverse transform problem, it can be shown that [Kak and Slaney 1998]: 

1. The inner integral is equivalent to filtering each projection )( pRθ  by ffH =)(  in the 

frequency domain. 
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2. The outer integral is equivalent to ‘smearing out’ the now filtered projection back along 

the projection ray paths at each angle onto the x-y space, doing so for each projection, 

and summing all of them up. 

The need for the filtering in the first step can be understood by observing how the 2D 

frequency domain is sampled in radial lines. The lower spatial frequencies (closer to the centre) 

clearly have a greater sampling density than the higher frequencies (further from the centre). To 

quantify this, consider the effective area (i.e. the circumference) of a frequency f, and the number 

of samples (number of lines θN ): 

 )(
1

2
Density Sampling

fHf
N

∝=
π
θ  (3.4)

The data needs to be weighted by )( fH  in the frequency domain before back-projection to 

account for this higher-sampling density at low spatial frequencies. For discrete sampled data, 

the maximum frequency component in the discrete Fourier transform will be (2δ)-1 where δ is the 

sampling spacing. As a result, the filter will be effectively truncated (i.e. equal to zero) in the 

frequency domain for f ≥ (2δ)-1. 

Back-projection is shown for two filtered projections in Figure 3.6. Although the 

reconstruction appears poor with two projections, it will eventually converge to the true function 

as the number of projections at different angles is increased. Although the underlying theory is 

still equivalent to the 2D inverse Fourier transform, the difference in the computer 

implementation of filtered back-projection leads to practical benefits [Kak and Slaney 1998]: 

1. Interpolation of )( pRθ necessary during back-projection to suit the x-y coordinates is 

done in the spatial domain. This turns out to be faster and more accurate than 

interpolation from polar-coordinate data to the Cartesian grid in the frequency domain. 

Interpolation inaccuracy in the spatial domain only affects a small local area in the final 
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image, whereas each inaccuracy of interpolation for a value in the frequency domain will 

affect the entire final image [Hsieh 2009c]. 

2. Each projection can be filtered and back-projected as they are acquired, allowing 

reconstruction to be done during scanning, which saves time. The inverse Fourier 

transform requires all the data to be collected before reconstruction. 

From this, a general non-geometry-specific algorithm for filtered back-projection (FBP) 

can be described:  

Step 1: Obtain projections θR through the object over a sufficient number of angles 

(e.g. 180° for parallel beam). 

Step 2: Filter the projections. For example, take the Fourier transform of them, high-pass 

filter with )( fH , and obtain the inverse Fourier transform of the result. 

Alternatively, convolution can be performed with the impulse response function of 

the filter. 

Step 3: Sum up the back-projection of each filtered projection. 

3.2.3 Fan-beam Projection and Back-Projection 

Clinical CT imaging systems use divergent beams from one (or more) point sources, not 

parallel beams. However, the theory for a parallel beam can be adapted for divergent beams. In 

the central x-y plane of the cone-beam (i.e. q = 0), the cone-beam simply reduces to a fan-beam 

(Figure 3.7): a beam where the 2D plane of ray paths originate from a common origin (the 

source). It is easiest to describe a fan-beam by introducing three new variables: an angle β from 

the y-axis to the central ray in the fan-beam, an angle γ from the central ray to the ray path of 

interest s, and γm the maximum γ of the beam. Note that θ still represents the angle from the x-axis 

to the perpendicular of s. Other than the central ray, a fan-beam and parallel beam projection with 

the same β are different. However, it can be seen geometrically that each ray in a fan-beam will 
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be equivalent to a single ray in a parallel beam but at different β angles. Extrapolating from this, 

since data collected over 360° for a parallel-beam will sufficiently sample an object (i.e. each 

point in the object has a line integral from all directions) it will also when using a fan-beam. In 

fact, if the sample spacing, and angular spacing is chosen correctly, fan-beam data can simply be 

re-arranged to produce a parallel-beam equivalent set of data [Kak and Slaney 1998]. It is also 

possible to simply modify the parallel-beam FBP to account for the fan-beam geometry, avoiding 

the constraints necessary to simply re-arrange parallel beam data. To accomplish this, two 

geometric weighting factors are introduced to account for [Kak and Slaney 1998]: 

1. The fluence from a point source not being equal across the imaging panel plane; applied 

before filtering the data. 

2. The effect of the divergence of the beam during back projection 

Otherwise the back-projection remains the same as for a parallel-beam. 

 
Figure 3.7 – Diagram of the fan-beam geometry showing the defining angles. For clarity the 

object being imaged is not shown. 
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3.2.4 Half-Scan 

For the parallel-beam geometry it is clear that after acquiring projections through 180°, any 

further projections are redundant. Using a fan-beam, the minimum necessary range for β is less 

obvious. However, it is clear some of the data will be redundant in a full 360° rotation. It can be 

shown geometrically that the necessary angles to sufficiently sample all the ray paths are [Kak 

and Slaney 1998]: 

 mγβββ 218000 ++<≤ o , (3.5)

where 0β  is the starting angle, typically considered 0° for simplicity. This is somewhat intuitive 

since mγ2  is the full beam angle. Thus to get the mγ−  edge of the beam at the final angle 

)2180( mγβ += o  to reach the same path as the mγ+ edge of the beam at the initial angle 

)0( o=β , the beam needs to be rotated past 180° by the full beam angle mγ2 . Typically, scans 

acquired using this angle set are referred to as half-scans. 

Equation 3.5 gives the minimum angle set necessary to ensure all necessary ray paths are 

sampled, however some ray paths will be sampled more than once. As a result, reconstructing the 

data as-is would produce artifacts.  Unfortunately, simply setting the redundant data to zero will 

also result in artifacts [Kak and Slaney 1998]. This is because discontinuities (i.e. high spatial-

frequency features) will be introduced into portions of projections where the data is redundant. 

The high-pass filtering in FBP will then accentuate these discontinuities and cause artifacts. To 

avoid this, each projection needs to be reweighted while preserving the continuity of it [Parker 

1982]. This weighting is applied before reconstruction and is unrelated to the geometric 

weighting factors in the fan-beam reconstruction algorithm mentioned earlier. By mathematically 

constraining this new weighting function to be smooth (e.g. first derivative is continuous) and 
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continuous, an improved weighting function can be obtained [Parker 1982, Kak and Slaney 

1998]: 
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where angles are in radians. For implementation,γ  can also be expressed as: 

 ⎟
⎠
⎞

⎜
⎝
⎛= −

SDD
tan 1 pγ  (3.7)

Using this weighting factor, “image quality essentially equivalent to the quality of reconstructions 

from 360° data sets is obtained” [Parker 1982]. The main benefit of conducting a half-scan is that 

it reduces the time required for a scan, which for a fixed dose rate also reduces the dose to the 

patient. 

3.2.5 Half-Beam Scan for Imaging Large Objects 

Using the full-beam configuration mentioned up to now (Figure 3.4), the object size is 

limited by the projected detector width at the rotation axis. This is due to the requirement that 

each point in the object has a ray-path through it from all directions through the slice of the object 

being imaged. As discussed previously, a full 360° rotation around the object samples each ray-

path twice. This can be taken advantage of to image larger objects while avoiding the need for a 

larger and more expensive detector. Due to symmetry about the centre of a fan-beam, data 

collected using a half-beam rotated through 360° will contain ray paths from all angles through 

the entire object. An advantage of only needing to image half the beam is that the detector can be 

offset from its original axis (Figure 3.4) allowing a larger half-beam to be imaged. The net result 
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is that with a larger half-beam, a larger object may be imaged compared to using a full-beam (up 

to twice the size). The main disadvantage is that a half-beam scan will be slower than a half-scan 

due to the requirement of a full rotation. 

3.2.6 Cone-Beam CT 

To move from the 2D fan-beam geometry to a 3D cone-beam geometry new variables q 

and z are necessary to account for the added dimension (Figure 3.4). By combining Equations 3.1 

through 3.3, an expression for the cone-beam 2D projections can be obtained: 

 
( ) ∫=−=

s

dszyxqpIqpR ),,(),(ln),( µββ  

∀ ray paths in the cone-beam at angleβ  
(3.8)

where the new variables q and z describe the additional dimension along the rotation axis and 

parallel to it in the detector plane, respectively. The FDK algorithm simplifies the cone-beam 

FBP problem of obtaining ),,( zyxµ by approximating the cone-beam geometry as a set of tilted 

fan-beams. As a result, the existing fan-beam theory needs only minor modifications to include 

the tilting of the fan-beams: 

1. The pre-filtration fan-beam geometric weighting factor discussed in section 3.2.3 needs 

to incorporate the new distance q.  

2. Filtered projections are back-projected along the tilted fan-beams.  

Each tilted fan-beam projection (i.e. each row in ),( qpRθ ) is filtered separately by the same 1D 

filter as for the fan-beam algorithm. 

This final FDK algorithm can be implemented as follows [Feldkamp et al 1984, Kak and 

Slaney 1998]: 

Step 1: Obtain the gamma ray based portal images and calculate the projections using 

Equation 3.8. 
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Step 2: Multiply the projection data by a geometric weighting factor to account for the 

uneven fluence from the source across the flat-panel: 

 ),(
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SAD),('
222

qpR
qp

qpR ββ
++

=  (3.9)

Step 3: Filter the weighted projection data in the Fourier domain for all rows q: 

 [ ]{ })(),('FTFT),( 1 FHqpRqpQ ⋅= −
ββ  (3.10)

Step 4: Finally, back-project ),( qpQβ onto the 3D grid: 
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where the t-s variables represent a coordinate system parallel to x-y but rotated by the angle β. 

This second geometric weighting factor 22 )SAD/(SAD s−  accounts for the divergence of the 

beam during back-projection. To obtain ),,( zyxµ the following substitutions are made: 

 ββββ cossinsincos yxsyxt +−=+=  (3.12)

For computer implementation from a finite number of equiangular spaced projections, the integral 

can be approximated by a Riemann-sum:  
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It can be shown that (as expected) this reduces to the exact fan-beam reconstruction in the 

central plane. The FDK algorithm is sufficiently accurate for most clinical applications. However, 

for two reasons it remains an approximate reconstruction of the true ),,( zyxµ function: 
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1. Due to the finite number of projection angles βi, the summation in Equation 3.13 remains 

an approximation of the true integral. However, this would be true for all back-projection 

methods and not just FDK. 

2. Not all the data necessary for an exact reconstruction is sampled in the FDK geometry 

because the source rotates around the object in a single circle [Grass et al 2000]. Smith 

(1985) determined the sufficient sampling condition for CT reconstruction of a 3D object 

to be that every possible plane that intersects a point in the object must also intersect the 

circle the source rotates around the object (a cone-beam source point). All points off the 

central plane will not obey this condition. Points further from the central plane and will 

have more intersecting planes that do not intercept a source point and so will be even 

further from obeying the requirement. 

The second requirement could be fixed if it were possible to rotate the source through an 

additional circle perpendicular to the original. 

3.3 Co-60 CBCT Artifacts 

A precise definition of an image ‘artifact’ would be any difference from the reconstructed 

measured image and true image. However, due to the approximate nature of reconstructions most 

CT images would be considered to contain, or almost entirely be composed of negligible artifacts 

[Hsieh 2009a]. For this work, only artifacts that would interfere with patient localization were of 

concern. There are many possible CBCT artifacts that could be clinically significant with any 

gamma-ray source. These include: a halo-effect due to rotation axis misalignment, cupping, 

streaking, rings, insufficient angular or spatial sampling, blurring, shading, and partial volume 

[Hsieh 1998, Hajdok 2002, Barrett and Keat 2004]. Only three of these were found to be 

significant during the investigations for this work and will be discussed: blurring, rings, and 

cupping. 
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3.3.1 Blurring 

The finite size of a gamma-ray source results in a geometric penumbra, as illustrated in 

Figure 3.8. The result is that the projected edges of a feature will not be sharp or distinct, but will 

taper off causing a blurring in the projection images. The width of the penumbra region Wp can 

be expressed easily in terms of the source-to-axis distance (SAD), axis-to-detector distance 

(ADD), and gamma-ray source diameter d: 

 )1(
SAD

SAD-SDD
SAD
ADDWp −=== Mddd  (3.14)

where M is the image magnification (SDD/SAD). To minimize this effect, both d and ADD 

should be minimized, and SAD maximized. However, both d (source size) and SAD (due to 

gantry size) are fixed parameters on existing Co-60 units, and the ADD is limited by the size of 

the patient. This means the ideal point source assumed by the FDK algorithm cannot be met, 

resulting in CT blurring, and in turn reduced spatial resolution. For a 2 cm source, 100 cm SAD, 

and 25 cm ADD the geometric penumbral width is a non-negligible 0.5 cm at the detector plane. 

 
Figure 3.8 – Illustration of the geometric penumbra due to the finite size of the Co-60 source. 

