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ABSTRACT 

Targeted dose delivery is achieved in radiotherapy treatments using image guidance for 
accurate patient positioning, and specialized collimators to shape the radiation field to 
ǘƘŜ ōŜŀƳΩǎ-eye-view of the treatment volume while shielding healthy tissue. Image 
guidance plays an important role in this workflow to inform patient setup before and/or 
during treatment. In the stereotactic treatment scheme, which involves high dose 
delivery in one or a few treatments, dose conformity to the treatment volume is of 
heightened concern, necessitating sharp dose fall-off immediately beyond the 
prescription isodose surface.  
 
The purpose of this thesis is two-fold; to investigate the potential improved image quality 
ƛƴ ōŜŀƳΩǎ-eye-view MV image guidance and the dose fall-off in stereotactic treatments 
using a novel 2.5 MV low-Z target beam on a modern linear accelerator. Due to the 
decreased photoelectric absorption of low-energy photons within the target, low-Z 
beams contain higher proportions of low-energy photons compared to a high-Z target 
beam. In this work, a commercial 2.5 MV beam was modified to replace the conventional 
copper target with sintered diamond. It was hypothesized that this modification would 
produce a beam with a higher yield of low-energy photons that would contribute 
improved contrast characteristics for imaging and sharper dose fall-off for stereotactic 
treatments. 
 
This thesis is composed of three manuscripts that examine the image quality 
characteristics of the novel beam and the dosimetric characteristics in stereotactic 
treatments. ¢ƘŜ ŦƛǊǎǘ ƳŀƴǳǎŎǊƛǇǘΣ ΨInvestigation of planar image quality for a novel 2.5 MV 
diamond target beam from a radiotherapy linear acceleratorΩ, evaluates the planar image 
quality of the 2.5 MV low-Z target beam compared to the commercial 2.5 and 6 MV 
beams. This work demonstrates improved planar image quality compared to the 
commercial beamǎΦ ¢ƘŜ ǎŜŎƻƴŘ ƳŀƴǳǎŎǊƛǇǘΣ ΨImproving image quality and reducing dose 
with 2.5 MV diamond target volume-of-interest cone beam CTΩΣ ƛƴǾŜǎǘƛƎŀǘŜs the image 
quality and dose characteristics of the 2.5 MV low-Z target beam in both full field of view 
and volume of interest cone beam CT. This study reports on improved image quality in 
both acquisition modes and the resultant dose-sparing from collimation in volume of 
ƛƴǘŜǊŜǎǘ ŀŎǉǳƛǎƛǘƛƻƴǎΦ ¢ƘŜ ǘƘƛǊŘ ƳŀƴǳǎŎǊƛǇǘΣ ΨInvestigation of a novel 2.5 MV sintered 
diamond target beam for intracranial linac-ōŀǎŜŘ ǎǘŜǊŜƻǘŀŎǘƛŎ ǘǊŜŀǘƳŜƴǘǎΩ, evaluates the 
2.5 MV low-Z target beam in stereotactic treatments of trigeminal neuralgia and ocular 
melanoma. This study describes a dosimetric advantage in terms of dose fall-off and 
sparing of normal tissue compared to a conventional 6 MV beam. 
 
The manuscripts contained in this thesis highlight the design and installation of the 
sintered diamond target, the methods of evaluating the novel beam in both imaging and 
stereotactic treatment applications, and the combined image quality and dosimetric 
advantages which could be realized through clinical implementation.
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Chapter 1 Introduction 

 

1.1  The global burden of cancer  

Cancer is a growing global burden, ranking as one of the leading causes of death 

worldwide and accounting for nearly 1 in 6 deaths in 20201. The global occurrence is 

estimated to increase by 47% in 2040, amounting to 28.4 million new annual cases 

compared to 19.3 million in 20202. These increased trends in incidence and mortality 

mirror the global change in population in terms of aging and growth and are further 

contributed by sociodemographic factors2. In Canada, cancer is the leading cause of 

death, surpassing cardiovascular disease; national statistics estimate that 2 in 5 Canadians 

will receive a cancer diagnosis in their lifetime and 1 in 4 Canadians will die from cancer3. 

The prevalence is similar in the United States, where it is estimated that 41/100 men and 

39/100 women will develop a cancer in their lifetime4. Based on 2021 statistics, cancer 

wears the heaviest burden on people 55+ in the US, comprising 80% of all cases4.   

  

While there are uncontrollable factors contributing to the global incidence of cancer (i.e. 

aging), the apparent sociodemographic influences are a societal responsibility to address. 

The World Health Organization projects that nearly 30% of cancer cases in low- and lower-

middle-income countries originate due to cancer-causing infections such as human 

papilloma virus and hepatitis and one third of cancer deaths are due to lifestyle including 

alcohol/tobacco use, obesity and diet, and a lack of physical activity1. It is important for 

clinicians and researchers to acknowledge the systemic social and political influences 
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ǿƘƛŎƘ ŎƻƴǘǊƛōǳǘŜ ǘƻ ŀƴ ƛƴŘƛǾƛŘǳŀƭΩǎ ƘŜŀƭǘƘ ŎƻƴŘƛǘƛƻƴǎ ŀƴŘ ǘƘŜ ƻǾŜǊŀǊŎƘƛƴƎ ǎƻŎƛƻŜŎƻƴƻƳƛŎ 

disparities of cancer in pursuit of tackling the disease. Creating equity in healthcare 

requires parity in health education, livable wages and fair working conditions, universal 

access to vaccines, screening, and access to quality treatment to mitigate these social 

inequalities.   

   

With a continuously expanding understanding of the disease and the advancing 

technologies with which cancer can be detected and treated, clinicians and researchers 

are urged to improve global cancer outlooks. Considering the global aging population and 

the existing disparities in cancer prevention and treatment, increased accessibility to 

affordable care is imperative to lessen the burden of cancer on the healthcare system and 

society combined. In addition to creating more accessibility and equity in cancer care, 

continuous research and development efforts geared toward improving treatment 

techniques and modalities are prerogative to improving patient outcomes.  

 

1.2  The role of radiation therapy in cancer treatment 

Cancer describes a set of diseases characterized by the uncontrolled reproduction of 

abnormal cells that have the potential to spread to other parts of the body. Cancer is a 

genetic disease which may occur in all cell types and tissues, arising from changes in the 

genes which control cellular growth and division. These genetic changes can result from 

environmental and hereditary influences as well as intrinsic genetic errors which occur in 

the cell division process 5. The hallmarks of cancer can be described by eight phenotypes, 
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classified by Hanahan, including 1) sustained proliferative signaling, 2) evasion of growth 

suppressors, 3) resisting cell death, 4) enabling replicative immortality, 5) angiogenesis 

(i.e. growth of vasculature to supply tumor), 6) activating invasion and metastasis, 7) 

reprogramming cellular metabolism, and 8) avoiding immune destruction6. While all 

cancers possess common traits, the genotype of the disease is highly heterogenous, 

complicating the development of a single curative treatment. Instead, prescribed 

treatment regimens are tailored to the type, stage, and genetic profile of the disease. 

Common therapies employed in the treatment of cancer include surgery, chemotherapy, 

radiation therapy and immunotherapy. Surgery is the gold standard treatment, which is 

commonly combined with adjuvant radiation therapy, where adjuvant describes the 

combination of treatments to improve the total efficacy. In this scheme, radiation therapy 

can be administered before surgery to shrink the tumor (i.e. neoadjuvant) or after surgery 

(i.e. adjuvant) to eliminate the microscopic disease left behind from surgery. Radiation 

therapy may also be prescribed as the primary treatment, for both curative and palliative 

indications, where palliative treatment is administered to help relieve the symptoms of 

cancer for late-stage cases 5. It is estimated that nearly 50% of all cancer patients receive 

radiation therapy at some point during their treatment regimen7ς9 and approximately 

60% of those receiving radiation therapy are undergoing curative treatment8. Radiation 

therapy can be delivered using an external beam of radiation or internal radioactive 

sources, as used in brachytherapy. External beam radiation therapy (EBRT), as is the focus 

of this thesis, is the most common radiation therapy treatment modality.  
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1.3  Biological mechanisms of ionizing radiation in cancer therapy 

Ionizing radiation describes particles and electromagnetic waves (i.e. x-rays or photons) 

that possess enough energy to remove one or more orbital electrons from the atoms and 

molecules composing the matter through which it passes. Radiobiology is the study of  

the biological response of tissues to ionizing radiation10, forming the basis for the use of 

radiation therapy in cancer treatment. In the simplest context, ionizing radiation interacts 

with the cells in a tumor, causing irreparable damage that leads to cell death. This cellular 

damage results from the ionization of critical cellular structures (i.e. DNA). DNA damage 

can occur by direct or indirect action. Direct action results from the ionization of atoms 

or molecules contained within the DNA through interactions with ionizing radiation. 

Indirect action occurs when ionizing radiation interacts with other atoms or molecules 

within the cell to form free radicals which impart biological damage to DNA. Due to the 

unpaired orbital electron, free radicals are chemically unstable and highly chemically 

reactive. Free radicals interact with the surrounding matter by stripping orbital electrons 

from the constituent atoms/molecules to reach a more stable state11. When in proximity, 

these free radicals can interact with DNA. The damage that occurs from direct or indirect 

ionization of DNA results in the breakage of chemical bonds which can sever the strands 

of DNA. A single strand break (SSB) occurs when one nucleotide is damaged, cleaving one 

strand of the double-helix into two pieces. Due to the complimentary base pairing of DNA 

strands, the intact sister strand serves as a template for repairing the damaged 

nucleotide, and thus SSBs are of insignificant consequence. Double strand breaks (DSBs) 

result from the breakage of both DNA strands at nucleotides which are adjacent or 
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separated by only a few base pairs. Unlike SSB repair, DSBs do not have a reliable template 

to facilitate repair of complimentary base pairs and is therefore error prone. DSBs are of 

heightened importance, as their occurrence can lead to cell death, carcinogenesis or 

genetic mutation 10.  

 

The biological response to ionizing radiation can be quantified using the linear quadratic 

model, which characterizes the surviving fraction of an in vitro cell culture as a function 

of radiation dose. The formulation of this model is as follows, Ὓ Ὡ  , where S 

represents the surviving fraction of cells, D is the radiation dose, and a and b are 

constants which represent the different components of cell killing. The linear component, 

as described by a, represents the cell death oŎŎǳǊǊƛƴƎ ŦǊƻƳ ŀ ΨǎƛƴƎƭŜ ƘƛǘΩ ŜǾŜƴǘΣ ƻǊ ƭŜǘƘŀƭ 

damage inflicted by a single particle track. The quadratic component, characterized by b, 

represents the cell death that occurs due to the interaction of biological damage incurred 

from multiple particle tracks. The ratio of the two components, a/b, represents the dose 

at which both cell killing components are equal, and characterizes the relative 

radiosensitivity of a given cell line. Typically, malignant cells demonstrate a high a/b ratio 

(~10 Gy), whereas normal tissues have a low a/b ratio (~3 Gy)12.  

 

Due to the risks posed to surrounding healthy tissues, the prescribed dose in radiation 

therapy is typically delivered in daily treatments of small doses (~1.5-3 Gy)5, known as 

fractions, over a period of several weeks. Fractionation schemes are based on the 

different radiosensitivities and repair capacities of healthy and malignant cells. 
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Fractionation exploits these differences by providing time for the normal tissue to repair 

radiation induced damage while maintaining the cumulative damage to the tumor cells. 

In addition to the allotted repair period for healthy tissues, fractionation also benefits the 

radiosensitivity of tumor cells. These observed effects are based on the underlying 

ǊŀŘƛƻōƛƻƭƻƎƛŎŀƭ ǇǊƛƴŎƛǇƭŜǎ ƪƴƻǿƴ ŀǎ ǘƘŜ ŦƻǳǊ wΩǎ ƻŦ ǊŀŘƛƻōƛƻƭƻƎȅ10, as follows: 

1. Repair ς Between fractions, cells have the ability to repair sub-lethal damage 

caused by radiation. 

2. Reassortment ς Cells redistribute through the cell cycle following irradiation. This 

reassortment increases the likelihood of larger tumor cell populations in a more 

radiosensitive phase of the cycle during subsequent fractions. 

3. Repopulation ς Cells can repopulate through cellular division between fractions.  

4. Reoxygenation ς As tumor cells die following irradiation, hypoxic cells may 

reoxygenate due to increased blood supply, increasing the radiosensitivity in 

subsequent fractions. 