Distinct edges of even an opaque object (black rectangle) have a penumbra due to the source size, 

resulting in a blurring of the object’s true edges. Currently this limits the resolution achievable 

with large source Co-60 imaging. 

Co-60 

Profile Image 

SAD ADD

Wp 
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3.3.2 Ring Artifact 

All third generation CT scanners (detector and source rotate together) are prone to ‘ring’ artifacts 

(Figure 3.9-a): non-physical rings about the axis of rotation (centre of the image) overlaid on the 

true image [Barrett and Keat 2004, Hsieh 2009a]. They are caused by a detector pixel giving a 

consistently incorrect result over a range of angles possibly due to miscalibration (e.g. shift in FF 

over time, or incorrect FF), differing non-linear pixel response, or a defective pixel. In the 

projection images, a small consistent offset in a pixel may go unnoticed, while in the CT 

reconstruction the offset will add constructively in a more pronounced ring (blurring itself out 

elsewhere in the CT image) [Hsieh 2009a]. The ring shape results because the back-projecting 

pixel is at a constant position (i.e. radius) through multiple angles, and so the back-projected pixel 

will overlap in the CT image at only that radius. 

 

 
Figure 3.9 – a) Ring artifact in a transverse slice of a solid water phantom. Note that the rings are 

about the centre of the image (i.e. the rotation axis) not the centre of the cylindrical phantom. The 

intensity of rings has been enhanced for illustration. b) Central slice of the same cylindrical solid 

water phantom with a 7 cm beam field of view (FOV). The window and level have been adjusted 

to make the cupping more obvious. 

25 cm 25 cm 

a) b) 
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3.3.3 Cupping 

Beam hardening and scatter can cause an artifactual enhancement in transmitted gamma 

rays closer to the centre of the beam. This in turn can lead to artificially low values for ),,( zyxµ  

and CT number with a ‘cupping shape’ near the centre of the object (Figure 3.9-b) [Hsieh 2009a]. 

The artifact can be quite noticeable and limits the amount of the image that can be viewed at a 

narrower (higher contrast) display window/level. Although this may possibly be worked around 

in a clinical setting for patient alignment, it would be an unneeded inconvenience. 

Basically, beam hardening is due to most medical X-ray sources being polychromatic. 

Lower energy X rays tend to be preferentially attenuated causing the beam to become hardened as 

it passes through an object: the mean X-ray energy increases, lowering further attenuation of the 

beam [Barrett and Keat 2004]. Thus, the detected beam is less attenuated due to beam hardening 

than predicted by the simple mono-chromatic attenuation model. The human body is roughly 

cylindrical, which means that towards the beam axis the transmitted beam will be more hardened 

than at the edges. The trend of larger measured intensity in the centre of the object (thickest point) 

artificially leads to a drop in the measured attenuation coefficient towards the centre of the object. 

It has been previously shown that beam hardening of the Co-60 beam is negligible, eliminating 

this as the primary cause of cupping in this work [Hajdok 2002]. 

Compton scattering exists at both MV and diagnostic kV X-ray energies, but becomes 

more pronounced at MV energies [Attix 2004]. Scatter is also a known cause of the cupping 

artifact [Glover 1982, Joseph and Spital 1982, Johns and Yaffe 1982]. The measured intensity at 

the detector can be broken down into the primary beam (P) and scattered (S) components: 
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Combined with Equation 3.3 this gives: 
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The scattered component is approximately spatially invariant (a ‘wash’ of scatter), whereas for a 

cylindrical object, the primary beam will be increasingly attenuated towards the centre [Johns and 

Yaffe 1982]. Thus the scatter to primary ratio (S1  / P1) will increase towards the centre and be 

smallest beyond the projection of the image (S0  / P0). This results in the second term in 

Equation 3.16 being increasingly negative towards the centre of the object, and contributes to the 

cupping artifact [Johns and Yaffe 1982]. 

3.4 Image Quality 

There are three main interrelated image properties that effect image quality: noise, contrast, 

and resolution [Hsieh 2009d]. Although they will be discussed individually for clarity, it is 

important to be aware that they are not independent factors. For example, both high image noise 

and low contrast between features will reduce the ability of an observer to resolve image features 

from one another (i.e. reduce spatial resolution). 

3.4.1 Contrast 

Due to their physical properties, different materials in the body will have different 

attenuation coefficients. Contrast refers to this difference in properties that allows structures in 

the body to be distinguished from one another [Hendee and Ritenour 1992]. Since CT imaging 

measures the attenuation coefficients in an object, the contrast will be due to differences in 

attenuation coefficient. At MV photon energies, 99% of the attenuation in water will be due to 

Compton scatter [Johns and Cunningham 1983]. The interaction cross-section for Compton 

scatter is proportional to electron density per unit volume eρ , and is the source of contrast in 
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Co-60 CBCT images. Since most tissues have densities similar to water, it is useful to define the 

physical contrast of a tissue with respect to it: 

 water
e

water
e

tissue
e

ρ
ρρ −

=Contrast Physical  (3.17)

The measured contrast (with respect to water) is found from the attenuation coefficient extracted 

from the CT image and will ideally be the same as the physical contrast: 

 water

watertissue

µ

µµ −
=Contrast Measured  (3.18)

For clinical use, the attenuation coefficient map (e.g. reconstructed image) is commonly 

presented in Hounsfield Units (H.U.): 

 H.U. 1000# CT ×
−

= water

watertissue

µ

µµ
 (3.19)

Which is simply a scaled version of the measured contrast with respect to water. This 

approximately gives -1000 for air, 0 for water, and 1000 for bone. 

3.4.2 Resolution and the Modulation Transfer Function 

The resolution of an imaging system refers to the smallest size of contrasting adjacent 

features in an image that can be discerned from one another [Hendee and Ritenour 1992]. The 

smaller this resolvable feature size, the better the resolution. Two ways to characterize resolution 

are discussed. 

The 2D point spread function (PSF) of a detector is the finite sized point in an image 

resulting from imaging an infinitely small point, due to ‘spreading’ caused by response of the 

imaging system. Similarly the line-spread function (LSF) is the system response when an 

infinitely thin line is imaged. In 1D, an infinitely small point can be represented mathematically 
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by an impulse represented by the Dirac-delta function δ(x). Thus, the LSF (in x) is the 

convolution of this with the system impulse response function h(x): 

 )()()(LSF xhxx ∗= δ  (3.20)

By definition, the frequency response of a system H(u) is how the system changes the amplitude 

of each input frequency. It would be equal to the output of the system (in the frequency domain) 

if a signal containing all frequencies equally was input. The Fourier transform of δ(x) is unity, 

meaning it is a signal that contains equal components of all frequencies. Because of the properties 

of the Fourier transform, we can use this to determine the frequency response of the system from 

the LSF: 

 )(1)}(FT{)}({FT)}()({FT})(FT{LSF uHxhxxhxx ×=×=∗= δδ  (3.21)

Thus, the frequency response of a system is simply the Fourier transform of the LSF. This 

frequency response is commonly called the modulation transfer function (MTF). In an image, a 

high spatial frequency (i.e. function repeating over a short distance) refers to fine image features. 

Thus, the smallest resolvable feature size can be determined from the largest frequency 

component in the MTF. 

A second approach to measuring the resolution of an imaging system is to scan high 

contrast line-pairs of various known widths (i.e. known frequencies). The smallest width of line-

pairs that can be distinguished by an observer would be the qualitative resolution. Line-pairs 

smaller than this size will be ‘blurred out’ and appear uniform. This approach can also be 

quantified using an algorithm to determine the MTF at these discrete known frequencies for both 

CT and portal imaging [Droege and Morin 1982, Rajapakshe et al 1996]. Here, the output MTF 

‘amplitude’ of each frequency is determined through a measurement of the standard deviation of 

a region-of-interest (ROI) around each width of line-pairs. This MTF is relative to the amplitude 
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of the lowest frequency, but can be made effectively absolute with sufficiently low enough 

frequency line-pairs. Although originally tested at kV imaging energies, this method has been 

shown to still be valid at MV energies [Gopal and Samant 2008]. 

3.4.3 Noise 

Noise in an image refers to random fluctuations in intensity between pixels [Bushberg et al 

1994]. It reduces the effective contrast and resolution of a system and should be minimized 

[Bushberg et al 1994]. Each step between the interaction of high energy photons with the detector 

and the final digital storage of the image can add noise. The interaction of the high energy 

photons follows Poisson statistics, since each interaction occurs independently and at a known 

constant average rate. As a result, there will be an unavoidable statistical fluctuation in the 

number of discrete interactions that occur per unit area across the detector (i.e. between pixels). 

Ideally, all other sources of noise will be negligible compared to this unavoidable statistical 

fluctuation, making the system ‘quantum limited’. From Poisson statistics, the standard deviation 

σ (i.e. the noise) in the measured average number of interactions k (i.e. the signal) is k . A 

common measure of noise is the signal-to-noise ratio (SNR) which for Poisson noise is: 

 k
k

kk
====

σNoise
SignalSNR  (3.22)

SNR is a more meaningful measure of noise than just σ, since it relates the noise amplitude to the 

signal amplitude that the noise may obscure. The measured SNR of an image is found by taking 

the ratio of the average value and the standard deviation in a ROI. From this, a corresponding 

average number of interactions could be calculated. 

A theoretical average number of interactions can be estimated using Equation 3.1 and the pixel 

area )( qp ∆⋅∆  if the total attenuation of the detector materials is known: 
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 ])exp[1( PhosphorPhosphorCuCuSiSi1 sssNk ∆−∆−∆−−= µµµ  (3.23)

Where s∆  is the thickness of each layer of the active portion of the panel, and N1 is the incident 

high energy photon flux on the panel. 

Finally, the random nature of the noise can be examined by using to the central limit [Ryan 

2007]. In theory, if detection interactions in each pixel are all random in nature, sufficiently 

independent, and identically distributed, the histogram in a ROI of an image (of a uniform object) 

should approach a Gaussian for a large enough ROI. 

3.5 Image Display 

The presentation of an image (CT or otherwise) is important since it can affect the image 

quality (actual, or perceived). For example, CT images can have a dynamic range over 2000 HU. 

However, a computer display is only able to represent a finite number (typically 256) of gray 

levels [Hsieh 2009b]. Displaying the entire CT image dynamic range would require compressing 

the range to fit within 256 levels and result in a loss of image contrast. To minimise or avoid this 

information loss, it is common to only display a portion of the dynamic range at a time. The 

portion of the dynamic range to be displayed is commonly described by the width of the range 

(the window, W) and central value of the range (the level, L). Any image values above L + W/2, 

and below L - W/2 will be saturated to 256 and 0 respectively. The values within L - W/2 to 

L + W/2 will be linearly scaled to fit within the 256 levels of the display. An illustration of this is 

shown in Figure 3.10. A non-linear scaling of the values is possible, but is less common and was 

not used in this thesis. 
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Figure 3.10 – Illustration of image display using a window (W) and level (L). Adapted from 

[Hsieh 2009b]. 
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Chapter 4 

Methods and Materials 

4.1 Co-60 Cone-beam Computed Tomography System 

An experimental imaging system shown in Figure 4.1 was developed to study the 

feasibility of cone-beam CT (CBCT) imaging using the radioactive source in a conventional 

Co-60 therapy machine. The imaging apparatus consisted of three components: a gamma-ray 

source, a gamma-ray imaging panel to acquire portal images, and a rotation stage to rotate the 

object between portal image acquisitions. The 2 cm diameter by 2.8 cm long cylindrical Co-60 

therapy source used was part of a Theratronics T780C Co-60 radiation therapy unit (Best 

Theratronics, Kanata, ON). The gamma-ray beam emitted by the Co-60 source is collimated to a 

desired size using a series of adjustable lead collimator leaves and a fixed tungsten ‘primary’ 

collimator ending at ~27.6 cm from the source. At the isocentre (80 cm from source), the 

collimators can produce field sizes from 5 cm × 5 cm to 35 cm × 35 cm. The gantry was held at 

90° (i.e. horizontal) so that an in-house built bench-top computer controlled translation-rotation 

stage could be used to mimic typical gantry rotations by rotating objects between each portal 

image acquisition. Only the rotation aspect of the stage was used for the experiments. The 

rotation stage was a Velmex B4818TS (Velmex Inc., Bloomfield, NY) controlled by a stepper 

motor, allowing for an angular precision of 0.05° per motor step. The radiation detector used for 

the imaging system was a recently acquired amorphous-silicon (a-Si) PortalVision aS500 (Varian 

Medical Systems, Palo Alto, CA) imaging panel (Figure 4.2). This is a newer generation panel 

than the previously used Varian LC 250 scanning liquid ionization chamber, and is used clinically 

for portal images at the Cancer Centre of Southeastern Ontario (CCSEO). Both the detector and 

stage are mounted on a table with adjustable vertical position. 
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Figure 4.1 – Photograph of the imaging apparatus showing the a-Si imaging panel, rotation stage, 

table, and Co-60 therapy unit. Machine isocentre (80 cm SAD) is at the origin of the x-y-z axes. 