  

1.4  External beam radiation therapy  

Radiation therapy involves the delivery of ionizing radiation to treat malignant tumors or 

otherwise benign conditions using either an internal source (i.e. brachytherapy) or an 

external beam of radiation, as in external beam radiation therapy (EBRT). The type of 

ionizing radiation used in EBRT can be either electrons, photons, protons, or heavy ions; 

selected based on the treatment site and/or accessibility. In general, photons are most 

common and will be the focus of discussion herein. There are several platforms on which 
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EBRT can be delivered, including teletherapy, linear accelerators, tomotherapy, linear 

accelerators on robotic arms etc., each differing in the engineering design, available 

treatment energies and image guidance systems. One common feature among EBRT 

platforms is a collimation system that serves to shape the photon beam, transmitting 

particles through the open aperture (i.e. field) and blocking those outside. The collimation 

system enables targeted dose delivery, focusing the dose to the treatment volume while 

obstructing the particle fluence directed towards the surrounding healthy tissues. 

Specification of the radiation field is informed by the anatomy being treated, 

necessitating a pre-treament imaging set for planning purposes in the EBRT workflow.  

 

1.4.1 EBRT treatment workflow  

Following diagnosis and treatment prescription, the typical EBRT workflow can be broken 

down into six major steps as follows:   

(i) Acquire pre-treatment image dataset(s) 

(ii) Contour treatment volume and surrounding organs at risk (OARs)  

(iii) Treatment planning 

(iv) Treatment plan quality assurance (QA) 

(v)  Patient Setup  

(vi) Treatment delivery  

These steps are illustrated in  Figure 1, below.
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Figure 1. Illustration of the EBRT workflow including: i) acquisition of pre-treatment image datasets, ii) contouring of 
treatment volume and organs at risk, iii) treatment planning, iv) treatment plan quality assurance, v) patient setup, and 
vi) treatment delivery. . 

 
The pre-treatment planning CT serves two main functions in EBRT, providing the 

geometric information about the anatomy and the material composition data. The 

geometric data is used for contouring structures of interest and raytracing for calculation 

of particle fluence, whereas the material composition is needed for converting particle 

fluence to absorbed dose in each media through which the particles are transported. 

Once the anatomy has been contoured on the planning CT, the planner optimizes the 

beam placement and relative dose contributions of each field to achieve the best balance 

between dose coverage to the treatment volume and dose sparing of OARs. Before 

treatment can be delivered to the patient, QA checks are performed to ensure that the 

plan is satisfactory in terms of its dosimetric characteristics and machine deliverability. 

This may involve delivery of the plan to a detector to compare the measured distribution 
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to that calculated in the TPS, as illustrated in the figure. On the day of treatment, the 

patient is set up on the machine to align the treatment anatomy with respect to the 

central axis of the treatment beam, according to the treatment plan. Verification of 

patient setup is performed by acquiring planar or volumetric images to confirm proper 

alignment. If necessary, the radiation therapist will shift the treatment couch to adjust 

the alignment according to the comparison between setup and planning CT images. The 

utilization of imaging in this scheme describes image guidance, or image guided radiation 

therapy (IGRT), in which the anatomical information guides planning, setup, and/or 

treatment decisions. Once the patient is properly aligned to the machine, according to 

the treatment plan, treatment is delivered.   

   

1.4.2 Significance of IGRT  

Image guidance plays an important role in delivering precise radiotherapy treatment by 

providing means for accurate patient setup and monitoring of patient positioning. In the 

delivery of EBRT, image guidance refers to any imaging modality which aids in the 

localization of the treatment anatomy before or during treatment. All modern 

radiotherapy treatments employ CT image guidance for planning purposes, but additional 

modalities may be used depending on the treatment site and system availability. Of the 

numerous image guidance systems available, the most common are the MV and kV on-

board imaging systems equipped on most modern linear accelerators. Although kV 

imaging is advantageous in terms of image quality and dose, there are instances in which 

MV imaging may prove useful (e.g., imaging of the chest wall during treatment of breast 
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cancer). The current TrueBeam (Varian Medical Systems, Palo Alto, CA) treatment 

platform is equipped with a 2.5 MV imaging-exclusive beam, providing increased contrast 

compared to the higher quality treatment beams (i.e. 4 MV or 6 MV)13. The improved 

contrast is due to the larger proportion of diagnostic energy x-rays in the beam, which 

can be further optimized by replacing the current target material with sintered 

diamond14.   

 

1.5  Low-Z targets   

Typical MV radiotherapy beamlines contain a thick high atomic number (Z) target used in 

photon production. Photon production occurs when electrons are accelerated into the 

target, in which they interact through a radiative process called bremsstrahlung. In this 

process, the electrons undergo coulombic interactions with the nuclei of the target 

material causing them to slow down, losing some or all their energy. The energy lost by 

the electron is emitted as a photon. While this explanation is brief, the mechanisms of 

photon production in linear accelerators and the bremsstrahlung process are discussed 

in detail in section 2.1. The low energy bremsstrahlung photons produced in the 

superficial layers of the target will be preferentially attenuated via photoelectric 

absorption within a high-Z target compared to a low-Z alternative. This is illustrated in 

Figure 2 which demonstrates example spectra generated from a 6 MeV beam incident on 

a low-Z and high-Z target. In this figure, the 6 MV photons emerging from the respective 

targets represent sample energy spectra, depicting the relative proportion of high energy 

photons (higher frequencies) and low energy photons (lower frequencies), as reflected in 
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the corresponding plotted spectra. The preferential attenuation of low energy photons is 

due to the Z3 dependency of the photoelectric mass attenuation coefficient which 

governs the probability of interaction, as is discussed in section 2.4.1. Implementing a 

low-Z target for photon production allows for recovery of more of these photons, which 

are advantageous for creating contrast in x-ray imaging. 

 

 

Figure 2. Illustration of preferential photoelectric absorption of low energy photons in high-Z targets with corresponding 
spectra. 

 

1.5.1  Low-Z target history  

The application of low-Z targets in MV beam production was first theorized by Galbraith 

in 1989 as means of improving the achievable contrast in portal imaging15Φ DŀƭōǊŀƛǘƘΩǎ 

work indicated a need for an imaging-optimized beam, explaining that treatment beams 
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were purposely designed to prioritize high energy photons. While all unfiltered 

bremsstrahlung beams possess a continuous spectrum of energies (i.e. ranging from 0 

MeV to the accelerating potential of the incident electrons), a typical treatment beam 

contains a minimal fraction of low-energy photons (e.g. 0.3% for 6 MV)16. Though this is 

advantageous for producing the desired dose characteristics for treatment, diagnostic 

energy photons (i.e. 25 ς 150 keV)17 create contrast in an image and should therefore be 

abundant in a beam used for imaging. Galbraith suggested the implementation of a low-

Z target to maximize the yield of diagnostic energy photons, creating a beam more 

suitable for MV imaging. To test his hypothesis, Galbraith installed beryllium and graphite 

targets on an AECL Therac-20 for 4 and 6 MV beam production, demonstrating an increase 

in the fractional yield of diagnostic energy photons and a resultant improvement in 

contrast by factors up to two times compared to the 6 MV treatment beam15. Since 

DŀƭōǊŀƛǘƘΩǎ ƛƴŀǳƎǳǊŀƭ low-Z target study over three decades ago, low-Z targets have been 

investigated on various treatment platforms, using a variety of low-Z materials and 

incident electron energies. 

 

Low-Z targets have been experimentally implemented on many major commercial linear 

accelerators including Siemens Mevatron MXE17, Oncor18, Primus19, KD219, and Artiste19 

systems, Elekta Precise20 and SL2521,22 units, as well as Varian 2100 EX16,23ς25 platforms. 

The optimal target material has been extensively investigated with a concentration on 

carbon, beryllium and aluminum as the frequent candidates. While most studies 

identified the largest contrast benefit would be obtained by using the lowest Z material, 



 13 

Flampouri et. al. observed similar contrast characteristics amongst beams produced with 

aluminum, carbon and beryllium targets. Due to these similarities, this group prioritized 

the modest 5-10% increase in bremsstrahlung efficiency achieved using the aluminum 

target21,22. Ostapiak et. al. observed the greatest fluence of low energy photons (i.e. hn < 

300 keV) for a beryllium target, however, these authors recommended carbon due to the 

material cost as well as the associated toxicity with machining beryllium17.  Within the last 

15 years, recent studies have converged on carbon as the ideal material. While most 

authors utilized graphite, Sawkey et. al. demonstrated similar image quality amongst 

sintered diamond and graphite target beams noting the benefits of the increased sintered 

diamond density18.  

 

In addition to target material, target thickness has been investigated for effects on 

contrast and spatial resolution. Early studies which utilized thin targets (i.e. thickness less 

than the continuous slowing down approximation (CSDA) range of incident electrons) 

required use of a plastic filter downstream from the target to absorb transmission 

electrons. Flampouri et. al. demonstrated minimal variation in spectral characteristics and 

consequent contrast with target thickness21, motivating the use of full thickness targets 

in later studies. In terms of spatial resolution, Connell and Robar demonstrated a slightly 

improved spatial resolution for a full thickness 4.5 MeV/beryllium target beam compared 

to the clinical 6 MV beam. While this trend was not consistent across all the low-Z target 

beams they investigated, they noted that all beam parameter combinations produced 

beams with sufficient spatial resolution compared to 6 MV. In addition to target thickness, 
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Connell and Robar examined the effect of target placement on spatial resolution. Due to 

electron scatter in air, this study concluded that placing the target closest to the exit 

window of the accelerating structure from which the electron beam emerges made the 

greatest impact on the achievable spatial resolution 25.  

 

Most early studies utilized nominal treatment energies for generating low-Z target beams, 

primarily 4 and 6 MV. While this was practical for initial proof of concept, early data 

demonstrated benefit from the combination of low energy/ low-Z target beams26. Parsons 

and Robar generated beams with energy less than 2.40 MeV using beam tuning to allow 

selection of mean electron energy between 1.90 and 2.35 MeV23. At these energies, the 

authors observed CNR improvements by factors ranging from 6.2-7.4 and 3.7-4.3 times in 

thin and thick phantoms23, respectively, compared to previous improvements of 2.7-3.8 

times for a 3.5 MeV beam24. Parsons and Robar concluded insignificant differences 

between image quality achieved with the 2.35 MV beam compared to 1.90 MV but noted 

a near 2X increase in the electron beam current. As a result, the authors suggested the 

use of 2.35 MV carbon target beam for further low-Z target investigation23. 

 

In 2013, ±ŀǊƛŀƴ ǇǊƻǇƻǎŜŘ ŀ нΦр a± Ψƭƻǿ-·Ω ƛƳŀƎƛƴƎ ƳƻŘŜ ŦƻǊ ǘƘŜ ¢ǊǳŜ.ŜŀƳ нΦл ǇƭŀǘŦƻǊƳ 

as a commercial solution to improve MV image quality. Before the release of the new 

platform, Parsons et al. evaluated the proposed low-X imaging beam against two 2.35 MV 

carbon target beams on the TrueBeam and Clinac platform using Monte Carlo simulations 

in VirtuaLinac and BEAMnrc. Compared to the 2.35 MV carbon target beam on the Clinac 
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platform, Parsons et al. observed a decrease in the relative fraction of diagnostic energy 

photons by 10% and 28% for the 2.35 MV carbon target and 2.5 MV low-X beams, 

respectively, on the TrueBeam platform. The harder photon energy spectra decreased 

contrast by factors of 1.1 and 1.4 (thin phantom) and 1.03 and 1.4 (thick phantom), for 

the 2.35 MV carbon target and low-X beams, respectively, compared to the 2.35 MV 

carbon target Clinac beam14. Despite the advances made to the portal imaging system, 

the findings by Parsons and Robar suggest that the current MV image contrast could be 

further improved, motivating our experimental implementation of low-Z targets in the 

2.5 MV beamline on the TrueBeam platform. These studies, along with other low-Z target 

studies described in section 2.7 have been summarized by Robar in Table 1. 
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Table 1. Summary of low-Z target parameters used in previous studies and corresponding effects on imaging27 

 

 

1.6  Stereotactic radiotherapy and radiosurgery   

Stereotactic radiosurgery (SRS) and radiotherapy (SRT) are highly precise radiation 

therapy techniques involving the conformal delivery of a high dose of radiation to a small, 

well-defined target volume. SRS refers to the delivery of a single fraction of high dose 

radiation, whereas SRT is delivered in several (i.e. less than five) fractions. The indications 

for SRS and SRT include intracranial malignant and benign tumors, vascular 
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malformations, and functional disorders28. Compared to conventionally fractionated 

external beam treatments that deliver less dose per fraction, healthy tissue sparing is 

highly emphasized for patients undergoing stereotactic treatments in order to avoid 

induction of secondary cancers and/or loss of function. Due to the risks associated with 

the geometric miss of ablative SRS doses, special care is taken to ensure precise delivery 

including the use of dedicated machines tuned within strict mechanical tolerances, 

dedicated immobilization devices, and high-resolution image guidance systems.    