 
Figure 4.2 – Photograph of the Varian aS500 imaging panel with the protective cover removed to 

show the a-Si panel and electronics. 
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The detector has an active area of 40×30 cm2 composed of 512×384 pixels 0.784×0.784 mm2 in 

size [Varian Medical Systems 2000]. The SAD and SDD were kept at either 80 cm and 100 cm, 

or 100 cm and 125 cm respectively. The SADs were chosen to be comparable with previous 

work, and to mimic the SAD of current commercial Co-60 units. Additionally, the SDDs were 

chosen to maintain the same magnification (100/80 = 125/100 = 1.25) and thus by Equation 3.14 

the same geometric penumbra and image blur. 

4.2 Image Acquisition 

4.2.1 Beam and Phantom Setup 

For a full-beam scan, the centre of the beam and centre of detector were aligned using the 

panel centre mark and machine ‘light-field’. The light-field provides the centre of the beam using 

an incandescent light bulb at the radioactive source position. A shadow is cast on the imaging 

panel by a metal cross-hair positioned at the centre of the beam. Lasers mounted on the walls and 

ceiling of the treatment room produce planar projections of light that represent the x-y, x-z and y-z 

planes, and all pass through the isocentre. These room lasers were used to set the axis-to-imaging 

panel distance, and source-to-axis distance; align the axis of rotation; and align the panel 

perpendicular to the beam. This ensured the apparatus matched the CBCT geometry. The 

collimator on the Co-60 unit was adjusted to contain the beam within the active area of the 

detector. For a half-beam scan, the imaging panel was moved off axis (using the movable table 

the panel was mounted on) enough to fully scan the entire object. 

4.2.2 Acquisition 

The rotation stage was controlled by existing LabVIEW (National Instruments, Austin, 

TX) software to rotate the object to the desired angle β prior to image acquisition (i.e. a ‘step-and-

shoot’ method). Typically, for CBCT acquisitions, the object was rotated 1.5° between each 2D 

portal image (i.e. ∆β). After rotation, each image was acquired from the Varian Image 
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Acquisition System II (IAS II) hardware, using the proprietary Varian software IAS Monitor and 

transferred to a PC (Intel Celeron 2.8GHz running Windows XP), where they were saved as 

delimited ASCII text files. The imaging panel and IAS II are connected by two cables: one analog 

(LEMO FGG 1B, 4 pin connector) and one digital (DB25 connectors). The IAS II and PC are 

connected using a standard Ethernet cable (Cat 5). 

The author automated the separate rotation and image acquisition software by controlling 

them both using the open-source automation software AutoHotKey v1.0.48.05 [Mallett 2009]. 

This approach was chosen because it was fast to implement and eliminated the need to modify the 

incompatible existing software.  

4.2.3 Pre-Reconstruction Processing of Portal Images 

Matlab (Mathworks, Natwick, MA) code written by the author completed necessary pre-

processing steps prior to reconstruction:  

1. All portal image ASCII text files were read into computer memory, normalized, and 

converted into projections using Equation 3.3. 

2. When necessary, the reconstruction rotation axis was manually shifted until the haloing 

artifact was minimized. As mentioned in the theory chapter, the artifact is due to slight 

misalignments between the rotation axis, and centre of the imaging panel. 

3. For noisy low-dose data, an optional 2D moving average spatial filter was applied to each 

2D portal image. The size and shape was customized as needed. 

4.3 CBCT Image Reconstruction 

Matlab code for fan-beam CT image reconstruction and relatively untested preliminary 

code for cone-beam CT image reconstruction had been written previously by researchers within 

our group [Hajdok 2002, Peters et al 2006]. Using this existing code as a reference, entirely new 

cone-beam CT reconstruction code was written in Matlab and validated through experiments and 



 

48 

simulation by the author; in part to ensure a strong understanding of the algorithm. The FDK 

algorithm was chosen due to its previous implementation in our research group (i.e. the 

preliminary CBCT code), relatively simple implementation, and existing wide-spread use. 

Additional features were added to the new CBCT image reconstruction code by the author 

to incorporate half-beam scans, and half-scans as outlined in the theory chapter. Implementation 

of half-beam scans required an additional minor modification not mentioned in the theory 

chapter. Treating the un-sampled half of the projections (see Figure 3.4 bottom) as zeros will not 

directly cause image artifacts since back-projected data is simply a summation from all angles. 

However, doing so before high-pass filtering (Equation 3.4) will result in a discontinuity at the 

centre (p = 0) of the projection that would generate artifacts after the high-pass filter. To avoid 

this, the un-sampled half-beam data can be treated to be equal to the adjacent (i.e. central) value 

to avoid the discontinuity. After filtering, the un-sampled data is then zeroed to allow correct 

back-projection. 

The high-pass linear ramp filter (Equation 3.4) will accentuate random noise because noise 

is mostly composed of higher frequency components. To reduce the enhancement of noise, the 

Shepp-Logan filter multiplies the ramp filter by a sinc function that smoothly decreases in value 

at higher frequencies. To be consistent with previous research within the group, the Shepp-Logan 

filter was used in the back-projection process. 

4.4 Image Processing Methods for Artifact Reduction 

4.4.1 Ring Artifact Reduction 

As discussed earlier, CBCT using an imaging panel is known to be prone to ring artifacts. 

These present themselves as rings in the final transverse reconstructed images in Cartesian 

coordinates, lines of constant angle in polar coordinates and lines at constant p (i.e. independent 

of β) in the radon transform of the projections. These manifestations are typically distinct from 
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actual object features, which allows for algorithms for ring reduction. A number of different 

algorithms were researched and considered: 

1. Using low-pass filtering of the Fourier transform of the radon transform to remove the 

(high frequency) discontinuities due to pixel defects [Raven 1998]. 

2. Transform the transverse images to polar coordinates and detect rings (lines in polar 

coordinates) by looking for changes in a sliding window outside a set variance. Subtract 

the found rings from the original image [Sijbers and Postnov 2004]. 

3. Averaging the projections for all β to enhance the pixel defects independent of β and blur 

out actual projection features. The moving average of this function is found to remove the 

defects. Finally, the original projections are multiplied by the ratio of these two functions 

to reduce the rings [Boin and Haibel 2006]. 

4. Transform the transverse images to polar coordinates (Figure 4.3-b), remove the rings 

(and blur the image) by taking a 1D median filter perpendicular to the rings (now lines in 

polar coordinates). Subtract the median image from the original to leave mainly the ring 

artifacts. A 1D moving average filter parallel to the direction of the ring lines is 

performed to reinforce the rings and average out other features which leaves a polar 

coordinate image of (ideally) only the rings (Figure 4.3-c). This is converted back into 

Cartesian coordinates and subtracted from the original image to reduce the rings (Figure 

4.3-d) [Prell et al 2009]. 

Algorithms based on a hybrid of the two last algorithms were also tested. Overall, through 

empirical testing and literature search, the Prell et. al algorithm (number 4 above) appeared to 

give the best results for medical CT and was used in this thesis. Additionally, the algorithm 

required only two parameters (moving average window and median window sizes) that did not 

require large adjustments to be effective on different data sets. Ring reduction was performed 

primarily to qualitatively improve image quality for presentation; therefore, a precise 
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determination of the optimal algorithm was not deemed necessary. The algorithm was performed 

independently on each transverse slice of reconstructed CBCT data. 

 
Figure 4.3 – Illustration of ring artifact reduction using the method of Prell et. al. a) A 

reconstructed slice exhibiting a fairly high amount of the ring artifact, b) the same slice 

transformed into polar coordinates. Notice the rings are now horizontal bands, making them 

easier to filter out. c) Using median and mean filtering, the rings are extracted in polar 

coordinates, and then converted back to Cartesian coordinates as shown. d) Finally, the ‘ring 

image’ is subtracted from the original image to reduce the ring artifact. 
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4.4.2 Cupping Artifact Reduction 

Cupping artifact reduction is important because the cupping artifact limits the degree that 

image contrast can be increased and optimized across an entire image. Existing methods to reduce 

cupping in CBCT were investigated and applied to Co-60 CBCT [Glover 1982, Matsinos 2005, 

Morin et al 2006, Aubry et al 2008]. The first method tested was based on a correction method 

used clinically for linac-based kV-CBCT. A ‘normalization’ phantom is used consisting of a large 

cylinder of water equivalent material similar in diameter to a head or torso. Projections through 

this phantom, which contain the scatter that contributes to cupping are subtracted from projection 

images of the patient being imaged [Seppi et al 1997, Matsinos 2005]. The approach worked 

reasonably well for cylindrical objects of similar size to the normalization phantoms, but results 

degraded for objects of different shapes or sizes compared to the ‘normalization’ phantom. 

The goal of this thesis was to investigate Co-60 CBCT for patient localization, therefore it 

was not essential that cupping reduction preserved the absolute CT number. Instead, it was 

important to retain other quantitative image information: feature size and contrast in the images 

useful for localization. Thus, correcting the images using fitted image information instead of 

actual scatter estimates was expected to be sufficient. To do this, a method was adapted from 

existing work for MV-CBCT that reduces image cupping using only the reconstructed image data 

instead of an additional phantom to estimate scatter [Morin et al 2007]. The basic algorithm steps 

are as follows and are illustrated in Figure 4.4: 

1. The imaged object was segmented out from the surrounding air in the reconstructed 

image using image thresholding, a priori water attenuation coefficient information, and 

morphologic filters. 

2. A 2D least squares surface fit (between an ellipsoid and elliptic paraboloid) was 

performed on the reconstructed image data to estimate the curvature of the cupping 

(Figure 4.4-a): 
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where a through e are fit constants. 

3. This fit was used to scale the reconstructed image data to the expected attenuation 

coefficient for water (Figure 4.4-a). 

 watercorrected ),(
),(),( µµµ ⋅=

yxD
yxyx  (4.2)

The algorithm was implemented by the author in Matlab code and executed independently on 

each transverse slice in the chosen reconstructed data sets. When compared visually to the 

normalization phantom, it provided improved cupping reduction in imaged anthropomorphic 

phantoms, since the 2D fit allowed for asymmetric cupping to be corrected. As seen in Figure 4.4 

d)–f), cupping reduction allowed for improved image contrast through a reduction in the window. 

Note that all the image features (bony landmarks) are still visible. 
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Figure 4.4 – An illustration of the cup artifact reduction process: a) Reconstructed CBCT data 

(gray), with the corresponding fit (dashed), and de-cupped data (black), b) reconstructed CBCT 

pelvis transverse slice with the profile used in a) labeled, and c) the same slice as b) after 

de-cupping. Images d), e) and f) show the same coronal pelvic slice without correction, 

de-cupped with the same window and de-cupped with a narrower window respectively. 

d)

e)

f)

a) 

b) 

c) 

33.5 cm 
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4.5 Co-60 CBCT Image Quality Evaluation 

Image quality of the Co-60 CBCT system was assessed through a number of commonly 

used and important image quality parameters measured using the methods described in this 

section [Hsieh 2009d]. 

4.5.1 Contrast Sensitivity 

The minimum discernable contrast from water was determined semi-quantitatively using a 

Gammex 467 (Gammex RMI, Middleton, WI) contrast phantom. As shown in Figure 4.5, it is 

composed of a 32.5 cm diameter solid-water cylinder with 3.0 cm diameter inserts of various 

known electron densities equivalent to tissues ranging from lung to cortical bone. The insert with 

a density closest to water, yet is still discernable in the image, provides a measure of the limit of 

the image system contrast sensitivity for objects similar to the size of the insert. The same 

phantom was previously scanned using fan-beam Co-60 CT, allowing for comparison. The 

cupping reduction algorithm described previously was applied since the cupping artifact in the 

images made it difficult to show all inserts of different contrasts at the same window and level. 

4.5.2 CT Number Linearity 

As mentioned in the theory section, the cross-section for Compton scatter is proportional to 

electron density eρ . At Co-60 gamma-ray energies, nearly all interactions are due to Compton 

scatter, therefore the overall attenuation coefficient should also be proportional to the relative 

electron density to water (RED): 

 water
e

tissue
e

ρ
ρ

=RED  (4.3)

This was tested using the results from the contrast phantom above and a second phantom: the 

CatPhan CTP 404 phantom module (The Phantom Laboratory Inc., Salem, NY). The phantoms  
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 Plug Material RED Contrast 

(%) 
  Plug Material RED 

A Cortical Bone (SB3) 1.69 69  A Air 0.00 

B Brain (BRN-SR2) 1.05 5.0  B Polystyrene 1.02 

C Adipose (AP6) 0.90 -10  C LDPE 0.94 

D Bone (CB2-50%) 1.47 47  D PMP 0.85 

E Air 0.00 -100  E Air 0.00 

F Bone (CB2-30%) 1.28 28  F Teflon 1.87 

G Water 1.00 0.0  G Delrin™ 1.35 

H Breast (BR-12) 0.96 -4.0  H Acrylic 1.15 

I Lung (LN-300) 0.28 -72     
J Solid Water 0.99 -1.0     
K Inner Bone 1.09 9.0     
L Air 0.00 -100     
M Liver (LV1) 1.07 7.0     
N Bone (B-200) 1.11 11     
O Lung (LN-450) 0.40 -60     
P Solid Water 0.99 -1.0     

Figure 4.5 – Map of 3.0 cm inserts for each contrast phantom, including their relative electron 

density (RED) to water, and physical contrast with water. Phantoms are made of solid water and 

acrylic for the Gammex 467 and CatPhan CTP404 respectively. 
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are described in Figure 4.5. For the Gammex 467 phantom, cupping introduced an offset between 

the CT # values of the two rings of inserts due to their different radii. To reduce this effect, the 

cupping reduction algorithm described previously was used. 