Healthy tissue sparing in SRS is accomplished by using many small beams, incident from 

various angles, all converging on the target volume29. This technique provides adequate 

dose homogeneity and conformality at the target, while minimizing the dose to the 

proximal normal structures and healthy tissues. In treatment planning, stereotactic 

beams are selectively placed to avoid entry and exit dose through delicate structures 

while meeting the required dose coverage, as informed by the anatomy and planning 

objectives. These beams are shaped using precisely machined conical collimators (4 mm 

ς 25 mm in diameter) or multi-leaf collimators which act to transmit dose through the 

open aperture while shielding the anatomy outside of the aperture. 

 

1.6.2  Brief History  

Stereotactic principles were introduced to the field of radiation therapy in the 1950s-60s 

with [ŀǊǎ [ŜƪǎŜƭƭΩǎ ƛƴǾŜƴǘƛƻƴ ƻŦ ǘƘŜ DŀƳƳŀ YƴƛŦŜ as means of treating cranial diseases 

that were inoperable with classic surgery. Stereotactic techniques utilize a three-
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dimensional coordinate system to localize and target anatomical structures using medical 

imaging to identify the treatment volume. These coordinates were registered to an 

ŜȄǘŜǊƴŀƭ ŦǊŀƳŜ ǿƘƛŎƘ ǿŀǎ ǎŜŎǳǊŜŘ ǘƻ ǘƘŜ ǇŀǘƛŜƴǘΩǎ skull and bolted to the treatment table 

to ensure accurate patient positioning and prohibit motion throughout treatment. The 

Gamma Knife consists of ~200 Co-60 sources arranged in a hemispherical array, 

transmitting radiation towards the patient through narrow collimators. This technology 

allowed precise specification of ablative radiation doses to small treatment volumes while 

shielding the surrounding healthy tissue. 

SRS was developed on linear accelerators with the invention of linac-compatible frames 

and collimation in the 1980s30, allowing widespread accessibility to treatment. In addition 

to increased accessibility, the integration of SRS on linear accelerators led to expansive 

research and development of less invasive immobilization devices to improve patient 

comfort. The invention of high definition multileaf collimators (HDMLCs) offered an 

alternative collimation method to stereotactic cones which allowed intricate shaping of 

radiotherapy fields and thus more customized dose specification. The development of 

specialized machines with high mechanical precision and high dose rate capabilities, 

dedicated image guidance systems, and advanced treatment planning techniques 

bolstered the growth of modern linac-based stereotactic treatments; delivered with a 

frameless immobilization system, using image guidance to monitor and correct for 

intrafractional motion. Parallel to the development of technologies to support linac-based 

SRS, the indications of this treatment modality expanded to include extracranial sites with 

stereotactic body radiation therapy (SBRT).  
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While the adoption of linac-based SRS has vastly expanded the field in many ways, it also 

represents a paradoxical shift from implementing low-energy gamma radiation with Co-

60 (i.e. with an average energy of 1.25 MeV) to prioritizing higher energy beams, most 

commonly 6 MV. Despite 6 MV being long regarded as the ideal radiotherapy treatment 

energy31, previous studies have shown that lower MV energy photons are advantageous 

in stereotactic treatments due to the decreased lateral scatter of secondary electrons29,32. 

This is illustrated in the comparative dose distributions from Ding and Homann in below, 

where the 2.5 MV beam demonstrates sharper dose fall-off compared to the higher 

energy treatment beams. 

 

Figure 3. Comparative dose distributions for thalatomy plan from Ding and Homann 
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The recently commercialized Zap-X (Zap Surgical San Carlos, CA) radiosurgical platform 

exploits this advantage, utilizing a 3 MV beam for intracranial SRS treatments33. 

Motivated by the same theory, recent studies34ς36 have investigated the 2.5 MV beam on 

the TrueBeam platform for potential treatment applications in standard and stereotactic 

treatments. Despite this beam being intended for imaging, both studies demonstrated a 

dosimetric advantage compared to the 6 MV beam in terms of improved dose fall-off, due 

to the decreased lateral scatter of secondary electrons.  

1.6.3  Common treatment sites  

The indications for SRS and SRT are intracranial including both malignant and benign 

disease as well as vascular malformations and functional disorders. The most common 

malignancy treated with this modality is brain metastases37, cancerous tumors which 

present in the brain with primary origins in different tissue. Other common indications 

include trigeminal neuralgia, meningiomas, schwannomas and arterial venous 

malformations38. While benign tumors do not possess the metastatic potential seen with 

malignancies, these abnormal growths impinge upon surrounding healthy tissue posing 

risk of loss of function. For example, the presence of an acoustic neuroma growing in the 

inner ear may interfere with hearing and balance. In addition to cancerous growths, SRS 

and SRT are commonly employed in the treatment of functional disorders, such as 

trigeminal neuralgia to alleviate pain. 

High radiation doses are delivered to these disease sites with the goal of ablating the 

pathology with a non-invasive intervention. While stereotactic collimation and volumetric 
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modulation techniques allow spatial specification of dose to minimize the dose to healthy 

tissue, dose delivery outside of the treatment volume is unavoidable due to the entry and 

exit paths of the beam as well as scatter. To avoid causing inadvertent injury to normal 

brain tissue, beam placement is determined using an optimization approach to manage 

the trade-offs between delivering adequate dose to the treatment volume and abiding by 

dose limits for surrounding organs at risk based on user input priorities. Generally, the 

same structures are of concern for all intracranial treatments, mainly the brainstem, optic 

pathway, cochlea, pituitary gland, lacrimal gland, and hippocampus39. The amount of 

dose these structures can tolerate varies based on different organ sensitivities. Dose 

limits are specified either in terms of a maximum point dose or dose volume constraints 

(i.e. a certain sub-volume of the organ can receive a maximum dose), depending on the 

ƻǊƎŀƴΩǎ ŎƭŀǎǎƛŦƛŎŀǘƛƻƴ ŀǎ ǎŜǊƛŀƭ ƻǊ ǇŀǊŀƭƭŜƭΦ  

 

1.7  Ocular Melanoma  

1.7.1  Prevalence of ocular melanoma  

Ocular melanoma, also known as uveal melanoma, is a rare form of cancer occurring in 

the eye, mainly the uvea. The incidence rate of ocular melanoma is estimated at 4-7 cases 

per million40ς42. Although rare, ocular melanoma is the most common non-cutaneous 

melanoma42, whose diagnosis presents poor visual and overall prognosis41. Those 

diagnosed with ocular melanoma face a 50% risk of developing distant metastases40, 

commonly manifesting in the liver (95%), lung (24%), bones (16%), and skin (11%)41.  The 

ultimate goal of treating ocular melanoma is maintaining visual acuity and preventing 
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metastasis43. As such, modern treatments are mainly eye-preserving rather than 

enucleation, commonly involving radiation therapy41,42. 

 

1.7.2  Ocular melanoma treatment  

There are several radiation therapy modalities employed in the eye-preserving treatment 

of ocular melanoma; including plaque brachytherapy, SRS/SRT, and proton beam 

therapy41. The selection of one of these modalities is based on the site of origin, tumor 

size and location, age of the patient, the presence of extraocular extension, as well as 

socioeconomic variables (i.e. accessibility to treatment and cost). Currently, plaque 

brachytherapy is the most widely used eye-preserving radiation therapy treatment for 

ocular melanomas44.  

While plaque brachytherapy is most common, linac-based stereotactic treatments offer 

certain advantages over both plaque brachytherapy and proton beam therapy in treating 

ocular melanomas. Compared to plaque brachytherapy, linac-based stereotactic 

treatments are less invasive and are shown to produce similar tumor control42. Compared 

to protons, stereotactic-capable linear accelerators are more widely available than proton 

therapy machines, making treatment more accessible and cost-effective. Previous studies 

demonstrated comparable dose conformality45 and local control rates42 for ocular 

melanomas treated with photons compared to protons. Due to the proximity of 

structures in the ocular pathway, sharp dose fall-off is emphasized in stereotactic 

treatment of ocular melanoma to maintain visual acuity and quality of life.   
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1.8 Trigeminal Neuralgia  

1.8.1  Prevalence of trigeminal neuralgia  

Trigeminal neuralgia is a benign condition characterized by episodic unilateral facial pain 

which presents as a shocking or stabbing sensation and can be triggered by light touch46. 

The onset and termination of trigeminal neuralgia episodes are abrupt, typically lasting 

one second up to two minutes47 and may be onset by hair combing, shaving or a cold gust 

of wind48. While trigeminal neuralgia is rare, with a lifetime prevalence of 0.16%-0.3% and 

an annual incidence of 4-29 cases per 100,000 people47, it is the most common type of 

neuralgia48. Trigeminal neuralgia is more prevalent among women46,47 with an incidence 

ratio of 3:2 (female:male)47.   

Trigeminal neuralgia is commonly experienced in one or both of the lower maxillary and 

mandibular branches of the trigeminal nerve, which feed into the lower part of the face48. 

As such, the neuralgic sensations are often concentrated near the jaw46. The debilitating 

pain interferes with fundamental activities of daily living such as eating/drinking and oral 

hygiene,47 ŀƴŘ Ŏŀƴ ƎǊŜŀǘƭȅ ŀŦŦŜŎǘ ƻƴŜΩǎ ǉǳŀƭƛǘȅ ƻŦ ƭƛŦŜΦ ¢ƘƻǎŜ ŜȄǇŜǊƛŜƴŎƛƴƎ trigeminal 

neuralgia have an increased prevalence of anxiety and depression,46 and a higher risk of 

suicide46,47.   

 

1.8.2  Trigeminal neuralgia treatment  

The primary treatment for trigeminal neuralgia involves a low dose of antiepileptic 

drugs46,47, however, surgical intervention may be needed for those who are ineligible or 
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unresponsive to drug therapies47Φ ¢ƘŜ ǘƘǊŜŜ ǘȅǇŜǎ ƻŦ ΨǎǳǊƎƛŎŀƭΩ ǘǊŜŀǘƳŜƴǘǎ ŀǾŀƛƭŀōƭŜ Ŏŀƴ 

be categorized as 1) invasive and non-ablative, 2) invasive and ablative, and 3) non-

invasive and ablative47. While the first two treatment options involve classic surgery, non-

invasive and ablative techniques describe SRS treatment. Microvascular decompression, 

an invasive and non-ablative treatment, serves as the standard of care for most patients 

experiencing trigeminal neuralgia47. SRS is employed for those who are ineligible for 

microvascular decompression due to the use of anesthesia49. While SRS treatment for 

trigeminal neuralgia is generally secondary to microvascular decompression, this 

treatment provides the least invasive procedure performed in an outpatient setting. 

Though non-invasive, SRS management of trigeminal neuralgia poses radiotoxicity risks 

to the surrounding healthy tissue, particularly the brainstem which is frequently abutting 

the treatment volume. To avoid damage to the brainstem, high dose fall-off is essential 

to reduce imposed complications, motivating our investigation of a novel beam to 

improve penumbra. 

 

1.9  Research objectives  

The primary goal of radiation therapy treatment is to deliver a lethal dose to the target 

volume while minimizing the dose to surrounding healthy tissues. In pursuit of this goal, 

modern radiation therapy utilizes advanced delivery techniques combined with image 

guidance to achieve safe and effective treatment. The work contained in this thesis is 

motivated by the postulates discussed in section 1.1, with the goal of improving the 

radiation therapy treatment workflow using a novel 2.5 MV sintered diamond target 
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beam. The aim of this research is two-fold: 1) to improve the current 2.5 MV image 

contrast on the TrueBeam platform using a low-Z sintered diamond target and 2) to 

investigate the use of the novel 2.5 MV beam for stereotactic treatment applications.  

The purpose of this thesis was to investigate a novel 2.5 MV low-Z sintered diamond 

target beamline on the TrueBeam platform. The implementation of the sintered diamond 

target was carried out in two distinct phases using: (i) a preliminary experimental setup 

utilizing a target placed in the carousel of the linac and (ii) a clinical MV beamline setup 

with the target placed in the target arm. Due to the increased population of low-energy 

photons in our beam, we hypothesized that our novel beam would offer dual image 

quality and dosimetric ōŜƴŜŦƛǘǎ ƛƴ ǘŜǊƳǎ ƻŦ ƛƳǇǊƻǾŜŘ /bw ƛƴ a± ōŜŀƳΩǎ-eye-view imaging 

and sharper dose fall-off in stereotactic treatments compared to commercially available 

beams. Contained in this thesis is an anthology of three manuscripts examining the image 

quality and dosimetric benefits of the novel beam; specifically quantifying the 

improvement in image quality compared to commercially available beams as well as the 

dosimetric advantages of the experimental low-energy beam in stereotactic treatments. 

These broad objectives were addressed as follows in the enclosed manuscripts.  

The first manuscript is provided in Chapter 3, addressing the preliminary carousel-

mounted target beam setup, the design and installation of the low-Z target placed in the 

target arm of the linac, and the planar image quality characteristics of the novel beam. 

While low-Z targets have been extensively studied on previous platforms, this study marks 
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the first implementation of a low-Z target on a TrueBeam unit. The corresponding citation 

to this manuscript is:   

Borsavage, J.M., Cherpak, A., Robar, J.L., Investigation of planar image quality for a novel 

2.5 MV diamond target beam from a radiotherapy linear accelerator. Physics and Imaging 

in Radiation Oncology, vol. 16, pp. 103-108, 2020.  

The second manuscript is included in Chapter 4. Manuscript 2 presents an organic 

continuation of the previous, addressing the volumetric image quality characteristics of 

the 2.5 MV low-Z beam. In addition to conventional volumetric imaging which captures 

the full field of view, this article examines the improved image quality and dose sparing 

capabilities of volume-of-interest imaging which collimates the beam to only the relevant 

anatomy for the image guidance task. The corresponding citation for this manuscript is:  

Borsavage, J.M., Cherpak, A. J., Robar, J. L., Improving image quality and reducing dose 

with 2.5 MV diamond target volume-of-interest cone beam CT imaging. Medical Physics, 

vol 49., no. 12, pp. 7661-7671. 2022.  

The third manuscript is presented in Chapter 5, addressing the therapeutic potential of 

the novel 2.5 MV low-Z target beam. This manuscript investigates the dosimetric 

characteristics of the 2.5 MV low-Z beam in small stereotactic fields and the dose-sparing 

advantages of 2.5 MV low-Z SRS/SRT compared to standard treatment beams. Using a 4 

mm stereotactic cone and comparable MLC field for collimation, this article examines the 

clinical implications of reducing the radiological and/or geometric components of 
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penumbra via Monte Carlo methods to simulate treatments of ocular melanoma and 

trigeminal neuralgia. ¢Ƙƛǎ ƳŀƴǳǎŎǊƛǇǘΣ ǘƛǘƭŜŘ ΨInvestigation of a novel 2.5 MV sintered 

diamond target beam for intracranial linac-based stereotactic treatmentsΩ Ƙŀǎ ōŜŜƴ 

accepted for publication in the journal Biomedical Physics & Engineering Express. 



 28 

Chapter 2 Theory 

2.1  Megavoltage photon beam production and shaping in c-arm linear 

accelerator 

 
A linear accelerator (linac) is a radiation producing device used in radiation therapy to 

deliver an external beam of ionizing radiation to treat cancers as well as benign 

conditions. Beams are generated by accelerating electrons to high megaelectron volt 

(MeV) energies using high power microwaves through a linear accelerating waveguide. 

The linac can be used to treat superficial lesions using an electron beam, or for treatment 

at depth using a photon beam. Photon beams are generated through a process known as 

bremsstrahlung, by bombarding a high atomic number target with high energy electrons, 

which will be discussed in greater detail in the following subsection. 

 

The beam-forming components of a linac include a power supply, a microwave source, an 

electron gun, an accelerating structure, a beam transport system, and beam collimating 

systems50. A block diagram illustrating these components is provided in Figure 4 below.  



 29 

 

Figure 4. Block diagram of linear accelerator beam-forming components 

 
The power supply provides DC power to the modulator, which contains the pulse-forming 

network that manages the timing schedule of microwave and radiation injection into the 

accelerating structure. This network produces simultaneous short, high-voltage, DC 

pulses supplied to both the magnetron/klystron and electron gun. The pulsed voltage to 

the magnetron or klystron produces pulsed microwaves which are transmitted to the 

accelerating structure via the waveguide. The electron gun produces a stream of electrons 

through thermionic emission, whereby electrons are boiled off a heated filament. These 

electrons are pulse injected into the accelerating waveguide, synced with the pulse 

injection of microwaves, as timed by the modulator. In the accelerating waveguide, the 

electrons are accelerated by the sinusoidal electric field of the high frequency 

microwaves. The beam of electrons emerging from the accelerating waveguide is 

deflected using a bending magnet to direct the beam towards the beam shaping 

structures contained in the treatment head51. In the case of photon radiotherapy and MV 
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imaging, as is the focus of this thesis, the bent beam is focused onto a target for photon 

production before propagating through the collimation systems in the treatment head. 

 

A linac is composed of five major components, including the gantry, gantry stand, 

modulator cabinet, treatment couch and control console50. The gantry stand performs 

two major functions, serving as a physical anchor for the rotating gantry as well as housing 

the microwave power generator used in particle acceleration. The gantry rotates around 

a horizontal axis which coincides with the positioning of the treatment couch. The 

collimators which shape the beam rotate in a vertical axis as the gantry rotates. The point 

at which these two rotational axes intersect describes the isocenter. The treatment 

couch, upon which the patient is setup, translates in 3 dimensions and rotates around the 

central axis of the treatment beam. The modulator cabinet contains the power supply 

circuity which powers the linac. Located outside of the treatment room is the control 

console, the area which is occupied by the radiation therapists to enable treatment 

delivery51. An image of a linac including the gantry, gantry stand and treatment couch is 

provided in Figure 5. 
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Figure 5. Image of a typical linear accelerator illustrating the gantry, gantry stand, collimator and treatment couch  
(image adapted from IAEA52) 

 

2.1.1  Bremsstrahlung x-ray production 

Megavoltage photon beams are produced in the treatment head of a linear accelerator 

ōȅ ŀ ǇǊƻŎŜǎǎ ƪƴƻǿƴ ŀǎ ōǊŜƳǎǎǘǊŀƘƭǳƴƎΣ ǿƘƛŎƘ ǘǊŀƴǎƭŀǘŜǎ ŦǊƻƳ DŜǊƳŀƴ ǘƻ άōǊŀƪƛƴƎ 

ǊŀŘƛŀǘƛƻƴέΦ .ǊŜƳǎǎǘǊŀƘƭǳƴƎ ƛǎ ŀ ǊŀŘƛŀǘƛǾŜ ǇǊƻŎŜǎǎ ǊŜǎǳƭǘƛƴƎ ŦǊƻƳ ŜƭŜŎǘǊƻǎǘŀǘƛŎ ƛƴǘŜǊŀŎǘƛƻƴǎ 

between incident high-energy electrons and the nuclear field of atomic nuclei53. 

 

 The conditions under which bremsstrahlung becomes relevant requires that the impact 

parameter, which describes the proximity of the incident electron to the target nucleus, 

must be less than the atomic radius. Under these circumstances, bremsstrahlung is 

possible but rarely occurs (i.e. 2-3% occurrence). Roughly 98% of the time the electron 

will undergo an elastic scattering event50. The kinetic energy lost by the electron is 
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emitted as a photon53, as demonstrated by Figure 6. In a linac, a beam of electrons is 

accelerated to a desired MeV energy before being bombarded into a bremsstrahlung 

target. Due to the coulombic interactions between the incident electrons and the nuclei 

of the target material, a beam of photons emerges from the downstream side of the 

target.   

 

Figure 6. Illustration of bremsstrahlung process 

 
The composition of these bremsstrahlung photons forms a beam containing a continuous 

spectrum of photon energies ranging from 0 to the energy of the incident electrons. The 

amount of energy transferred from the electron undergoing a bremsstrahlung event is 

related to the size of the impact parameter. The smaller the impact parameter, the more 

energy transferred in a bremsstrahlung event, producing a higher energy photon50. The 

energy spectrum and angular distribution of bremsstrahlung photons exiting the target is 
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characteristic of the energy of the incident electron beam and the target material. In 

general, the bremsstrahlung production cross section is proportional to Z2E, meaning that 

the x-ray yield increases for higher atomic number materials and greater incident 

energy53. While this Z2 dependence is observed for the overall bremsstrahlung production 

(i.e. across all solid angles), the bremsstrahlung efficiency in the forward 0-15̄  range is 

roughly independent of atomic number 54.  

 

2.1.2  Treatment head components and photon beam shaping 

The treatment head of the linac refers to the beamline components downstream of the 

accelerating waveguide. The treatment head components are illustrated in the diagram 

in Figure 7. As discussed in the previous section, a photon beam is produced in a linac via 

bremsstrahlung by bombarding high energy electrons into a target. The photon target is 

positioned at the top of the treatment head, immediately downstream from the 

waveguide, from which the high energy electrons emerge. The components of the 

treatment head situated below the target are mainly involved in dose monitoring and 

beam shaping.  

 

The dimensions of the photon beam exiting the target depend on the focal spot size of 

the electron beam incident on the target and the target thickness. In general, MV beams 

are forward peaked, possessing a larger abundance of photons along the central axis of 

the beam compared to the periphery55. Upon exiting the target, the photon beam is 

transmitted through the conically shaped primary collimator which defines the maximum 
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dispersion angle of the beam. Due to the forward-directed distribution of bremsstrahlung 

photons, the photon beam exiting the target has differential energy fluence across its 

profile. To create a more uniform beam, the treatment beamline may contain a conical 

flattening filter, which acts to preferentially absorb more photons in the center of the 

beam than at the edges. Situated downstream from the flattening filter, the monitor unit 

(MU) chamber serves as a dose monitoring system55. The MU chamber monitors the 

delivered dose, relative to the machine calibration, in real-time while also serving to 

monitor the flatness and symmetry of the beam. The MU chamber provides feedback to 

stop the beam when the desired dose is met or if it detects deviations from calibrated 

values50. Before exiting the treatment head, the photon beam is shaped by a series of 

collimators, including the jaws and/or multileaf collimators (MLCs). These collimators are 

made of high-Z material, designed to attenuate the portion of the beam they obstruct. 

The treatment head contains two sets of parallel jaws, which shape the beam in the x 

(crossline) and y (inline) directions creating a rectangular shaped field. The MLCs are 

positioned downstream in the beamline, as the tertiary collimating system. The MLCs 

consist of two opposing rows of tungsten leaves which move independently to allow 

complex beam shaping before exiting the treatment head. In addition to the collimation 

systems housed within the treatment head of the linac, stereotactic cones may also be 

employed for generating small circular fields in stereotactic treatments. Stereotactic 

cones are externally mounted to the treatment head placing the collimator close to the 

surface of the patient51. The collimation systems in a linac provide means of shaping the 

radiation field incident on the patient to specify the delivery of dose to the treatment 
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volume. At any given gantry angle, the shape of the field formed by the collimators is 

ōŀǎŜŘ ƻƴ ǘƘŜ ōŜŀƳΩǎ-eye-view perspective of the treatment anatomy with respect to the 

surrounding healthy tissues. The aperture formed by the collimators is designed such that 

the collimators block the healthy tissue while transmitting the radiation toward the 

treatment volume.  

 

 

Figure 7. Illustration of the treatment head components in an MV photon beamline of a linac 

 
 



 36 

2.2  TrueBeam imaging systems 

TrueBeam (Varian Medical Systems) units are equipped with two imaging systems 

including MV and kV x-ray imaging. The MV system utilizes the treatment head as an x-

ray source with a corresponding digital detector oriented parallel to the treatment head 

from which the beam emerges. The auxiliary kV source and detector are mounted on the 

sides of the gantry positioning the kV beam perpendicular to the treatment beam51. 