4.5.3 Spatial Resolution 

Previous Co-60 fan-beam CT resolution was measured semi-quantitatively by determining 

visually if objects of known size (e.g. thin glass and metal pins) could be resolved [Hajdok 2002]. 

To compare with these results, similar measurements were performed initially with CBCT as 

well. Afterwards, a quantitative and objective measure of the CT system resolution was found by 

determining the modulation transfer function (MTF). There are multiple ways to determine the 

MTF of a CT imaging system using: 

1. A point spread function (PSF) from a small bead [Chen and Ning 2004]. 

2. A PSF using a thin metal wire [Meeks et al 2005]. 

3. A line spread function (LSF) from a thin metal foil [Boone 2001]. 

4. An array of metal bars with decreasing width and spacing [Droege and Morin 1982, 

Gayou and Miften 2007]. 

5. The edge spread function (ESF) from a metal edge. 

For ease of construction, suitability to the CT geometry, and to be comparable with earlier 

pioneering kV CBCT work, a thin metal wire (1 mm diameter tungsten) positioned parallel to the 

rotation axis was used to find the PSF [Jaffray and Siewerdsen 2000]. Angular symmetry allowed 

multiple projections to be taken of the wire from a single angle instead of rotating it. This 

simplified the process and eliminated any influence from the rotation stage on the MTF. To get a 

1D LSF the 2D PSF was summed along the x or y axis. The MTF was found by taking the FT of 

the 1D LSF and normalizing it to the lowest frequency. Due to the finite size of the wire its 2D 

cross-section is a circle and not a true impulse; it will not contain all frequency components 
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equally. To correct for this, the measured 1D MTF was divided by the frequency components 

(e.g. Fourier transform) of the radon transform (x or y summation) of a 1 mm diameter circle. 

Similar to previous MVCT and CT studies, the minimum resolution was defined as the frequency 

fc corresponding to a MTF value of 0.05 [Bischof and Ehrhardt 1977, Meeks et al 2005]. For 

comparison, an array of Al bars with decreasing equal width and spacing in the CatPhan CTP 528 

phantom module (The Phantom Laboratory Inc., Salem, NY) was also scanned (Figure 4.6). 

 
Figure 4.6 – Diagram of the CatPhan CTP528 phantom module showing Al bars from 0.1 lp/mm 

(largest bars) through to 2.1 lp/mm. Figure adapted from [The Phantom Laboratory Inc. 2009]. 

4.5.4 Image Noise 

Noise in the portal images and CT images was investigated since it limits the resolution 

and contrast of images. To measure image noise, ROIs were chosen in the images; the mean value 

and standard deviation of the ROI was calculated. 

Ideally, the dominant source of noise will be due to the number of counts at the detector 

and not due to electronic noise, reconstruction artifacts, or other external variables. If so, it should 

follow Poisson statistics, which will approach a Gaussian distribution at a large number of counts. 

20 cm

CatPhan CTP528
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To verify this, histograms were calculated from ROIs in uniform CBCT images (e.g. solid water) 

and a Gaussian function was fitted to them. Additionally, the SNR of the same ROI was 

calculated for different doses (i.e. number of gamma-ray interactions) and compared to theory. To 

acquire the same scan at different doses, two portal images were acquired consecutively at each 

rotation angle using different integration times: 0.1 s and 1 s. 

As the CT image dose was reduced to more clinically relevant levels, the increased image 

noise noticeably degraded the perceived image quality. Investigating reconstruction algorithms 

less susceptible to noise (e.g. iterative ones) was not feasible within the timeframe of the thesis. 

Instead, various moving average filters were applied to the projections prior to reconstruction to 

reduce image noise. Various moving average filters with even and uneven weighting (similar to a 

Gaussian in shape) were tested and qualitatively compared. Two evenly weighted filters appeared 

to produce the best results and were used for imaging experiments: a typical 3×3 pixel square, 

and a 3×3 pixel square plus the four next nearest neighbours (i.e. ‘diamond’-shaped). These two 

filters have a ‘filter order’ n (number of closest pixels averaged over) of 9, and 13 respectively. 

The hypothesis was that the existing image blur from the large source size would make the loss of 

resolution caused by the moving average filter negligible while reducing image noise. This was 

tested by comparing filtered low dose images with unfiltered high-dose images. 

4.5.5 Cupping Artifact 

The cupping artifact was investigated quantitatively using water-equivalent phantoms of 

different diameters: 25 cm (Varian Norm), 20 cm (CatPhan CTP486), and 13.5 cm (water filled 

beaker). The effect of the beam FOV was investigated by scanning the 25 cm diameter phantom 

using different field lengths along the z-axis at isocentre (80 cm): ~1 cm (fan-beam collimator), 

~7 cm, and ~24 cm (full beam height). The cupping was quantified in all these configurations by 

measuring the uniformity (UN) of the image profiles [Hajdok 2002, Morin et al 2009]: 
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where each CT# was calculated using 1 cm2 ROIs. 

The source of the cupping was investigated through Monte Carlo simulations of the 

imaging system. A previously validated model for the Co-60 unit in BEAMnrc was used 

[Dhanesar 2008, Grant et al 2009, Rogers et al 2009]. The response of the imaging panel was not 

simulated, however cupping from neither the beam hardening nor scatter theory depend on the 

panel response itself. Instead, the simulated gamma-ray beam was characterized at the surface of 

the panel; the energy fluence was mapped across the area of the panel. Simulations were done 

with and without a 25.5 cm water cylinder phantom in the beam to simulate the phantom used in 

the experiment. Beam size, SAD, and SDD were all set to the same values used experimentally. 

Additionally, to test the effect of the removal of scatter, the energy fluence was mapped without 

counting photons that interacted with the water cylinder (i.e. no Compton scattered photons), 

while still allowing photoelectric interactions with the water cylinder (i.e. still allowing for beam 

hardening). 

Finally, the cupping reduction algorithm was applied to anthropomorphic phantoms to 

qualitatively investigate if it could improve the visualization of features used in localization. 

4.5.6 Clinical Verification Imaging Examples  

An anthropomorphic SBU-4 Human Bone Sliced Phantom (Kyoto Ltd. Phantoms, Kyoto, 

Japan) with human equivalent anatomy was imaged using Co-60 CBCT to examine the suitability 

of the modality for clinical patient positioning. The phantom consists of a human skeleton 

encased in solid-water moulded to the shape of a human body. No other anatomy such as mock 

organs existed in the phantom. The phantom is pre-cut into 3 cm thick transverse slices with 
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regularly spaced 3 mm holes originally created for thermoluminescent dosimeters. In this 

experiment water-equivalent plugs are used to fill the holes. The head (slices 24-30), torso (slices 

15-23), and pelvis (slices 2-10) from the phantom were imaged to characterize the suitability of 

Co-60 CBCT for clinical patient localization. The pelvis section was imaged a second time after 

three 1.1 mm diameter 3 mm long VISICOIL Gold Marker fiducials (Core Oncology, Santa 

Barbara, CA) were inserted into dosimeter holes in the general region equivalent to the location 

of a human prostate. The holes were then filled with solid water plugs and water. To 

accommodate their size, the pelvis and torso portions of the phantom were imaged using the half-

beam method. 

For comparison, after Co-60 CBCT imaging the same phantom sections were imaged on a 

clinical AcQSim kV CT scanner (Philips Healthcare, Andover, MA). The pelvis and torso were 

imaged with an accelerating potential of 120 kV and tube current of 180 mA. The head was 

imaged with an accelerating potential of 130 kV and tube current of 200 mA. 

4.6 Imaging Dose Estimates 

The average dose deposited in the object imaged was estimated by assuming the objects 

were water equivalent cylinders and dose was only deposited during portal image acquisition. The 

peak dose in the water cylinder was calculated using a clinically established absolute dose 

protocol [Khan 1994]. The Co-60 unit was calibrated following the TG-51 dose protocol for an 

SAD of 80 cm, 10 cm × 10 cm field size, and depth of 0.5 cm. The peak dose rate in a water-like 

phantom for the imaging field size and SAD was determined using the following equation: 
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This was then converted to the average dose across the width of the cylinder using a depth-dose 

curve measured for the Co-60 machine when it was commissioned and the total imaging time. 

The overall equation for dose calculation was then: 

 AverageportalsportaPeak FNtRD l ⋅⋅⋅=  (4.6)

Where: 

R  = Reference Dose Rate 

)',cm 5.0( wTPR  = Tissue Phantom Ratio at a depth of 0.5 cm. 

),( jj yxROF  = Relative Output Factor 

)'(wPSF  = Peak Scatter Factor 

STD  = Distance from source to surface of the object 

ltporta  = Time per portal image 

portalsN  = Number of portal images 

AverageF  = Factor to move from the peak dose to average dose 

jj yx ,  = Collimator field dimensions 

'w  = Equivalent square field size
80

2 STD
yx
yx

jj

jj ⋅
+

=  

The dose estimates and acquisition parameters of each object imaged are summarised in 

Table 4-1.
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Phantom Purpose Scan Type 

Sample 
Time per 
Projection

[sec.] 

Dose 
[cGy] 

SAD 
[cm] 

SDD
[cm] 

Filter
Order 

(n) 
Notes 

Varian Norm Cupping Half-Scan 1.0 ~300 80 100 None FOV [cm]: 24, 7, & 1 (fan-beam) 

13.5 cm Water Beaker Cupping, Resolution Full-Scan 1.0 ~625 80 100 None  

Gammex 467 Low-tissue contrast, 
CT# Linearity Half-Beam 0.1 ~24 100 123 13 Cupping Reduced 

CatPhan CT# Linearity, 
Resolution, Noise Half-Scan 0.1 ~19 100 123 13, 

3×3 
Cupping Reduced on CT# 

Linearity Slice 

CatPhan Noise, Cupping Half-Scan 1.0 ~190 100 123 None  

Rando Head Clinical Suitability Half-Scan 0.1 ~20 100 123 13  

Rando Head Comparison with 
Co-60 Fan-Beam Full-Scan 1.0 ~540 80 100 None  

Rando Torso Clinical Suitability Half-Beam 0.1 ~24 100 125 13  

Rando Pelvis Clinical Suitability, 
Noise Half-Beam 0.1 ~24 100 123 13, 

3×3 With and without Au fiducials 

Rando Pelvis Noise Half-Beam 1.0 ~240 100 123 None Without Au fiducials 

1 mm Tungsten Wire in 
13.5 cm Water Beaker Resolution (MTF) Half-Scan 0.1 ~21 100 123 13  

Table 4-1 – Co-60 CBCT imaging parameters for all objects presented. All objects were rotated with increments of 1.5°. Thus, full-scans and half-

beam scans used 240 projections, while half-scans used ~133 projections. 



63 

Chapter 5 

Results and Discussion 

In this section, the introduced theory is applied to Co-60 CBCT images of phantoms to 

satisfy the thesis goal of characterizing the Co-60 CBCT modality and evaluating its potential for 

clinical application. For quantification of image quality, standard contrast and image quality 

phantoms were used in addition to anthropomorphic phantoms. When applicable, these results are 

compared to kV CT and previous Co-60 fan-beam CT research. 

5.1 Understanding Portal Images and CT 

The final result of a CBCT scan is a 3D map of the attenuation coefficients of the materials 

within the imaged object. For clinical anatomical imaging, three orthogonal planes are defined 

with respect to the body as shown in Figure 5.1. Each plane divides the body into two regions: the 

sagittal plane divides the left and right regions; the coronal plane divides the anterior and 

posterior (e.g. front and back) regions; and the transverse divides the superior and inferior (e.g. 

head and feet) regions. 

 
Figure 5.1 – 3D Co-60 CBCT image of an anthropomorphic head phantom highlighting the 

edges of the standard anatomical planes. The chosen ‘cut’ planes intersect at the image isocentre. 
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As described in chapter 3, a CBCT acquisition yields a series of portal images which are 

processed to produce the projections, which are then reconstructed into the 3D CBCT volume. 