Modern TrueBeam units feature a designated 2.5 MV imaging beam. With lower energy 

than the available treatment beams, this beam provides improved contrast-to-noise ratio 

compared to 6 MV13,56. Both x-ray imaging systems are capable of planar imaging, the kV 

system is also used for volumetric imaging (i.e. cone beam computed tomography 

(CBCT))51. While MV CBCT is theoretically possible, the low detector quantum efficiency 

(DQE) of the MV imaging panel necessitates a higher dose per projection compared to kV 

imaging, to achieve useful image contrast and is therefore not used clinically. With the 

ultimate goal of maximizing image quality and minimizing imaging dose, kV imaging is 

more commonly used in the clinical workflow of image guided radiotherapy. Despite the 

advantageous image quality versus dose characteristics of the kV system, the ancillary 

system introduces increased cost and maintenance57, and prohibits imaging from the 

ǘǊŜŀǘƳŜƴǘ ōŜŀƳΩǎ-eye-view. ¢ƘŜ ōŜŀƳΩǎ-eye-view provides a valuable viewpoint in image 

guidance as it allows visualization of the treatment anatomy with respect to the 

collimation of the treatment beam27. 
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2.3  Image formation and detection in digital projection imaging 

The basic components of a modern x-ray imaging system consist of a bremsstrahlung x-

ray source and a digital detector. X-rays are emitted from the source and cast on the 

patient directed toward the anatomy of interest. As the x-rays pass through the patient, 

they interact with tissues resulting in the partial attenuation of the beam. The beam is 

attenuated more or less by different tissues (i.e. more so in dense materials like bone 

than air) creating a differential photon fluence exiting the patient which is characteristic 

of the tissues through which the beam traversed58. The underlying physical mechanisms 

by which the photons are attenuated are governed by the interaction cross sections of a 

given material. These cross sections depend on the energy of the particles as well as the 

atomic number of the material, as explained in the following section. The photon fluence 

exiting the patient is detected, forming an image representing the tissues through which 

the beam was transmitted.  

  

The image receptor that detects the exiting fluence can be a direct or indirect detector, 

utilizing either the primary or secondary fluence, respectively, to generate the resultant 

image. Direct detectors form an image using the primary fluence exiting the patient (i.e. 

photons). Indirect detectors utilize an intermediate step to produce charged particles 

using a scintillator which are then detected for image formation. In digital detectors, this 

incident fluence is converted into an electrical current by the electronics contained within 

individual detector elements (dexels). The amount of signal produced in each dexel is 

proportional to the dose deposited. This signal is read out and represented as 
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corresponding gray-scale intensity values in the pixels of the image59. A cross-sectional 

schematic of the detector elements in the aS1000 (Varian Medical Systems) flat panel 

imaging detector used in the MV image acquisitions of this work is included in Figure 8. 

The aS1000 is an indirect detector composed of a copper conversion plate, a scintillator, 

and an array (1024x768) of photodiodes with corresponding thin-film transistor (TFT) 

attached to a glass substrate. Photons incident on the metal conversion plate undergo 

Compton interactions, producing Compton recoil electrons60. The electrons interact with 

the scintillator to produce visible light which is detected by the photodiode creating a 

current. The charge is collected and readout when the TFT switch is activated. The amount 

of collected charge is representative of the dose deposited within each dexel, represented 

by a grayscale value. The composition of the array of grayscale values forms the image59. 

 

 

Figure 8. Cross-sectional view of individual detector elements in aS1000 (Varian Medical Systems) detector. 
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2.4  Photon interactions 

As a photon beam traverses a medium, it interacts with the constituent atoms and 

electrons of the material resulting in the partial attenuation of the beam and the 

subsequent generation of charged particles. The fraction of photons which are 

attenuated by a given thickness of material is characterized by the linear attenuation 

coefficient, m, expressed in units of inverse centimeters (cm-1) 53.  Since the number of 

interactions is relative to the number of atoms or electrons present in a given material 

thickness, the linear attenuation coefficient depends on the density of the material58. A 

more useful representation of attenuation is the mass attenuation coefficient, which is 

calculated by normalizing the linear attenuation coefficient by the density of the material, 

m/r and is expressed in units of cm2/g. The mass attenuation coefficient presents a more 

convenient metric, as it is constant for a particular element or compound regardless of 

density (e.g. ice, water and water vapor have different linear attenuation coefficients but 

the same mass attenuation coefficient). This metric describes the interaction probability 

within a certain mass thickness of a given material. With units of cm2 per gram, the mass 

attenuation coefficient is often interpreted and referred to as a cross section58, reflecting 

ǘƘŜ ŜŦŦŜŎǘƛǾŜ ŀǊŜŀ ƻŦ ǘƘŜ ƛƴǘŜǊŀŎǘƛƻƴ ΨǘŀǊƎŜǘΩ50 seen by the incoming photon. There are 

several mechanisms by which photons can interact with their surroundings, and thus the 

mass attenuation coefficient reflects the sum of the partial cross sections contributed by 

each interaction type.  
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The main photon interactions that occur in the megavoltage energy range are 

photoelectric effect, Compton scatter, and pair production. The occurrence of any of 

these events is stochastic in nature and are thus governed by well-defined probability 

functions (i.e. cross sections)53. The probability of interaction depends on the incident 

photon energy and the atomic number of the attenuating medium50. Figure 9 

demonstrates the relative importance of each interaction type as a function of photon 

energy and atomic number in the ranges of 0.001-100 MeV and 1-100, respectively.  The 

plotted lines in this figure represent the conditions under which the probabilities of 

interaction types are equivalent, specifically, t=s indicates equal probability of 

photoelectric and Compton events, and s=k indicates equal probability of Compton and 

pair production events. The regions enclosed by these equal probability lines define the 

ranges of photon energy and atomic number for which each interaction type pre-

dominates. Generally, the photoelectric effect is dominant for low energy photons, 

Compton dominates at medium energies, and pair production at higher energies53. While 

cross-sections describe the probability of occurrence, each interaction can also be 

described kinematically, to relate the energies and angles of the participating particles 

which undergo the interaction53. The kinematic descriptions of these interactions are 

contained in the subsections below. 
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Figure 9. Relative importance of photon interaction types as a function of photon energy and atomic number, 
demonstrating photoelectric, Compton, and pair production dominant regions. Plotted curves correspond to 

combinations of hn and Z with equivalent probabilities for photoelectric and Compton interaction (t=s) and Compton 

and pair production (s=k). 

 

2.4.1  Photoelectric effect 

In the photoelectric effect, a photon interacts with a bound atomic electron causing the 

photon to be absorbed and the electron ejected from the atom with kinetic energy equal 

to the incident photon energy minus the electron binding energy (i.e. KE = hn - Eb). The 

ejected electron, called a photoelectron, travels away from the interaction site at an angle 

qΣ ǊŜƭŀǘƛǾŜ ǘƻ ǘƘŜ ƛƴŎƛŘŜƴǘ ǇƘƻǘƻƴΩǎ ŘƛǊŜŎǘƛƻƴ53. The kinematics are illustrated in Figure 10 

below. The photoelectron creates a vacancy in the shell from which it was ejected, which 

is filled by an electron from a higher energy level. The excess energy, resulting from the 

difference in binding energies between the two shells, is emitted via fluorescence or 
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transferred to an outer shell electron. In the case of fluorescence, the atom emits a 

photon, known as a characteristic x-ray, with quantum energy equal to the difference 

between the binding energies of the outer and inner shells. If the energy is transferred to 

an outer shell electron, known as an Auger electron, it is ejected from the atom with 

energy equal to the energy lost by the electron which transitioned to fill the vacancy (i.e. 

difference in binding energies between the two shells), minus the binding energy of the 

ejected electron. 

 

 

Figure 10. Illustration of the photoelectric effect 

 

The probability of photoelectric interaction depends strongly on both the incident photon 

energy and the atomic number of the absorbing material. The photoelectric cross section, 

denoted t/r, is proportional to (Z/hn)3; 53 therefore the probability of photoelectric 

interaction is higher for high atomic number materials and low energy photons. These 

dependencies are exploited in x-ray imaging which operates in the kilovoltage (kV) energy 
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range. Due to the Z3 dependence, tissues with a higher atomic number will attenuate 

more photons by photelectric interaction than those with lower atomic number, 

producing contrast between bone and soft tissue. 

 

2.4.2  Compton scatter 

Compton scatter describes the process by which an incident photon interacts with a 

stationary unbound electron, whereby the photon energy is partially transferred to the 

electron and the rest is scattered. The electron is ejected from the interaction site at an 

angle, q, and the photon scattered at an angle, f. The kinetic energy, T, of the electron is 

equal to the difference between the incident and scattered photon energies (i.e. T=hn-

hnΩύ53. The kinematics of Compton scatter are demonstrated in Figure 11 below. Due to 

the laws of conservation of energy and momentum, the scattering angles and energy 

transferred from Compton scatter events are confined within theoretical limits. The range 

of scattering angles for Compton scattered photons and electrons are 0-p and 0-p/2, 

respectively50. The minimum energy transferred to the electron occurs in a grazing hit, in 

which the photon continues traveling in the forward direction and the electron is 

scattered at 90̄. For high energy incident photons, the energy of a 90̄  Compton scattered 

photon approaches 511 keV. The maximum energy transferred in a Compton interaction 

is observed in a direct hit. In a direct hit, the electron is set in motion in the forward 

direction (i.e. q = 0̄ ) and the photon is backscattered (i.e. f = 180̄ ). For high energy 

incident photons, the energy of the scattered photon approaches 255 keV53. The solution 

to the Compton kinematics can be described by three equations which relate the energies 
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and scattering angles of the particles, as demonstrated in Equations 1-3 below, where 

m0c2 is the rest mass of the electron. 

Ὤ’
Ⱦ  

           (1) 

  Ὕ Ὤ’ Ὤ’            (2) 

ὧέὸ—ρ Ὤ’Ⱦάὧ  ὸὥὲ              (3) 

 

 

Figure 11. Illustration of Compton scatter 

 

The Compton mass attenuation coefficient, s/r, is independent of Z,53 as demonstrated 

in Figure 12, which compares mass attenuation coefficients of water and bone. Unlike the 

photoelectric effect, the probability of Compton interaction increases with increasing 

incident photon energy. While Compton scatter is the dominant process in soft tissue in 

the range of 20 keV-30 MeV53 (i.e. encompassing the diagnostic energy range), the 
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Compton mass attenuation coefficient is independent of Z; therefore, tissues of different 

atomic composition with equal density thickness will attenuate the beam in a nearly 

identical fashion. Consequently, Compton interactions do not contribute to contrast in x-

ray imaging.  

 

Figure 12. Mass attenuation cross section of water and bone for photoelectric absorption (PE) and Compton scatter 
across the energy range of 10 keV - 10 MeV. 

 

2.4.3  Pair production 

In pair production, an incident photon interacts with the Coulomb field of an atomic 

ƴǳŎƭŜǳǎ ǊŜǎǳƭǘƛƴƎ ƛƴ ǘƘŜ ǘƻǘŀƭ ŀōǎƻǊǇǘƛƻƴ ƻŦ ǘƘŜ ǇƘƻǘƻƴΩǎ ǉǳŀƴǘǳƳ ŜƴŜǊƎȅ ŀƴŘ ǘƘŜ ŎǊŜŀǘƛƻƴ 

of an electron positron pair. The charged particles are ejected from the interaction site 

creating excitations and ionizations in the medium through which they traverse until they 
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lose all their kinetic energy and come to rest. Due to the high affinity of these matter and 

antimatter particles, the positron will combine with an electron and annihilate forming 

two photons. These two photons are ejected 180 degrees apart from one another, each 

with energy equal to the rest mass of an electron, m0c2 = 511 keV. Due to the conservation 

of energy, it can be seen that the minimum threshold for pair production is 2m0c2, 

meaning pair production is not possible for photon energies less than 1.022 MeV53. The 

kinematics of pair production is demonstrated in Figure 13. 

 

 

Figure 13. Illustration of pair production kinematics 

 
 
Though less probable than pair production, this absorption process can also take place in 

the Coulomb field of an atomic electron, known as triplet production. In triplet 

production, the target electron is ejected from the atom along with an electron positron 

pair. The threshold for triplet production is 4m0c2 or 2.044 MeV53. 
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The mass attenuation coefficient for pair production, k/r, is approximately proportional 

to Z. The probability of interaction for a given material increases as the logarithm of the 

incident photon energy above the threshold. The mass attenuation coefficient for pair 

production represents the total attenuation coefficient for nuclear and electronic 

interactions (i.e. (k/r)pair = (k/r)nuclear + (k/r)electron) 53. 

 

2.5  Image quality characteristics 

The quality of a radiographic image can be characterized in terms of contrast, noise, and 

spatial resolution. These metrics quantify the visibility of different anatomical structures 

based on their intensity (i.e. gray-level value) relative to the background and their size. In 

a diagnostic setting, image quality is an important consideration, as the conspicuity of 

anatomical features directly impacts the staging of disease and treatment course 

decisions. While there are many modalities which are used in the field of diagnostic 

imaging and IGRT, this section is focused on image quality characteristics in radiographic 

imaging, as is relevant to this thesis. 

 

2.5.1  Contrast 

Contrast describes the ability to distinguish anatomical features relative to the 

surrounding background medium61. The contrast in an x-ray image arises from the 

different attenuation properties of tissues with different atomic compositions (i.e. atomic 

number and density). Adjacent tissues which are more different in composition will 

display more contrast ς for example, bone versus lung compared to adjacent abdominal 
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organs. This contrast arises from the difference in photoelectric absorption between 

materials of differing composition, as explained in the previous section. As such, the 

average energy of the photon beam is most influential factor which affects contrast62. 

Scattered radiation degrades contrast62. In digital radiography, the display contrast can 

be altered by specifying window level and width to scale pixel intensities for visualizing 

specific anatomies61.  The contrast between two regions can be calculated as the 

difference in the average pixel intensities, as demonstrated by Equation 4, where I is the 

average intensity in the pixels corresponding to the background (bg) and region of interest 

(ROI).  

     ὅέὲὸὶὥίὸ Ὅ Ὅ             (4) 

 

2.5.2  Noise 

In radiography, noise refers to the information contained in an image which obscure 

visualization of anatomy or pathology61. It appears as random distributions of lighter and 

darker pixels within an area of uniform material, presenting as a grainy texture in the 

image62. Noise can be quantified as the standard deviation of neighboring pixel intensities 

within a uniform region58,61,62. Image noise is contributed by numerous factors which can 

be summarized as four major components: structure noise, radiation noise, receptor 

noise and quantum mottle. Quantum mottle is random, owing to the random variations 

of photons incident on the detector across the field-oview61. These random variations 

arise from the underlying stochastic nature of x-ray production, interactions, and 

detection62, and ultimately results from the finite number of x-rays used to capture an 
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image63. As such, quantum mottle can be reduced by increasing the number of x-rays used 

to capture an image61ς63. However, this comes at the cost of increased dose to the patient 

and should be implemented with caution considering this trade-off. Structure noise arises 

from the interference of different tissues such as overlapping objects, obstructing the 

visualization of anatomical features. Structure noise can be reduced by strategic patient 

setup in 2D radiography or by implementing tomographic modalities. Radiation noise is 

caused by the detection of unintentional variations in fluence other than quantum mottle, 

which do not contribute to the usefulness of the image. Where quantum mottle is due to 

the finite number of photons used to acquire an image, radiation noise results from the 

detection of scatter. Receptor noise is produced by nonuniformities in the sensitivity of 

the image receptor across the active detector surface63. While there are ways to reduce 

the contributions of noise in radiography, noise will always be present due to the 

stochastic nature of the underlying particle physics58. 

 

2.5.3  Contrast-to-noise ratio (CNR) 

To best describe the visibility of a given feature, it is helpful to quantify contrast with 

respect to the noise present in the image using the contrast-to-noise ratio62. This 

commonly used metric considers the difference in pixel intensities between two regions 

relative to the noise contained within each, as described by Equation 5 where ROI is a 

region of interest in the image, bg represents a region of uniform background material, P 

is the average pixel intensity and s2 represents the variance in the corresponding regions.  
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ὅὔὙ
 

           (5) 

Since quantum mottle decreases with increased photon fluence, the achievable CNR 

increases with dose. While it is be possible to improve CNR with increased dose, the goal 

is to avoid unnecessary radiation dose to the patient following the concept of ALARA (as 

low as reasonably achievable) to prevent radiotoxicity in radiographic procedures. 

Radiographic techniques are selected to provide the best balance between imaging dose 

to the patient while maintaining sufficient penetrability and image quality required for 

diagnosis. In MV imaging, CNR can be improved by implementing a low-Z target to 

increase the proportion of diagnostic energy photons, thereby exploiting the Z3 

dependence of the photoelectric effect cross section. 

 

2.5.4  Spatial resolution 

Spatial resolution describes the ability of an imaging system to reliably reproduce two 

discrete adjacent objects. Resolution can be measured by imaging a bar phantom which 

contains a series of alternating high- and low-density line pairs capturing a range of spatial 

frequencies62. The highest frequency pattern that is faithfully reproduced in the image 

defines the spatial resolution of the system expressed in line pairs per mm (lp/mm), thus 

representing the smallest object which can be detected by that system. The spatial 

resolution of an imaging system may be degraded or blurred by several factors including 

geometric contributions, detector blurring, and motion. The geometric contributions to 

blurring arise from the finite size of the focal spot and the configuration of the system 
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with respect to the patient as well as the detector61. The focal spot of a radiographic beam 

describes the area of the anode struck by electrons59. The effective focal spot 

characterizes the size of the projected beam which possesses a region of penumbra at the 

edges50. This penumbra arises due to x-rays arriving from slightly different locations in the 

focal spot as a result of divergence61. Focal spot blur increases with increasing focal spot 

size. Detector blurring describes the contribution of the finite dimensions of a radiation 

detector on the ability to resolve small objects. Motion blur is caused by movement 

during image acquisition which distorts the appearance of the object being imaged. 

Motion blur can be caused by internal motion such as a heartbeat or from gross patient 

movement, which can be reduced using immobilization techniques61. The modulation 

transfer function (MTF) is a comprehensive measure of the spatial resolution of a 

radiographic imaging system that defines the response of the system as a function of 

input frequency. The MTF is calculated as the ratio of output to input signal modulation, 

whereby the output signal is degraded due to focal spot blur, motion, and detector blur61. 

Lower spatial frequencies will have higher MTF than higher frequencies. The frequency at 

which the MTF drops to 50% of that for the lowest frequency is denoted by f50. 

 

2.6  Image guided radiotherapy 

Image guided radiation therapy (IGRT) involves the use of one or more imaging modalities 

to aid in the localization of the target volume and alignment of the patient before or 

during radiotherapy treatment. In the planning stages of radiotherapy treatment, imaging 

is employed for delineating treatment volumes and corresponding OARs, to inform 
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planning decisions and calculate dose51. At the time of treatment, pre-treatment images 

are acquired to help align the patient according to the treatment plan. These pre-

treatment images are registered to the planning dataset to identify daily variations in 

patient setup and/or anatomy and to compensate as necessary51. The most commonly 

prescribed modern IGRT procedure is the acquisition of planar and/or volumetric images 

prior to daily treatment to verify accurate patient positioning. IGRT is also used 

intrafractionally (i.e. during treatment) to track motion and automate dose delivery when 

the treatment volume is in the desired position (e.g. in free breathing treatments for lung 

cancer). While there are numerous image guidance systems available, the following 

section will focus specifically on the comparison between MV and kV imaging systems and 

their applications in IGRT, as applicable to the motivation of this thesis. 

  

2.6.2  MV versus kV imaging systems for IGRT 

The earliest form of image guidance for patient setup utilized the MV treatment beam to 

acquire portal films of the patient64. Once developed, the portal films were manually 

compared to kV radiographs using rulers or templates to determine the necessary shifts 

in patient positioning. This process was expensive, time consuming, and error prone, 

driving the development and commercialization of the electronic portal imaging device 

(EPID) for digital MV imaging in the 1980s and 1990s64. Despite the advancement to digital 

acquisition technology, early EPIDs suffered from extremely low detector quantum 

efficiency (DQE) (<<1 %), where DQE describes the fraction of incident quanta 

contributing to the output signal. The low DQE of early EPIDs produced images with high 
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noise and low signal to noise ratio (SNR)65, a measure of the average pixel intensity 

relative to the noise. This issue regarding DQE was improved 10 years later, by the 

commercial adoption of amorphous silicon (aSi) detectors, currently used today64. The 

DQE of modern aSi EPIDs is roughly 1-2%66. The kilovoltage imaging system was 

incorporated onto linacs in the early 2000s, offering improved contrast characteristics, 

lower imaging dose and the ability to acquire cone beam CT (CBCT) volumetric image 

data. 

 

Within the past three decades, many other efforts were made to improve the achievable 

image quality of the on-board imaging system, including the use of low-Z targets in MV 

imaging beamlines, and the addition of the auxiliary kV imaging system65. While the new 

kV system improved image quality, it also introduced increased cost and maintenance, as 

well as additional uncertainties due to the difficulty in aligning imaging and treatment 

isocenters57.  Another drawback to the kV system is the inability to aŎǉǳƛǊŜ ōŜŀƳΩǎ-eye-

view images, which prevents visualization of the target volume and surrounding 

structures relative to the collimation of the treatment beam, as the patient is treated27.  

In addition to the geometric advantage, MV imaging demonstrates less susceptibility to 

high-Z artifacts51 due to the Compton cross section independence on Z. MV imaging could 

also provide benefit in the adaptive radiotherapy workflow, which involves the online (i.e. 

while the patient is on the treatment couch) generation of a treatment plan. Due to the 

direct correlation between the HU numbers contained in MV images and electron 

density51, MV imaging could present an efficient and accurate means of calculating 
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treatment dose in an adaptive therapy setting. While the kV system offers improved 

contrast characteristics, the various advantages of the MV system motivate the continued 

development of MV image guidance. 

 

2.7  Improved MV image quality using low-Z targets 

Low-Z targets have been implemented experimentally in MV beamlines to improve the 

contrast in MV imaging. The achievable contrast in MV imaging is significantly lower than 

kV imaging due to the higher photon energy spectrum. In radiography, the contrast 

between tissues of different atomic composition is due to the differential attenuation of 

the photon beam, resulting in heterogeneous fluence exiting the patient59, as described 

in section 2.5.1. The two main interactions by which the beam is attenuated are Compton 

scatter and the photoelectric effect, with Compton scatter being the dominant interaction 

in soft tissue across the applicable energy range (i.e. 25 keV- 6 MeV). Since the Compton 

mass attenuation coefficient is independent of Z, tissues of different atomic compositions 

but equal density thickness have nearly identical Compton scatter attenuation, as 

demonstrated by the mass-attenuation coefficients of water and bone in Figure 12. The 

photoelectric mass attenuation coefficient, however, depends on Z3, therefore 

contributing the majority of the contrast between different tissues in x-ray images. Due 

to the inverse cubic dependence on photon energy, the relative amount of photoelectric 

interactions that occur in tissue for photons in the MV range is much less than those at 

kV energies51  (see Figure 12).  
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Although MV treatment beams utilize a high-Z target, low-Z targets are advantageous in 

MV imaging beamlines due to the increased contrast in planar and volumetric imaging 

compared to a high-Z alternative14ς24. This improvement in contrast is explained by the 

increased proportion of diagnostic energy (25 ς 150 keV)17 photons in the beam due to 

decreased photoelectric absorption within the target. Since the photoelectric mass 

attenuation coefficient depends on Z3, the diagnostic energy photons produced in the top 

of a low-Z target are more likely to exit the target before being attenuated, resulting in a 

greater yield of kV photons than a beam exiting a high-Z target25.  

  

Due to the forward-directed angular distribution of bremsstrahlung in MV photon beams, 

conventional MV treatment beamlines contain a conical flattening filter to preferentially 

attenuate more low energy photons at the center of the beam than at the periphery, 

producing a uniform intensity50,51.  For the purpose of MV imaging, uniform intensity is 

not of concern; in fact, the heavy filtration of the low energy photons is detrimental to 

the overall image quality for three key reasons:  

1. Diagnostic energy photons have a larger photoelectric interaction cross-section 

than MV photons; thus, filtering them from the beam results in decreased 

contrast. 

2. Diagnostic energy photons are detected with higher efficiency than MV photons67; 

therefore, the signal-to-noise ratio (SNR) and contrast-to-noise ratio (CNR) will be 

greater for an unflattened beam than a flattened beam given the same patient 

dose. 
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3. The flattening filter is a major source of scattered radiation contributing to the 

overall image noise and degrading spatial resolution68.  

As such, the ideal low-Z target imaging beamline should be flattening filter free to 

maximize image quality while minimizing patient dose and exposure times19. 

  

Prior to the adoption of on-board imaging systems, verification of patient setup was 

achieved by acquiring portal films using the MV treatment beam. Due to the low detection 

efficiency of MV photons, and the intrinsically low MV contrast, many efforts were made 

to enhance portal setup image quality65. In 1989 Galbraith introduced a low-Z target into 

an MV beamline as one of the earliest attempts to improve portal imaging quality15. Since 

1989, a variety of low-Z targets have been extensively investigated for improved image 

quality in MV imaging. In 1998, Ostapiak et. al. modified a 6 MV beamline on a Siemens 

MXE Mevatron unit to implement thin Be and C experimental targets positioned at the 

top of the X-HI primary collimator. Compared to the conventional 6 MV beam, Ostapiak 

et. al. demonstrated improvements in contrast by factors of up to 2 times for phantoms 

less than 15 cm thick, concluding that the low-Z imaging technique is most advantageous 

in thin imaging geometries such as head and neck. In addition to this groups experimental 

work, this study investigated the spectral characteristics of low-Z target beams for 

different target materials including Be, C and Al compared to the target in the commercial 

beamline. Compared to the low-Z targets, Ostapiak et al. observed a decrease in the 

energy fluence below 100 keV by two orders of magnitude for the commercial target. 