Three example portal images are shown in Figure 5.2 along with ‘beam-view’ photographs to 

illustrate the geometry of acquisition. The image contrast in the unprocessed portal images is 

clearly poorer than the reconstructed CBCT images. 

 
Figure 5.2 – Three example portal images shown alongside beam-view photographs. 

5.2 Contrast Sensitivity 

The Gammex 467 contrast phantom was used to determine contrast sensitivity: the ability 

to discern materials with different attenuation coefficients. To accommodate the large phantom 

(32.5 cm diameter), a half-beam scan was acquired. With an appropriate image window and level, 

all low-contrast inserts (except for water equivalent inserts) can be discerned from the 

surrounding solid water (Figure 5.3). Thus, for an imaging dose of ~24 cGy, the minimum 
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contrast sensitivity was +5% (brain tissue) and -4% (breast tissue) with respect to the water. This 

suggests that low-contrast organs of at least 3 cm in diameter inside the body may be 

distinguished and used to assist patient localization in addition to the typically used high-contrast 

bone or inserted metal markers. In comparison, the previous fan-beam system was limited to a 

minimum contrast sensitivity of 7.7% (liver) likely due to higher image noise [Hajdok 2002]. 

 
Figure 5.3 – Co-60 CBCT image (left) and fan-beam (right) of the Gammex 467 contrast 

phantom showing a series of 3 cm low-contrast inserts. The inserts were identical for both 

modalities except that two of the solid water inserts were removed (leaving air at 100% physical 

contrast) when imaged using Co-60 CBCT. The annotated numbers indicate the percent physical 

contrast (Eq. 3.17). 

Co-60 CBCT

32.5 cm 

Co-60 Fan-Beam CT 
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5.3 CT Number Linearity 

The Gammex 467 and CatPhan CTP 404 phantoms were used to verify the linear response 

of the imaging system to electron density. As mentioned in the theory chapter, this is expected 

because at MV energies almost all of the interaction cross-section (and attenuation coefficient) 

for water is due to Compton scattering interactions which are directly proportional to electron 

density. The attenuation coefficient of each insert was measured by setting a circular region-of-

interest (ROI) inside the CBCT image of each insert; the ROI size was manually set to avoid the 

‘blurred’ edges of the imaged inserts. The mean and standard deviation of the attenuation 

coefficient was calculated within each ROI and plotted against the known electron density values 

(Figure 5.4). Least squares linear regression of the data indicates that the measured attenuation 

coefficient is within one standard deviation of linear with respect to electron density. CT number 

response would also be linear since Hounsfield units are a linear transform of the attenuation 

coefficient. The linear response was also found previously for Co-60 fan-beam CT [Hajdok 

2002]. The linear response would simplify the calibration needed for conversion of Co-60 CBCT 

images to maps of electron density for dose calibration purposes. In contrast, the kV-CT response 

for the same Gammex 467 phantom was found to be non-linear since at kV X-ray energies 

photoelectric interactions are significant and have a non-linear relationship with atomic number 

[Hajdok 2002]. Tissues with electron densities higher than water tend to consist of materials with 

higher atomic numbers, thus resulting in the non-linear attenuation coefficient response. 
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Figure 5.4 – Left: transverse Co-60 CBCT images of two scanned commercial low contrast 

phantoms: a) Gammex 467 and b) Catphan CTP 404. The relative electron density contrast (%) of 

each insert is annotated in a). Right: MVCT attenuation coefficient response to relative electron 

density. 
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5.4 Spatial Resolution 

The 1D modulation transfer function (MTF) of the Co-60 CBCT system in Figure 5.5 was 

determined by imaging a 1 mm diameter tungsten wire. To estimate uncertainty due to image 

noise, the MTF was calculated for 11 adjacent slices. The black line is the average of the MTFs 

from all slices, and the grey lines indicate ±1 standard deviation. From the measured MTF, high 

contrast spatial resolution (i.e. f such that MTF(f) = 0.05) of the Co-60 CBCT system was 

between 0.27-0.30 lp/mm at a dose of ~21 cGy. This corresponds to resolving ~1.8 mm features 

separated by ~1.8 mm. The dashed line in Figure 5.5 shows the theoretical MTF of the 1 mm wire 

itself. In other words, the result if the finite sized wire was imaged with a system with perfect or 

ideal resolution (i.e. the spatial-frequency representation of the wire). 

Spatial resolution was also determined by imaging the CatPhan CTP 528 phantom module 

(Figure 5.6). Aluminum bars as small as 0.2 lp/mm are clearly resolved. In any single slice the 

0.3 lp/mm bars do not appear resolved. However, if multiple adjacent slices of the 0.3 lp/mm bars 

are viewed in succession by an observer, the individual bars can be distinguished. This 

corroborates well with the resolution as determined by the MTF. To provide a more exact 

measurement there should have been aluminum bar frequencies between 0.2 and 0.3 lp/mm, 

however the CatPhan phantom was designed to characterize commercial CT scanners with much 

finer resolution. In the future, a similar phantom with more choice of line-pair bars at lower 

spatial frequencies should be fabricated or found. 

The spatial resolution as measured using the MTF can also be compared to perceived 

resolution in clinical phantom measurements. Fine bone structures (i.e. high contrast features) are 

resolved in the scanned anthropomorphic phantoms. For example, a bone cavity with a physical 

width of ~2 mm and side-walls of ~1.3 mm thick bone can be resolved in Figure 5.7. Even bone 

~1 mm or less thick in the nose can be distinguished from the surrounding solid water. However, 
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when imaged the features appear on the same ~1.8 mm resolution scale as measured using the 

MTF. 

It is important to note the difference between resolution and detectability. Resolution refers 

to the how close together two features can be while still remaining distinguished from one 

another. However, a feature (e.g. thin bone or metal marker) smaller than the resolution limit of 

the system can still potentially be detected (i.e. be observed in the image) if the feature is further 

away than the resolution limit from other features. This explains why the ~1 mm or less wide 

bone can still be observed in the image. Similarly, 0.75 mm diameter by 3 mm long gold fiducials 

implanted into the pelvic slices of the anthropomorphic phantom were also observable in Co-60 

CBCT images (Figure 5.10). However, their observed sizes will still be on the order of the 

resolution limit of the system (i.e. ~2 mm). 

 
Figure 5.5 – MTF from imaging a 1 mm diameter tungsten wire. The gray lines represent ±1 

standard deviation. 
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Figure 5.6 – Co-60 CBCT image of the CatPhan CTP528 phantom module containing high 

contrast line-pairs of known spatial-frequencies made from 2 mm thick aluminum bars. Line pairs 

continuing clockwise past the ones in the exploded view are all smaller than 0.3 lp/mm. 

CatPhan CTP528

20 cm 

0.1 lp/mm 
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Figure 5.7 – Photograph and Co-60 CBCT image of the same anthropomorphic head phantom 

slice. Fine bone features can be resolved and three examples are circled in red: ≤ 1 mm bone 

(top), a ~3 mm cavity in as thin as ~1.5 mm bone (middle), and a ~2 mm cavity in as thin as 

~1.3 mm bone (bottom). Note that the high contrast (dark) regions were ignored since they were 

caused by air bubbles which would not be present in an actual skull. 

5.5 Image Noise 

Imaging a uniform solid water phantom allowed initial characterization of the Co-60 

CBCT imaging system image noise characteristics. The histogram of image H.U. values from 

ROI #1 (10×10 cm2) in Figure 5.8 clearly matches well with a fitted Gaussian function 

(Figure 5.9). Appealing to the central limit theorem, this supports the conclusion that the image 

noise is random in nature. This is expected and somewhat beneficial since random noise can be 

reduced through increasing the sampling time (i.e. temporal averaging) or spatial averaging of the 

portal images. 

17 cm 17 cm 

Photograph Co-60 CBCT 
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If the noise is indeed random in nature, the signal-to-noise ratio (SNR) should scale 

with n , where n is the number of averages taken. This was tested by changing the projection 

image acquisition time and moving average spatial filter size (i.e. number of pixels averaged 

over) performed on the portal images.  

Averaging Method n SNR Expected SNR† 

None 1 9.7 - 
Increased Sampling Time  10  27 31 

Moving Average (Spatial Filter) 9  32 29 
Moving Average (Spatial Filter) 13  40 35 

Table 5-1 – The effect of averaging by a factor of n on the image noise in ROI 2 (Figure 5.8). 

Averaging was performed through: increased projection image sampling time, or by performing a 

spatial moving average (using the n nearest-neighbour pixels) on the projection images.  
† Assumes SNR = 9.7 if no processing is performed (n = 1). 

The changes in the expected and measured SNR were of similar magnitude, supporting the 

hypothesis of the random nature of the noise. The results are of practical importance because they 

suggest that spatial filtering can help counteract the reduction of SNR when reducing sampling 

time and image dose. 

In addition to quantification of the effect of spatial filtering on SNR, a qualitative 

experiment using anthropomorphic phantoms was also performed. Figure 5.10 shows coronal 

Co-60 CBCT images of the pelvis phantom using ~24 cGy with and without spatial filtering; and 

using ~240 cGy without filtering. The factor of 10 increase in dose results directly from the factor 

of 10 increase in projection image sampling time (i.e. n = 10). As expected from the previous 

results, applying a moving average filter with n = 13 to a ~24 cGy image yields visually 

comparable SNR to an identical image acquired with ~240 cGy. In addition, the resolution of the 

two images appears comparable. Although there may be some loss in sharpness of high-contrast 

edges, it appears to be negligible. This makes sense since the n = 9 and n = 13 spatial filters have  
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Figure 5.8 – CBCT image of a 20 cm diameter solid water phantom (CatPhan CTP 486). The 

ROIs shown were used to calculate a noise histogram (ROI #1 10×10 cm2), and quantify the 

image noise vs. image dose (ROI #2 2.5×2.5 cm2). 

 

 
Figure 5.9 – Histogram of CT number from a 10×10 cm2 ROI in a CBCT image of a 20 cm 

diameter solid water (CatPhan CTP 486). The black line represents a fitted Gaussian function. 

20 cm 

ROI #1

ROI #2

25 cm

−300 0 300
0

500

1000

1500

CT Number [H.U.]

N
um

be
r 

P
er

 B
in

 

 
Histogram
Fitted Gaussian



 

74 

 
Figure 5.10 – CBCT image of the same coronal region through an anthropomorphic pelvis 

phantom using different acquisition parameters: a) 0.1 s portal image acquisition (n = 1), b) 0.1 s 

acquisitions with a 3×3 pixel moving average filter applied (n = 9), c) 0.1 s acquisitions with a 

custom average filter applied (n = 13), and d) 1 s portal image acquisitions (n = 10). Note: two 

3 mm long by 1.1 mm diameter gold fiducials implanted in the prostate region are visible (white 

dots) and indicated with arrows. All filtering was done on the portal images. 

a) b)

c) d)

~24 cGy - No Filter 

~24 cGy - Moving Average (n = 13) ~240 cGy – No Filter 

33.5 cm 

 ~24 cGy - 3×3 Moving Average (n = 9) 
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dimensions (~2-3 mm) close to the system spatial resolution. 

Finally, the source of the noise was investigated by comparing the measured and 

theoretical average number of gamma-ray interactions per pixel during a 1 s acquisition. From 

Equation 3.22, the number of interactions k can be calculated if the image noise is primarily due 

to statistical fluctuations of k (i.e. obeys Poisson statistics and is quantum limited): 

 2SNR=k  (5.1)

This was calculated by obtaining the SNR of a 1 s portal image without any object in place. To 

calculate the theoretical number of interactions, published physical properties of the ‘active’ 

layers of the detector panel (e.g. metal build up layer, phosphor layer, and photodiodes) were 

used: 

Detector Layer Composition µ/ρ 
[cm2·g-1] 

ρ 
[g·cm-3] 

Thickness (∆s) 
[cm] 

Metal Build-up Cu 5.26×10-2 8.96 0.100 
Phosphor Gd2O2S 5.47×10-2 2.79 0.048 

Photodiode Si  5.69×10-2 2.33 0.010 

Table 5-2 – Physical properties of the active detector layers at the incident gamma ray energy of 

1.25 MeV [Varian Medical Systems 2000, Siebers et al 2004, Hubbell and Seltzer 2004]. Note: 

the µ/ρ value used for the phosphor layer is the weighted average of the values for Gd, O, and S.  

 

Fluence at Panel 
[J·s-1cm-2] 

Gamma-ray Energy
[MeV] 

Pixel Area 
[cm2] 

Portal Image  
Acquisition Time 

[s] 

N1 
[Gamma 

rays] 

2.83×10-4 1.25 6.10×10-3 1 8.62×106 

Table 5-3 – Physical properties of the imaging system. The total number of incident photons N1 

is the product of the fluence (converted to number of photons), pixel area, and portal image 

acquisition time. The interaction area is the given by the area of the photodiode (0.78 ×0.781 cm2) 

[Varian Medical Systems 2000]. Note: the fluence is for a 123 cm SDD. 
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The fluence at the panel was found starting with the reference dose rate in water measured when 

the Co-60 machine was commissioned. The value was scaled to consider a reduction in dose rate 

due to source decay. Finally, it was converted to an equivalent fluence rate in air using the known 

mass attenuation coefficients and densities of both air and water [Khan 1994]. Using these values 

and Equation 3.23, the theoretical number of interactions was found: 

 Theoretical Value (Equation 3.23) Measured (Equation 5.1) 

 (all layers) (only Cu)  
k [Gamma rays] 4.68×105 3.97×105 2.63×105 

k / N1 5.43 % 4.60 % - 

Table 5-4 – Theoretical (based on Poisson statistics) and measured values for the number of 

detected gamma rays, and detection efficiency.  

The theoretical and measured numbers of interacting gamma rays are of similar magnitude 

(e.g. within a factor of two) suggesting the majority of portal image noise is due to statistical 

fluctuations. However, the difference in their values suggests the imaging panel is not quantum 

limited (e.g. there are other sources of noise). The simple theoretical model used assumed no loss 

in energy transferred from initial gamma-ray interactions to final the optical photon detection in 

the photodiode. However this alone does not explain the additional noise. The transfer of gamma-

ray energy to electron energy, then to optical photons, and then the final detection by the a-Si 

photodiodes should simply provide a scaling to the number of initial gamma-ray interactions and 

their variance (i.e. act as a ‘gain stage’ in the system) [Jaffray et al 1995, Sillanpaa et al 2006]. 

As a result, this would not change the SNR (i.e. the gain would cancel in the ratio). Any losses of 

energy transferred in this chain of events would simply reduce the gain. However, if the fraction 

of energy transferred to the electrons or into the production of optical photons was not constant 

for each gamma-ray interaction the gain or scaling would not be constant for each interaction. 

This would lead to an additional source of signal fluctuations or noise and reduce the measured 

SNR. Monte Carlo simulation by Jaffray et. al. of the same type of a-Si imaging panel showed 



 

77 

that such an effect exists and results in additional ‘X-ray energy absorption noise’ [Jaffray et al 

1995]. This additional noise is caused by the fact that energy transferred to the recoil electron 

during Compton scatter (the primary method of interaction at 1.25 MeV) is variable; and the 

range of both the scattered photon and recoil electron when compared to the detector dimensions 

are sufficient to allow a large fraction of the transferred energy to escape [Jaffray et al 1995]. The 

calculations performed by Jaffray et. al. corroborate with both the theoretical attenuation of the 

Gamma-ray beam (~5%) calculated above and its discrepancy from the measured value 

(reduction factor of ~2). Thus, the results suggest that the majority of the noise is due to statistical 

fluctuations explained by Poisson statistics, and the rest is primarily due to fluctuations in energy 

transfer from the initial gamma rays. 

5.6 Cupping Artifact 

As expected, the cupping artifact existed to varying degrees in all Co-60 CBCT images obtained. 

To quantify the cupping artifact, image uniformity (Equation 4.4) was calculated from image 

profiles of CBCT images of solid water phantoms as a function of beam field-of-view (FOV) and 

phantom diameter. Here, the beam FOV refers to length of the beam in the z-axis (i.e. along the 

objects rotation axis). As shown in Figure 5.12, the cupping artifact clearly increases as the FOV 

increases. Note that both the uniformity of the profiles decreases, and an overall reduction in CT 

number is observed. This can be explained by the theory presented in chapter 3. Considering the 

central plane (z = 0), increasing the FOV should not decrease the primary beam. However, it is 

known that increasing the kV-CBCT FOV results in an increase in the scatter-to-primary ratio 

(S / P) [Siewerdsen and Jaffray 2001]. Compton scattering being even more dominant at Co-60 

gamma-ray energy would result in a larger magnitude negative term, which could explain the 

cupping. To quantify the artifact, the uniformity (UN) as defined by Equation 4.4 was also 

calculated and shows a significant decrease in uniformity with FOV increase (Table 5-5). 
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Figure 5.11 – CBCT image of a 25.5 cm diameter solid water phantom (Varian Norm) with the 

ROIs used to calculate the image uniformity. The periphery and central values in Equation 4.4 are 

calculated from 1×1 cm2 ROIs #3 and #4 respectively. 

 

 
Figure 5.12 – Profiles across CBCT images of a 25.5 cm diameter solid water phantom (Varian 

Norm) were taken along the vertical line shown in Figure 5.11. Due to the relatively large amount 

of noise when the fan-beam collimator was used, the profiles of the middle 20 slices (~1.25 cm) 

were averaged for each FOV. 

25.5 cm 

ROI #3 ROI #4
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FOV [cm] 1 cm (Fan-Beam) 7 cm 24 cm (Full Cone-Beam) 
Uniformity [%] 83 % 73 % 66 % 

Table 5-5 – Relationship between beam FOV and image uniformity in a 25.5 cm diameter solid 

water phantom.  

 

Uniformity [%] Object Diameter 
[cm] No Cupping Reduction With Cupping Reduction 

13.5 cm 92 % 100 % 
20 cm 81 % 99 % 

25.5 cm 66 % 101 % 

Table 5-6 – Relationship between object diameter and image uniformity in cylindrical water 

phantoms (with and without cupping reduction) using a 24 cm FOV.  

 

Objects with large diameters will attenuate the primary gamma-ray beam greater than objects 

with smaller diameters. As a result, the S / P ratio will increase, which should result in more 

pronounced cupping artifacts. Three water and solid water phantoms of different diameters from 

13.5 – 25.5 cm were imaged to quantify the effect. The absolute positions of ROI #3 and #4 

(Figure 5.11) were adjusted based on the object diameter to maintain the same relative positions 

in the phantoms. As seen in the table above, the reduction in uniformity with increasing object 

size is significant. Morin et al (2009) report a similar full beam FOV image uniformity of 81.2 % 

using a comparable 16 cm water phantom from a 6 MV polychromatic X ray CBCT imaging 

system. Despite the magnitude of the cupping artifact, cupping reduction clearly restores image 

uniformity. As shown earlier in Figure 4.4, the cupping reduction is also effective qualitatively 

when performed on anthropomorphic phantoms. Although cupping reduction is clearly possible 

and beneficial, even when it is not applied, the features in large anthropomorphic phantoms (e.g. 

pelvis and torso) are still visible for use in patient localization. 
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To verify the physical cause of the cupping, Monte Carlo simulations were performed 

using an existing validated model of the Co-60 unit. The spatial distribution of gamma-ray energy 

(i.e. energy fluence) was simulated at the detector plane with, and without Compton scatter to 

produce simulated CT images from which profiles were extracted (Figure 5.13). The removal of 

scattered gamma rays in the MC simulation removes both the cupping non-uniformity and MVCT 

number offset. This supports the conclusion that the cupping is due to scatter. Furthermore, in the 

MC simulations without Compton scatter, all photoelectric interactions were included. That no 

cupping was observed suggests that beam hardening does not contribute to cupping in Co-60 

CBCT images. However, while the shape of the simulated image profile matches the measured 

profile well, quantitatively the simulated and measured profiles differ. This is assumed to be due 

to the fact that the detailed detector physics are ignored in this preliminary Monte Carlo 

simulation. Further investigation would be warranted to be certain of the cause of the 

discrepancy. 

 
Figure 5.13 – Profiles taken from Monte Carlo simulated and measured Co-60 CBCT images of a 

25.5 cm water cylinder. The MC simulations were performed with and without Compton 

scattering included. 
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5.7 Clinical Verification Imaging Examples 

Co-60 CBCT images of the anthropomorphic body phantom were acquired to demonstrate 

the potential of the modality to be used for patient position verification. The phantom was divided 

into head, torso, and pelvis sections which were each imaged separately. Each reconstructed data 

set contained 384 transverse slices, each consisting of 512×512 voxels (i.e. a 512×512×384 3D 

voxel volume). An example transverse, coronal, sagittal slice, and 3D plane view of the head 

(Figure 5.14), pelvis (Figure 5.15), and torso (Figure 5.16) are shown. In addition, Co-60 CBCT 

is compared in Figure 5.19 to a Co-60 fan-beam CT image from previous work [Peters et al 

2006].  

Using Co-60 CBCT, all the high contrast bony anatomy is visible in all sections of the 

phantom, except portions of the head where some sub-millimetre bones are not distinguishable 

from the image noise. For comparison, the same phantom sections were also imaged using kV CT 

(Figure 5.17), and photographs (Figure 5.18). Due to the lower detection efficiency of 1.25 MeV 

gamma rays compared to kV X-rays, the Co-60 CBCT images have a lower SNR. Nonetheless, 

the visible anatomy in the Co-60 CBCT and kV CT images match well. This suggests that for 

patient alignment at the time of treatment, the initial kV CT images acquired for treatment 

planning could be compared to on-board Co-60 CBCT acquired immediately prior to patient 

treatment. Finally, visually Co-60 CBCT has equal or greater image quality than Co-60 fan-beam 

CT and all the same anatomy appears visible using both modalities. 

Co-60 CBCT imaging dose estimates for these anthropomorphic phantoms ranged from 

~20-24 cGy. This was the lowest achievable dose for the imaging geometry and imaging panel 

due to the high dose rate of the Co-60 source. To be clinically viable, MVCT doses in the range 

of ~8-12 cGy would be necessary [Ruchala et al 1999]. Two possible methods of reducing 

imaging dose would be to either increase the gantry speed, or attenuate the Co-60 beam when 

imaging. However, a reduction in imaging dose will increase the image noise which would reduce 
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overall image quality. Using Equation 3.22, the necessary reduction in imaging dose by a factor 

of 2 to 4 would decrease the image SNR by a factor of 1.4 to 2. Further investigation would be 

required to determine if the images with reduced SNR would be clinically acceptable, or if other 

methods could help recover the lost SNR. 
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Figure 5.14 – Anthropomorphic head phantom CBCT images acquired with ~20 cGy dose: 

example a) coronal, b) sagittal, c) transverse, and d) 3D views from the reconstructed 3D data. 

a) b)

16 cm 

c) d) 
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Figure 5.15 – Anthropomorphic pelvis phantom CBCT images acquired with ~24 cGy dose: example a) coronal, b) sagittal, c) transverse, and d) 

3D views from the reconstructed 3D data. Note: three 1.1×3 mm gold fiducials implanted in the prostate region are visible (red arrows). 

a) b)

c) d)

33.5 cm
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Figure 5.16 – Anthropomorphic torso phantom CBCT images acquired with ~24 cGy dose: example a) coronal, b) sagittal, c) transverse, and d) 

3D views from the reconstructed 3D data. Horizontal banding in the coronal and sagittal views is physically present in the phantom.

  45 cm 

a) b) 

c) d)
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Figure 5.17 – Co-60 CBCT (left) and kV-CT (right) images of the same anthropomorphic 

phantom taken at various example transverse slices: a) head, b) pelvis, and c) torso. 

a) 

33.5 cm 

16 cm 

45 cm 

Co-60 CBCT kV-CT 

c) 

b) 
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Figure 5.18 – Co-60 CBCT images (left) and photographs (right) of the same anthropomorphic 

phantom taken at various example transverse slices: a) head, b) pelvis, and c) torso.

a) 

c) 

b) 

33.5 cm 

16 cm 

45 cm 

Co-60 CBCT Photograph 
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Figure 5.19 – Co-60 CBCT (left) and previous Co-60 fan-beam (right) images of the same 

transverse anthropomorphic head phantom slice. For comparison, the CBCT image dose was 

increased to have a closer SNR to the previous fan-beam results. Note that during the CBCT scan, 

only one metal pin was inserted (white dot) compared to three during the fan-beam scan. 

Co-60 CBCT Co-60 Fan-Beam 

16 cm 



89 

Chapter 6 

Conclusion 

6.1 Summary and Conclusions 

Although linacs have become the prominent radiotherapy machine for treating cancer in 

more developed countries, Co-60 radiotherapy machines still account for the majority of 

treatment units in less developed countries around the world. Co-60 has remained more suitable 

than linear accelerators in these countries due to the simplicity of producing high energy photons 

for therapy from Co-60. This simplicity results in simpler, less expensive, and lower maintenance 

machines with lower power requirements when compared to a linac. However, nearly all 

advances in radiotherapy treatment technology made in more developed countries have only been 

applied clinically to linacs. Yet, Co-60 machines are also capable of using these same 

technological advances to improve Co-60 radiotherapy for patients by increasing the dose 

delivered to the tumour while sparing healthy tissue. To ensure the benefits of these conformal 

treatments are realised, and complications are avoided, there is a greater need for precise 

localization of the target volume prior to treatment. In the past decade, on-line cone-beam 

computed tomography (CBCT) has been developed for linacs to provide 3D anatomical 

information for patient localization. This imaging modality would be a relatively simple addition 

to existing Co-60 machines, since only the addition of an imaging panel would be necessary to 

image using the therapy source. The acquired Co-60 CBCT images could then be compared with 

planning kV CT to localize the patient prior to treatment. 