Among the low-Z targets, calculated spectra demonstrated the greatest fluence of 
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photons with energy less than 300 keV for the Be target. However, the effects of this 

increased fluence diminished with increasing phantom thicknesses; beyond 6 cm 

thickness Be and C targets produced images with similar contrast.  Based on these 

findings, Ostapiak et al. concluded that carbon would be preferrable to beryllium due to 

material cost as well as toxicity considerations17. A few years later, Flampouri et. al. used 

Monte Carlo to identify the optimum target for maximizing image quality on an Elekta 

SL25 unit utilizing a 4 MV beam. This computational study investigated a variety of low- 

and high-Z target materials including beryllium, graphite, aluminum, titanium, silver and 

tungsten with CSDA thicknesses, as well as varying thicknesses of aluminum to determine 

the effect of target thickness on image contrast. Flampouri et. al. observed a decrease in 

the average energy with decreasing Z, noting that these spectral changes resulted in 

increased contrast for a phantom thickness of 10 cm. This effect diminished with 

increasing phantom thickness due to beam hardening. Due to the higher Z, the authors 

found the aluminum target to be more efficient than lower Z alternatives of the same 

radiological thickness. Flampouri et. al. concluded that the target thickness had less of an 

impact on contrast than on bremsstrahlung efficiency. Since contrast improvements for 

the Be and C targets compared to aluminum were minimal, Flampouri et al. prioritized 

the gain in efficiency and selected a thin (6 mm) aluminum target for experimental 

installation. Compared to the conventional 6 MV beam, Flampouri et al. demonstrated an 

improvement in contrast for the 4 MV aluminum target beam by a factor of 5 times for 1 

cm bone in 5 cm water and 3 times for 1 cm bone in 15 cm water 21,22.  
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In 2009, Orton and Robar investigated 6 MeV electrons incident on a 1 cm aluminum 

target in the carousel of a Varian 2100 EX platform. The configuration of their 

experimental beamline on this platform placed the target 9 mm from the Be exit window 

of the primary collimator. Unlike earlier studies which utilized film/screen imaging 

detectors, this study investigated low-Z image quality using an a-Si electronic portal 

imaging device (EPID) for image formation. This work demonstrated an improvement in 

contrast of up factors ranging from 1.6 +/- 0.1 to 2.8+/- 0.2 across various materials, for 

the 6 MV low-Z target beam compared to the therapy beam. They additionally calculated 

contrast as a function of thickness at air/bone interface, noting that though the relative 

improvement decreases with increasing thickness, at 16 cm depth the low-Z target 

outperformed the therapy beam, producing images with improved contrast by a factor of 

1.7 +/- 0.1. Using Monte Carlo, they calculated spectra for 4 and 6 MeV beams incident 

on Al and Be targets for comparison with the commercial 6 MV beam. The yield of 

diagnostic energy (i.e. 25-150 keV) photons calculated from these spectra were 29% for 

the 6MV/Al beam and 40% for the 4 MV/Be, compared to only 0.3% for the 6 MV therapy 

beam. Based on Monte Carlo findings, the authors note that the low-Z contrast can be 

further improved by an additional factor a 1.3 +/- 0.2 by decreasing the incident energy 

to 4 MeV and removing the Cu conversion layer in the EPID16 . 

 

Robar et. al.  continued the investigation on the 2100EX implementing an additional lower 

energy 3.5 MV beam generated using a 0.67 cm Al target. This 3.5 MV beam was 

evaluated against a 6 MV low-Z beam and a conventional 6 MV beam to determine 
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advantages in volumetric imaging. The 3.5 MV low-Z beam was created by tuning the 

nominal 4 MV beam to produce the desired energy for photon production. This study 

demonstrated increases in the contrast-to-noise ratio by factors up to 2.4 and 4.3 for 7 

MV and 3.5 MV beams compared to 6 MV in CBCT, with similar improvements in planar 

imaging. In accordance with other previous studies, the authors reported a significant loss 

in the low-Z contrast advantage with increasing phantom diameter due to beam 

hardening. This effect was most significant for the 3.5 MV beam, with the explanation 

that this was due to the 3.5 MV low-Z beam containing the highest proportion of 

diagnostic energy photons compared to the other beams, and therefore undergoing the 

most significant beam hardening. Despite the decreased improvement factor, the authors 

noted that an advantage remained for the 3.5 MV beam at 25 cm phantom diameter, 

which displayed contrast improvements by factors of 1.5 and 3.4 for bone and lung inhale 

regions, respectively, compared to 6 MV. The authors explain that the contrast advantage 

diminishes with increasing thickness due to beam hardening, owing to the 3.5 MV beam 

containing the highest proportion of diagnostic energy photons and therefore, the most 

significant beam hardening. In addition to CNR, this study reported a slight increase in the 

spatial resolution for low-Z beams which was measured to be 0.5 lp/mm compared to 0.4 

lp/mm for 6 MV. The study concluded that the low-Z target approach is expected to be 

most beneficial for anatomical regions of smaller separation to reduce beam hardening 

effects. Based on their findings, the authors proposed investigation of lower energy 

beams to determine achieve further CNR improvements, noting that the design of the 

waveguide may impede the generation of such a beam24. Complimentary to the 
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investigation of contrast characteristics of low-Z target beams on the 2100EX, Connell and 

Robar investigated the effect of target atomic number, thickness and incident electron 

energy on the spatial resolution compared to the 6 MV beam. This study involved the 

experimental implementation of beryllium, aluminum and tungsten targets with 

thicknesses corresponding to 20, 60 and 100% CSDA range in each material for both 4.5 

and 7.0 MeV incident electron energies. Using Monte Carlo, this group simulated 

additional thicknesses (10-100%) to determine the effect of target thickness on the 

achievable spatial resolution. They reported a decrease in f50 of the 4.5 MeV/W by 10.4% 

compared to 6 MV. They expanded their study to include an investigation of a more 

clinically realistic target placed in the target arm, to decrease focal spot blurring which 

occurs due to the electron beam traveling through air before impinging on the target. 

Doing so resulted in increases in f50 by 14.5% and 21.5% for the 7 and 4.5 MeV beams 

with the target placed in the target arm compared to the external target setup. Of all the 

parameters investigated, the authors found that the positioning of the target within the 

vacuum system produced the largest improvement in spatial resolution compared to 

target parameters and incident energy. Connell and Robar suggested that target material 

should be chosen based on contrast advantages, which favor lower Z materials, rather 

than spatial resolution considerations, because all target parameter combinations 

produced comparable spatial resolution to 6 MV25.  

 

Unlike previous studies which utilized a graphite target, Sawkey et. al. investigated the 

use of a higher density, sintered diamond target for its dual use with 4 and 6 MV beams. 
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Their rationale was that the higher density of the sintered diamond would introduce the 

possibility of using the same target for both beams while maintaining low electron 

transmission. This study compared the image quality of 4 and 6 MV beams generated 

using the sintered diamond target to a 4 MV graphite target beam. For low contrast 

materials, such as trabecular bone and soft tissues, the acquired images demonstrated 

similar CNR among all three beams. In comparing the two beams generated with the 

sintered diamond target, Sawkey et al found that the lower energy 4 MV beam produced 

better CNR than 6 MV. Specifically, Sawkey et al. reported a 25% increase in the CNR of 

dense bone and lung for the 4 MV beam compared to 6 MV at doses less than 10 cGy. The 

CNR of dense bone and lung favored the 4 MV graphite target beam over the diamond 

target beam across the range of doses. However, the three beams produced similar CNR 

for soft tissue and trabecular bone.  Despite the slight differences in the population of 

diagnostic energy photons among the 4 MV diamond and graphite target beams, the 

authors conclude that the diamond target provides similar image quality to graphite18. 

 

Expanding on previous work on the 2100EX, Parsons and Robar examined 2.35 and 1.9 

MeV electrons incident on thick aluminum and carbon targets; concluding that the 

experimental photon spectra contained approximately 50% of diagnostic energy photons, 

compared to only 0.3% 16  for the clinical 6 MV beam. Percent depth dose measurements 

for 2.35 MV low-Z beams demonstrated a shift in the depth of maximum dose, dmax, by 

0.2 cm towards the surface for the carbon target beam compared to aluminum, indicating 

the creation of a softer photon spectrum. This increase in low energy photons resulted in 
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an increased CNR ranging from factors of 6.2 to 7.4 for cortical bone and from 3.7 to 4.3 

for a thin and a thick phantom, respectively, compared to the 6 MV therapy beam for 

both experimental target beams23. While this group anticipated the greatest CNR 

improvements for the lowest energy and atomic number target combination, they 

observed no measurable difference with reducing the energy from 2.35 MV to 1.90 MV 

or between target materials. Based on their findings, Parsons and Robar suggest the use 

of a 2.35 MV carbon target beam for further low-Z target investigation23.  

 

 Lƴ нлмоΣ ±ŀǊƛŀƴ ǇǊƻǇƻǎŜŘ ŀ нΦр a± Ψƭƻǿ-·Ω ƛƳŀƎƛƴƎ ƳƻŘŜ ŦƻǊ ǘƘŜ ¢ǊǳŜ.ŜŀƳ нΦл ǇƭŀǘŦƻǊƳ 

as a commercial solution to improve MV image quality. Before the release of the new 

platform, Parsons et al. evaluated the proposed low-X imaging beam against two 2.35 MV 

carbon target beams on the TrueBeam and Clinac platforms using Monte Carlo 

simulations in VirtuaLinac69 (Varian Medical Systems) and BEAMnrc (National Research 

Council of Canada)70. Compared to the 2.35 MV carbon target beam on the Clinac 

platform, Parsons et al. observed a decrease in the relative fraction of diagnostic energy 

photons by 10% and 28% for the 2.35 MV carbon target and 2.5 MV low-X beams, 

respectively, on the TrueBeam. The harder photon energy spectra decreased contrast by 

factors of 1.1 and 1.4 (thin phantom) and 1.03 and 1.4 (thick phantom), for the 2.35 MV 

carbon target and low-X beams, respectively, compared to the 2.35 MV carbon target 

Clinac beam14. Despite the advances made to the portal imaging system, these recent 

findings suggest that the current MV image contrast could be further improved; 

motivating experimental implementation of low-Z targets for the TrueBeam platform.  
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Review of these low-Z target studies points to low energy electron beams and low-Z 

materials being preferable in the production of optimal beams for MV imaging. While an 

imaging specific beam has been commercialized to improve the achievable image quality 

compared to available treatment beams, Parsons and Robar demonstrated that this beam 

could be further improved by replacing the copper target with a low-Z (i.e. Z<13) 

alternative23. While carbon has been extensively studied and proposed as the ideal 

material, Sawkey et al. demonstrated similar contrast characteristics between beams 

generated with carbon or denser sintered diamond targets. Due to the higher density, 

sintered diamond offers the advantage of a more compact target which may provide 

decreased focal spot blur over a thicker carbon substitute18.  

 

2.8  Radiation dosimetry 

Radiation dosimetry involves the quantification of ionizing radiation at a point in terms of 

absolute dose or related quantities using a radiation-sensitive device known as a 

dosimeter. Dosimetry is applicable in both imaging and radiotherapy settings. In imaging, 

dose is managed to provide the necessary image quality for identifying pathology while 

following the principle of ALARA (i.e. as low as reasonably achievable) to reduce 

radiotoxicity. In radiotherapy treatment, dosimetry is used for acquiring data used in 

commissioning treatment planning systems and maintaining machine calibrations, for 

example, as well as a variety of clinical scenarios to verify dose delivery.  
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In acquiring dosimetric measurements, the dosimeter is placed at the point of interest, 

causing a displacement of the surrounding medium in which dose is being measured. Due 

to the finite size of the detector and the resultant displacement from its insertion at the 

point of measurement, the dosimeter serves as a surrogate for the medium in which the 

desired dose is being measured; necessitating means for relating dose in the dosimeter 

to that in the medium of interest50. The fundamental quantities of radiation dosimetry, 

the basic properties of dosimeters, and the theoretical basis for calculating dose using 

dosimeters are discussed in detail in the following sections. 

 

2.8.1  Fundamental dosimetric principles 

Ionizing radiation interacts with the medium through which it passes, transferring energy 

to the constituent atoms or molecules. The energy transferred to the medium can be 

transported away from the interaction site via secondary particles or absorbed locally58. 