A prototype Co-60 CBCT imaging system was developed using an existing therapy 

Co-60 machine, rotation stage to mimic gantry rotation, and an a-Si imaging panel. The goal was 

to determine if the modality would be suitable for patient localization. Acquired images suffered 

from two main image artifacts: ‘rings’ in the CBCT image slices, and a ‘cupping’ artifact that 



 

90 

reduced the CT values across the CBCT image. An effective ring suppression algorithm was 

implemented and applied to the acquired CBCT images. Another algorithm was adapted to reduce 

the cupping artifact and it was demonstrated that it improved perceived image quality. 

Preliminary Monte Carlo simulations supported the hypothesis that beam hardening was a 

negligible cause of the cupping artifact and that Compton scattered gamma rays were likely a 

major cause. 

In addition to artifacts, the MV CBCT modality (using either Co-60 or a linac) also 

suffers from low detection efficiency (e.g. low SNR) due to a low probability of interaction of the 

high energy X rays or gamma rays in the detector. The noise appeared to be random in nature and 

primarily due to the discrete nature of gamma-ray interactions explained by Poisson statistics. 

The remaining noise was likely caused by variations in the amount of energy deposited due to 

Compton interactions. Furthermore, it was found that spatial averaging of the portal images 

significantly improved the SNR of the Co-60 CBCT images with minimal reduction in spatial 

resolution.  

Using a variety of phantoms, the system was characterized to test its clinical suitability. 

The high contrast spatial resolution within a 20 cm water equivalent phantom was found to be 

~1.8 mm using an imaging dose of ~19 cGy. Additionally, bone cavities in anthropomorphic 

phantoms with physical widths of ~2 mm and side-walls of ~1.3 mm could be resolved. Using a 

commercial contrast phantom, the minimum contrast sensitivity for 3.0 cm diameter samples in a 

32.5 cm diameter water phantom was determined to be +5% (brain tissue) and -4% (breast tissue) 

relative electron density with respect to the water using an imaging dose of ~24 cGy. These 

results are very encouraging considering that the spatial resolution of MV CBCT using a linac 

was ~3 mm for early units and is now ~1.6-2 mm on modern clinically used machines [Ruchala et 

al 1999, Gayou and Miften 2007, Morin et al 2009]. Additionally, the contrast sensitivity for 

large low-contrast tissues in the Co-60 CBCT images is similar to results on a clinical MV CBCT 
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unit [Morin et al 2009]. Finally, the anatomy observed in Co-60 CBCT of head, pelvis and torso 

anthropomorphic phantom sections was clearly comparable to the same anatomy in kV-CT 

images. All these combined results strongly support the conclusion that Co-60 CBCT could be a 

viable imaging modality for patient localization for modern conformal radiotherapy. 

The relatively large finite source size limited the achievable Co-60 CBCT resolution. 

However, when compared to the spatial resolution of other MV CBCT systems, this does not 

appear to be a major problem. Instead, the main area that requires further research will be the 

reduction of image dose. Future Co-60 CBCT research should include an investigation of simple, 

practical methods to further reduce the dose while maintaining image quality. 

6.2 Future Work 

A direct extension of this thesis will be to quantify the accuracy of localization between kV 

CT and Co-60 CBCT images in a clinical environment. Anthropomorphic phantoms of the pelvis, 

torso, and head (e.g. key anatomical areas) would be scanned in a kV CT used for treatment 

planning. The same phantoms would be scanned with the Co-60 CBCT apparatus multiple times, 

each after a different known shift was applied. Trained personnel without knowledge of the shifts 

would then use clinical software to measure the shifts. Finally, the measured and known values 

for the shifts would be compared to quantify the accuracy and precision of the kV CT to Co-60 

CBCT matching. From this, a conclusion could be made about the suitability of Co-60 CBCT for 

different clinical applications using existing tools. If the results are encouraging, work should 

then be focused on making the Co-60 bench top system even closer to clinical MV CBCT 

systems: 

1. The imaging dose should be reduced by a factor of ~2-4. 
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2. Portal images should be acquired as the phantom is continuously rotated at a clinical 

speed, instead of the current ‘step-and-shoot’ method. This will require the existing 

acquisition system to be modified. 

A simple method to reduce the dose would be to place an attenuator (e.g. Pb or W sheet) in the 

beam before the object (e.g. in the accessory tray). It would be important to also verify if the 

image quality degrades beyond the expected lowering of the SNR. For example, increase the 

image acquisition time with the attenuator in place so the dose is the same as without attenuation 

and compare image quality. If the attenuator were given an appropriate ‘bow-tie’ shape it may 

help reduce some image artifacts [Mail et al 2009] 

However, lowering the imaging dose further may result in a clinically unacceptable 

degradation of image quality due to the lower SNR. Iterative reconstruction techniques have been 

shown to produce superior quality CT images at low dose in comparison to filtered back-

projection (e.g. FDK algorithm) [Prakash et al 2010]. Existing results from iterative 

reconstruction algorithms should be examined to determine an appropriate algorithm for 

implementation and testing with Co-60 CBCT.  

A number of methods to estimate Compton scatter exist which could be used to scatter-

correct the images, thus reducing the cupping artifact and restore uncorrected CT number 

linearity [Glover 1982, Malusek et al 2003, Ingleby et al 2010]. A recent approach has been to 

use graphical processing units to calculate radiation scatter through an object using an analytical 

model in a time-efficient manner [Ingleby et al 2010]. It is expected this approach could be easily 

added as an additional step in iterative reconstruction techniques, allowing them to consider 

object scatter without any a priori information about the imaged object. The algorithm should be 

more accurate for Co-60 imaging than X-ray imaging since it assumes the beam is 

monoenergetic. 
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Looking into the future, it is expected that Co-60 treatment units will undergo a major 

redesign. It would be useful to consider modifications to the core design of the unit beforehand 

with the goal of improving image quality. For example, a smaller secondary source could be 

added which would reduce both the imaging dose and improve spatial resolution. Initial results 

from Monte Carlo simulations showed that portal image MTF increased significantly as the 

source size and thus dose rate was reduced. However, further investigation would be necessary to 

determine an optimal size and type of source. An initial investigation of this could include 

imaging using smaller sources such as seeds used for brachytherapy. 

Due to the MV photon energy and lack of beam hardening, Co-60 imaging should be 

suitable for imaging dense inorganic objects. Although commercial Co-60 scanners exist to image 

industrial objects (e.g. cars, containers, or oil drums) the apparatus presented in this thesis appears 

to have superior 3D resolution due to the CBCT geometry. Concrete cylinders and archaeological 

samples have been recently imaged at the Cancer Centre of South-eastern Ontario using the 

Co-60 CBCT apparatus to examine its suitability to non-clinical applications (Figure 6.1). Initial 

results have been promising and suggest that further exploration would be warranted. 

Finally, initial 3D rendering from Co-60 CBCT data also appears promising (Figure 6.1). 

In particular, the feature segmentation that 3D surface imaging depends on would be clinically 

useful. Also, although 3D rendering is not currently used for patient localization it may be useful 

for other applications. For example, it is often used when visualizing scans of archaeological 

objects. 
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Figure 6.1 – Three orthogonal Co-60 CBCT image planes of a) an anthropomorphic head phantom including a volume rendering of the skull, 

b) an archaeological sample containing cavities and dense metal balls, and c) a cylinder of concrete used for radiation shielding.

b) c)a) 
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Appendix 

This appendix contains the Matlab code used to read in the portal images, perform any 

processing needed, convert them to projections, and finally reconstruct the 3D CBCT volume. 

Functions to reduce the ring and cupping artifacts on individual slices of the volume are also 

shown. 

Overall Execution Script 

% Author:   Nick Rawluk 
% 
% Purpose:  A script to execute the necessary functions to read in the 
%           portal images, perform any pre-processing needed, convert 
them 
%           to projections, and finally reconstruct the 3D CBCT volume. 
%% Add the needed functions to the path 
addpath(genpath('Code\')); 
%% File Information 
% Base filename/path for the images 
baseFile   = 'Rando Head - SDD 125 SAD 100 - Avg 1'; 
filePath   = 'Z:\Users\Rawluk, Nick\WORKING\ASTRO 2010\No Shifts\'; 
  
%% Data Preparation Inputs 
% Averaging reduction factor 
n = 1; 
  
% Axis Offset 
axisOffset = -7; 
  
% Crop the to reduce its size if needed 
% Rows in Cropped Region 
rowCrop = 1:384; 
% Width of cropped region 
W = 512-50; 
colCrop = 257+axisOffset-W/2:256+axisOffset+W/2; 
  
% Portal image # for air 
Normalization = 1.9654e+003; 
  
% Load the kernels for the spatial averaging filters if needed 
filterType = 'customKernel'; 
if strcmpi(filterType,'customKernel') 
    load spatialFilters 
     
    filterKernel = k13 ./ sum(k13(:)); 
    filterName = 'k13'; 
elseif strcmpi(filterType,'movingAverage') 
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    filterSize = 3; 
    filterName = sprintf('%dx%d',filterSize,filterSize); 
else 
    filterName = ''; 
end 
  
% Full or partial (half scan) reconstruction? 
scan = 'partial'; 
%% Physical Information 
dBeta       = 1.5;                  %[degrees] 
numImages   = 240; 
D_SO = 100;                         %[cm] 
D_SD = 125;                         %[cm] 
PixelSize = 0.078 / (D_SD/D_SO);    %[cm] 
  
%% Prepare the portal images for reconstruction 
prepData 
  
%% Reconstruct 
CTVolume = backProjectLowMemory(Data, beta, D_SO, PixelSize, 'shepp-
logan', scan, 15, [1 384]); 
  
%% Scale and Convert to HU 
% Convert to 1/cm 
CTVolume = CTVolume / PixelSize; 
  
water = 6.323e-2;   % [1/cm] 
% % Factor of 2 
if strcmpi(scan,'full') 
    CTVolume = CTVolume / 2; 
end 
% Convert to HU 
CTVolume = (CTVolume - water)./water*1000; 
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Data Preparation Script 

% Author:   Nick Rawluk 
% 
% Function: prepData 
% 
% Inputs:   filename and path base provided by the user  
% 
% Outputs:  Projection Data 
% 
% Purpose:  To read in and prepare the data for reconstruction 
  
% 1. Read in the images 
imageFile = [filePath baseFile]; 
  
% Reduce to cropped size 
imSize(1)   = length(rowCrop); 
imSize(2)   = length(colCrop); 
  
% Initialize the data 
Data = repmat(single(0),[imSize/n numImages]); 
  
for i = 1:numImages 
    % Read in current images (Data & Reference) 
    currentIm   = dicomread([imageFile '_' num2str((i-1)*dBeta) 
'.dcm']); 
    currentIm   = single(currentIm); 
  
    % Filter the image if needed 
    if strcmpi(filterType,'movingAverage') 
        currentIm = 
imfilter(currentIm,ones(filterSize)./filterSize.^2,'replicate'); 
    elseif strcmpi(filterType,'customKernel') 
        currentIm = imfilter(currentIm,filterKernel,'replicate'); 
    end 
    
    % Crop images 
    currentIm = currentIm(rowCrop,colCrop);                       
           
    Data(:,:,i)= currentIm; 
end 
% Find the linear attenuation coefficients, 
Data = -log(Data ./ Normalization); 
  
% Calculate all the angles, in radians 
beta = (0:numImages-1)*dBeta; 
beta = beta * pi / 180; 
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FDK CBCT Reconstruction Function 

% Author:   Nick Rawluk 
% Function: backProjectLowMemory 
% 
%                       [] = Units of the variable 
% 
% Inputs:   R           The projections at all angles 
%                       R(u,v,beta) = R(u,v) at angle Beta 
%           beta        Projection angles [radians] 
%           D_SO        Source to Object Distance [mm?] 
%           PixelSize   1D dimension of a square pixel 
%           Filter      Filter to use in preprocessing 
%           AngleSet    Use all angles('full') or only some ('partial') 
%           calcSizeZ   Number of Z layers to calculate at once 
%                       More = more memory usage, but faster 
%                       (5 appears to be a reasonable value) 
%           zLimits     The range of slices to reconstruct 
% 
% Outputs:  image       Reconstructed 3D volume backprojection in 
(x,y,z) 
% 
% Purpose:  To reconstruct a 3D image by FDK backprojection of 2D 
%           projections. Modifications have been made to reduce the 
memory 
%           consumption of the back-projection. 
%  
% Bibliography: 
% 1998 - Kak, Slaney: Principles of Computerized Tomography 
%   'Steps' listed from algorithm for simplicity 
%   Equation numbers are from that book 
  
function image = backProjectLowMemory(R, beta, D_SO, PixelSize, Filter, 
AngleSet, calcSizeZ, zLimits) 
  
Detector.PixelSize = PixelSize; 
  
% Scale the D_SO so that interpolation grids (later on) are equally 
spaced 
% integers to speed up computation 
D_SO = D_SO / Detector.PixelSize; 
Detector.PixelSize = 1; 
  
% Number of pixels in the detector directions 
Detector.Height = size(R,1);    % [pixel] 
Detector.Width = size(R,2);     % [pixel] 
  
% Number of angles projected at 
numAngles = length(beta); 
% Angle spacing 
dBeta = beta(2) - beta(1);      % [rad] 
  
% Precalculate the sine and cosine values 
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sine = sin(beta); 
cosine = cos(beta); 
  
% Set up matrices representing all the possible (p,zeta) coordinates 
% First set up the axis values 
p = single(-(Detector.Width-1)/2 : (Detector.Width-1)/2); 
zeta = single(-(Detector.Height-1)/2 : (Detector.Height-1)/2); 
% Scale them 
p = p*Detector.PixelSize; 
zeta = zeta*Detector.PixelSize; 
% Generate the grid from the axis 
[p,zeta] = meshgrid(p,zeta); 
  
% Perform the necessary weighting of the data for a partial angle 
% reconstruction if needed 
if strcmpi(AngleSet,'partial') 
    % Calculate Angles 
    gamma = atan(p(1,:) / D_SO); 
    gamma_max = max(gamma); 
     
    % Only include needed projections 
    numAngles = sum(beta < pi+2*gamma_max); 
     
    w = zeros(size(gamma)); 
     
    % Weight the Data 
    for beta_i = 1:numAngles; 
        % Implementing weighting formula, Eq. 150 
        % Calculate each of the three possible terms (t1,t2,t3) and  
        % when they each are the appropriate (logical) term (l1,l2,l3) 
        t1 = sin(pi/4 * beta(beta_i) ./ (gamma_max - gamma)).^2; 
        l1 = beta(beta_i) < (2*gamma_max - 2*gamma); 
  
        t2 = ones(size(gamma)); 
        l2 = (beta(beta_i) <= pi - 2.*gamma) & (beta(beta_i) >=  
2*gamma_max - 2.*gamma); 
  
        t3 = sin(pi/4*(pi+2*gamma_max-
beta(beta_i))./(gamma+gamma_max)).^2; 
        l3 = beta(beta_i) > pi - 2*gamma; 
         
        % Compile all the terms keeping only the appropriate ones 
        w(l1) = t1(l1); 
        w(l2) = t2(l2); 
        w(l3) = t3(l3); 
       
        R(:,:,beta_i) = R(:,:,beta_i) .* repmat(w,[Detector.Height 1]); 
    end 
end 
  
% ------------------------------------------------------------------- % 
% Step 1: Initial Projection Data Weighting (R = R') 
Weight = D_SO ./ sqrt(D_SO^2 + zeta.^2 + p.^2); 
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for beta_i = 1:numAngles 
   R(:,:,beta_i) = R(:,:,beta_i) .* Weight; 
end 
clear Weight; 
  
% ------------------------------------------------------------------- % 
% Step 2: Filter the Data (R = Q) using the filter defining function  
% used by Matlab for their 2D CT back projection algorithm 
h = createFilterMatlab(Filter,Detector.Width,1)'; 
h = repmat(h,[Detector.Height 1]); 
  
Rcalc = zeros(size(h)); 
% Muliply in frequency domain and return 
for beta_i = 1:numAngles              
   % Zero pad the data 
   Rcalc(:,1:Detector.Width) = R(:,:,beta_i); 
   % Filter 
   Rcalc = real( ifft( fft(Rcalc,[],2) .* h/2 ,[],2) ); 
   % Remove the zero padding from the result 
   R(:,:,beta_i) = Rcalc(:,1:Detector.Width); 
end 
clear h; 
clear Rcalc; 
  
% ------------------------------------------------------------------- % 
% Step 3: Reconstruct 
  
% Set up matrices representing all the possible (x,y,z) coordinates 
% First set up the axis values 
Y = single(-(Detector.Width-1)/2 : (Detector.Width-1)/2); 
X = Y; 
Z = single(-(Detector.Height-1)/2 : (Detector.Height-1)/2); 
  
% Scale them 
Y = Y*Detector.PixelSize; 
X = X*Detector.PixelSize; 
Z = Z*Detector.PixelSize; 
  
% Generate the grid from the axis 
image = single(zeros(length(X),length(X),length(Z))); 
  
% Split up the range of Z's to calculate over into blocks based on  
% calcSizeZ this is to compromise between memory usage and speed) 
% from: array of indices to start the block from 
%   to: array of indices to go until 
% from = 1:calcSizeZ:Detector.Height; 
% to = from-1; 
% to(1) = []; 
% to(end+1) = Detector.Height; 
  
from = zLimits(1):calcSizeZ:zLimits(2); 
to = from-1; 
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to(1) = []; 
to(end+1) = zLimits(2); 
  
% Calculate the final data at x,y,z for each angle 
for beta_i = 1:numAngles; 
    % To save memory only calculate blocks of z ranges 
    for i = 1:length(to); 
        % Calculate the current z_range block 
        z_range = from(i):to(i); 
        [x, y, z] = meshgrid(single(X),single(Y),single(Z(z_range)));         
  
        % Calculate the intermediate values needed to find 
        % (p_prime,zeta_prime) using Eq. 167 
        t = single(x.*cosine(beta_i) + y.*sine(beta_i)); 
        s = single(-x.*sine(beta_i) + y.*cosine(beta_i)); 
  
        % Coordinates of Q_beta in Eq. 177 
        p_prime = single(D_SO.*t ./ (D_SO-s)); 
        zeta_prime = single(D_SO.*z ./ (D_SO-s)); 
  
        % Weighting factor from the Q_beta coefficient in Eq. 177 
        W = single(D_SO^2 ./ (D_SO-s).^2); 
  
        % Interpolate the projection data at the current angle for 
        % the calculated coordinates (p_prime,zeta_prime) and weight  
   % them (W). 
        % Approximate the integral by summing for each angle. 
        % 
        % R(:,:,beta_i) is the projection data at the current angle 
        image(:,:,z_range) = image(:,:,z_range) + 
W.*interp2(p,zeta,R(:,:,beta_i),p_prime,zeta_prime,'linear'); 
    end 
end 
% Extrapolating the projection data will result in NaN's, remove this  
% data since they represent voxels in the volume that were not properly 
% sampled from all angles. 
image(isnan(image)) = 0; 
% Scale the reconstructed image to complete the integral approximation  
% and return the requested slices. 
image = image*dBeta; 
image = image(:,:,zLimits(1):zLimits(2)); 
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Ring Artifact Reduction Function 

% Author:   Nick Rawluk 
% 
% Function: antiRingPrell2009Slice 
% 
% Inputs:   im              Slice to be cleaned 
%           MedFilterOrder  Order of 1D median filter 
%           MeanFilterOrder Order of 1D mean filter 
%           Ntheta          Number of divisions in theta for conversion 
%        to polar 
%           Nrho            Number of divisions in rho for conversion  
%        to polar 
% 
% Outputs:  cleaned         Cleaned slice 
% 
% Purpose:  To reduce/remove ring artifacts from a CBCT slice using a 
%           median filtering technique with the image converted to  
%           polar coordinates. 
%  
% Bibliography: 
% 2009 - Prell - "Comparison of ring artifact correction methods for  
% flat-detector CT" 
% 2004 - Jan Sijbers and Andrei Postnov - "Reduction of ring artefacts  
% in high resolution micro-CT reconstructions" 
% 2006 - Boin - "Compensation of ring artefacts in synchrotron  
% tomographic images" 
% 
% Requirements (although these could be easily replaced): 
%   PolarGraph Utilities Toolbox, Version 1.0 (02-Dec-2004) 
%       Alex Petrov, Ohio State University 
%       http://alexpetrov.com/softw/utils/ 
  
function cleaned = 
antiRingPrell2009Slice(im,MedFilterOrder,MeanFilterOrder,Ntheta,Nrho) 
  
im = double(im); 
  
% Set up the polar coordinate space 
THi = linspace(-pi,pi,Ntheta); 
Ri = linspace(0,(size(im,1)-1)/2,Nrho)'; 
  
% Set up the cartesian coordinate space 
[Y,X] = size(im); 
Y = (1:Y) - (Y+1)/2; 
X = (1:X) - (X+1)/2; 
  
% Convert slice to polar coordinates 
polar = cart2pol2(X,Y,im,THi,Ri,'nearest'); 
  
% Reduce the rings by median filtering them out 
% with the centre padded to help reduce rings in the centre 
polar = [polar(MedFilterOrder:-1:1,:); polar]; 
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medianPolar = medfilt1(polar,MedFilterOrder,[],1); 
  
% Remove excess points due to padding 
medianPolar(1:MedFilterOrder,:) = []; 
polar(1:MedFilterOrder,:) = []; 
  
% We assume that the rings are invariant with theta thus, we can  
% average the polar image over all theta to accentuate the ringing.   
% Averaging the median image over all theta also gives a measure of the 
% same curve without rings.  The difference produces the average  
% ring independent of theta 
diffPolar = polar - medianPolar; 
  
% Circularly pad the data so that the filtering doesn't add in  
% artifacts at the edges 
diffPolar = [diffPolar(:,end-MeanFilterOrder+1:end) diffPolar 
diffPolar(:,1:MeanFilterOrder)]; 
  
% Moving average along the rings in polar coordinates 
ringPolar = 
filtfilt(ones(1,MeanFilterOrder)/MeanFilterOrder,1,diffPolar')'; 
  
% Remove excess points due to padding 
ringPolar = ringPolar(:,MeanFilterOrder+1:end-MeanFilterOrder); 
  
% Convert the rings to cartesian space and remove from the original  
% image 
rings = pol2cart2(THi,Ri,ringPolar,X,Y','nearest'); 
cleaned = single(im - rings); 
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Cupping Artifact Reduction Function 

% Author:   Nick Rawluk 
% 
% Function: deCuppingNbola 
% 
% Inputs:   slice   Slice to reduce the cupping on. 
%           N       Order of the paraboloid-style surface that is fit   
%                   to the 'cupping' shape. 
%           nDS     Down-sampling on the data to speed up the  
%                   computation (e.g. number of pixels to skip for each  
%      one used) 
% 
% Outputs:  clean   Slice with reduce cupping 
%           gof     Goodness of fit parameters 
% 
% Purpose:  To reduce the cupping artifacts from a CBCT slice by  
%           performing a surface fit to the imaged water in the image,  
%           and using the fit to 'flatten' all the values (i.e. re- 
%           normalize). The approach is not the same, but was inspired  
%           by the work of Morin et. al. 
%  
% Bibliography: 
% 2007 - Morin et. al. - Dose calculation using MV-CBCT.pdf 
% 2009 - Morin et. al. - "Physical performance and image optimization  
% of megavoltage cone-beam CT" 
  
function [clean, gof] = deCuppingNbola(slice,N,nDS) 
% X, Y Coordinates of the pixels in the slice 
[X,Y] = meshgrid(1:size(slice,2),1:size(slice,1)); 
  
% Attenuation coefficient of water for Co-60 gamma rays 
water = 6.323e-2;           % [1/cm] 
% Define an initial region of interest (ROI), to segment out only the 
% object imaged from the surrounding air. 
ROI = slice > 0.25*water; 
ROI = imerode(ROI,ones(15)); 
  
% X,Y coordinates of the ROI 
x = X(ROI); 
y = Y(ROI); 
% Z values for the 'surface' this image describes 
z = double(slice(ROI)); 
  
% Downsample the data for speed 
xDS = x(1:nDS:end); 
yDS = y(1:nDS:end); 
zDS = z(1:nDS:end); 
  
% Fit the 'N'boloid 
%   fitresult : an sfit object representing the fit. 
%   gof : structure with goodness-of fit info. 
%   Adapted from autogenerated Matlab code 
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% Equation of the fit 
ft = fittype( ['((x-a)^2/c^2+(y-b)^2/d^2)^' N '+e'], 'indep', {'x', 
'y'}, 'depend', 'z' ); 
opts = fitoptions( ft ); 
opts.Display = 'Off'; 
opts.Lower = [0 0 0 0 0]; 
opts.Robust = 'LAR'; 
opts.StartPoint = [max(x)/2 max(y)/2 9125 6132 0.02596]; 
opts.Upper = [max(x) max(y) Inf Inf Inf]; 
opts.Weights = zeros(1,0); 
  
% Perform the fitting 
[fitresult, gof] = fit( [xDS, yDS], zDS, ft, opts ); 
  
% Define a 2D correction factor matrix to reduce the cupping and apply 
it 
CF = water./fitresult(X,Y); 
clean = slice.*CF; 
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