The local absorption of energy represents the deposition of radiation dose, where dose is 

the mean energy imparted within a volume, V, with mass, m, and is expressed in units of 

Gray (Gy) where 1 Gy = 1 J/kg 50. Ionizing radiation can be either directly or indirectly 

ionizing, classified based on the mechanisms by which it deposits energy to its 

surroundings. Indirectly ionizing radiation refers to uncharged particles such as photons 

and neutrons, whereas directly ionizing radiation refers to charged particles (i.e. 

electrons, protons, heavy ions)71. This lack or presence of charge influences the behavior 

and frequency of interactions the particle will experience as it traverses through matter. 

Electrons, possessing a negative charge, have a high affinity to the Coulomb fields in the 



 65 

surrounding medium, and therefore undergo many small electrostatic interactions as 

they traverse matter. Electrically neutral photons are less susceptible to the Coulomb 

forces of atoms in the surrounding medium and interact less frequently with sizeable 

distances between interaction sites72. Photons interact via photoelectric absorption, 

Compton scatter or pair production, as described in detail in section 2.4. Each of these 

interactions results in the partial or total transfer of the photons kinetic energy to a 

secondary electron generated in the interaction. This secondary electron is responsible 

for the majority of the energy transferred to the medium, via numerous soft and hard 

collisions until it loses all its kinetic energy and comes to a stop53. The amount of energy 

transferred to charged particles and subsequently absorbed by a medium is proportional 

to the number of photons which traverse the medium, as characterized by the fluence, 

F. Likewise, the energy of the incident particles is also influential to the amount of energy 

transferred and absorbed. The energy fluence, Y, describes the amount of energy which 

passes through an area58.  

 

Charged particles interact via a series of collisional interactions, where the type of 

interaction is characterized by the size of the impact parameter, b, relative to the atomic 

radius, a, of the constituent atoms of the medium. The impact parameter describes the 

distance between the electrƻƴΩǎ ǘǊŀƧŜŎǘƻǊȅ ŀƴŘ ǘƘŜ ŀǘƻƳƛŎ ƴǳŎƭŜǳǎΦ ²ƘŜƴ ǘƘŜ ƛƳǇŀŎǘ 

parameter is much larger than the atomic radius (i.e. b>>a), the electron undergoes a 

ΨǎƻŦǘΩ ŎƻƭƭƛǎƛƻƴΦ ! ǎƻŦǘ Ŏƻƭƭƛǎƛƻƴ ƛǎ ŀƴ ŜƭŜŎǘǊƻǎǘŀǘƛŎ ƛƴǘŜǊŀŎǘƛƻƴ ōŜǘǿŜŜƴ ǘƘŜ charged particle 

and the atom as a whole, causing excitations and sometimes ionizations. In this process, 
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the charged particle transfers a small amount of energy on the order of a few eV to the 

atom. Soft collisions are the most probable charged particle interaction; while the net 

energy transferred in a single interaction is small, soft collisions account for 

approximately half of the energy transferred to the medium. Hard collisions occur when 

the impact parameter is comparable to the atomic radius (i.e. b~a). In this case, the 

incident charged particle interacts with a single atomic electron, resulting in the 

production of a delta ray (i.e. the electron is ejected from the atom). Though hard 

collisions occur less frequently than soft collisions, charged particles transfer an 

appreciable amount of energy per interaction, contributing the same amount of dose to 

the medium as soft collisions53.  

 

Photons impart energy to their surroundings in two distinct steps (i.e. indirectly), where 

energy is first transferred to secondary charged particles as kinetic energy via 

photoelectric, Compton or pair production, and the charged particles impart energy to 

the medium via soft and hard collisions50. This energy transferred to charged particles via 

photon interactions is termed KERMA (kinetic energy released per unit mass). The 

transferred KERMA can be expended by charged particles in two ways, via collisional and 

radiative interactions. KERMA can therefore be expressed in terms of radiative and 

collisional contributions depending on how the energy is expended53. Collisional 

interactions produce ionizations and excitations in the surrounding medium, resulting in 

the local absorption of energy, whereas radiative interactions result in the production of 

secondary uncharged particles which are transported out of the volume. The energy 
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imparted to a volume represents the net energy entering said volume minus the energy 

which leaves the volume, considering mass-energy conversions. In the case of charged 

particle equilibrium, which exists when an equal number of charged particles are entering 

a volume as are leaving, absorbed dose is equal to the collision KERMA53. 

 

While the mass attenuation coefficient describes the probability of interaction for a given 

photon energy in a particular medium, the mass energy transfer coefficient, mtr/r, 

describes the fraction of energy transferred to secondary charged particles resulting from 

a given interaction51. KERMA is equal to the product of the energy fluence and the mass 

energy transfer coefficient, as demonstrated in Equation 6. While this equation is specific 

to a monoenergetic beam, the principle is the same for a polyenergetic beam, whereby 

the differential distribution of energies Y Ωό9ύ ƛǎ ƛƴǘŜƎǊŀǘŜŘ ƻǾŜǊ ǘƘŜ ǊŀƴƎŜ ƻŦ ŜƴŜǊƎƛŜǎ 

contained in the spectrum. 

ὑ ɰ Ͻ 
ȟ

             (6) 

Secondary charged particles are responsible for the majority of the dose delivered by 

photons; however, they do not necessarily impart all of their energy locally, due to 

radiative losses such as bremsstrahlung or in-flight annihilation. The fraction of energy 

transferred to secondary charged particles which is locally absorbed is characterized by 

the mass energy absorption coefficient, men/r.51 The collision KERMA can be calculated as 

the product of the energy fluence and the mass energy absorption coefficient, as shown 

in Equation 7. The collision KERMA for a polyenergetic beam can be calculated as 

previously described for the total KERMA, by integration 53. 
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ὑ ɰ Ͻ 
ȟ

             (7) 

Stopping power describes the expenditure of energy by charged particles per unit 

pathlength, expressed in MeV/cm. The related quantity, mass stopping power, can be 

calculated by dividing the stopping power by the density of the medium, producing units 

of MeV cm2/g. Stopping power can be subdivided to specify the mechanism of energy loss 

by the particle, into collision stopping power and radiative stopping power components53. 

The mass collision stopping power is an important dosimetric quantity, as it describes the 

amount of energy spent by charged particles in collision interactions which are 

responsible for the majority of the dose deposited by photons. 

 

2.8.2  Basic cavity theory 

As mentioned in the previous section, the displacement of the medium resulting from the 

insertion of a dosimeter necessitates the means of relating the dose measured within the 

ŘŜǘŜŎǘƻǊΩǎ ŀŎǘƛǾŜ ǾƻƭǳƳŜ ǘƻ ǘƘŀǘ ƛƴ ǘƘŜ ǎǳǊǊƻǳƴŘƛƴƎ ƳŜŘƛǳƳ ƛƴ ǿƘƛŎƘ ŘƻǎŜ ƛǎ ōŜƛng 

measured50. This issue is addressed via cavity theory, which is employed to determine 

dose at the point of interest in the absence of the dosimeter53. Typically, dose 

measurements are made using an ion chamber which contains a cavity of air or tissue-

equivalent material. Within the cavity is a central electrode which collects the charges 

liberated by ionizations within the cavity medium. This current is transmitted from the 

central electrode to an electrometer for readout.  
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Several cavity theories have been developed to address dose measurement for different 

cavity sizes, where the size is defined relative to the ranges of secondary charged particles 

compared to the dimensions of the cavity53. Bragg-Gray cavity theory was the first theory 

developed, which applies specifically to small cavities (i.e. the range of secondary 

electrons is large compared to the size of the chamber). The two conditions under which 

Bragg-Gray cavity theory applies are: 

1. The cavity must be small compared to the range of incident charged particles to 

avoid perturbation of the fluence of charged particles in the medium. 

2. The absorbed dose in the cavity is contributed exclusively by the charged particles 

which are crossing it. 

The first condition can only be true under CPE or transient charged particle equilibrium 

(TCPE), and the second assumes that all electrons which contribute to the ionization of 

the gas originate outside the cavity and completely cross the cavity50. Given these two 

conditions are satisfied, dose to the medium can be calculated using the ratio of 

unrestricted stopping powers to relate dose to the cavity to that in the medium. This 

relationship is demonstrated in Equation 8 below, where Dmed is the dose to the medium, 

Dcav is the dose measured in the cavity and 
Ӷ

ȟ
 is the ratio of stopping power in 

the corresponding media50. 

    Ὀ Ὀ
Ӷ

ȟ
             (8) 

Where Bragg-Gray cavity theory does not account for secondary charged particles created 

within the cavity, Spencer-Attix cavity theory was developed to address these 
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contributions. Spencer-Attix requires the same conditions as Bragg-Gray, which under 

Spencer-Attix cavity theory both apply to the secondary particle fluence as well as the 

primary fluence. To account for the secondary particle fluence, Spencer-Attix theory 

makes use of the restricted stopping power instead of the unrestricted stopping power 

used in Bragg-Gray. The restricted stopping power is smaller than the unrestricted 

stopping power due to the consideration of an energy cutoff which accounts for delta rays 

which escape the cavity (i.e. do not deposit their energy locally)53. 

 

2.8.3  Properties of dosimeters 

While there are many types of commercial dosimeters available for use, the physical 

characteristics of these devices vary widely and must be carefully considered in 

determining suitability for any given measurement. The six major properties of a 

dosimeter to consider in selecting a measurement device are: 50  

1. accuracy and precision 

2.  linearity 

3. dose rate dependence 

4. energy response 

5. directional dependence 

6. spatial resolution  

The accuracy and precision of a dosimeter refer to the uncertainty attached to a 

measurement obtained with the device. A device with high precision produces small 

deviations between measurements and high accuracy ensures measured values are close 
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approximations of the true value50. Linearity describes the proportionality of the 

measurement quantity to the dosimetric quantity of interest. An ideal detector would 

provide a linear response across a continuum; however typical dosimeters only display 

linearity over a defined range of dose. The dose rate dependence of a radiation detector 

describes the response of an integrating system as a function of the rate of the quantity 

ōŜƛƴƎ ƳŜŀǎǳǊŜŘΦ Lǘ ƛǎ ŘŜǎƛǊŀōƭŜ ǘƘŀǘ ǘƘŜ ŘŜǘŜŎǘƻǊΩǎ ǊŜǎǇƻƴǎŜ ƛǎ ŘƻǎŜ ǊŀǘŜ ƛƴŘependent such 

that the ratio of the measured value, M, to the true quantity, Q, is constant. Energy 

ŘŜǇŜƴŘŜƴŎŜ ŘŜŦƛƴŜǎ ǘƘŜ ǾŀǊƛŀǘƛƻƴ ƻŦ ǘƘŜ ŘŜǘŜŎǘƻǊΩǎ ǊŜǎǇƻƴǎŜ ǘƻ ŘƛŦŦŜǊŜƴǘ ƛƴŎƛŘŜƴǘ ōŜŀƳ 

energies. The energy dependence is especially important for absolute dose 

measurements since detectors are calibrated to a standard beam quality and used 

clinically to calculate dose for different qualities50. While there are numerous different 

dosimeters utilized in radiotherapy, the following section focuses on the operation of the 

dosimeters used in this thesis, including film, ion chambers, and scintillation detectors. 

 

Film contains photosensitive emulsion which darkens as a result of ionizations produced 

by radiation interactions. This darkening changes the optical density of the film, which is 

a measure of the light transmission through the film. The optical density is a function of 

the dose deposited in the photosensitive emulsion. Typically, film demonstrates linearity 

over a range of doses which can be determined by creating a sensitometric curve, 

capturing the change in optical density across a range of known doses. The latitude of film 

describes the range of dose for which the sensitometric curve demonstrates a linear 

relationship with dose. The latitude should be considered for the given exposure 
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conditions to provide contrast across all optical densities50. Historically, radiographic film 

was used for dosimetry purposes, requiring processing to develop and fix the latent 

image. Radiochromic film is a newer alternative to radiographic film which is self-

developing, eliminating the need for darkroom processing. This film contains a 

photosensitive dye which polymerizes as a result of radiation exposure. Like radiographic 

film, the polymerization which occurs in radiochromic film changes the optical density of 

the film as a function of dose. Both radiographic and radiochromic film can be analyzed 

using a densitometer to measure the spatial distribution of optical densities. This density 

map can be converted to dose using the sensitometric curve to relate optical density to 

dose. With proper calibration, radiochromic film provides better than 3% uncertainty in 

dose calculations50. 

 

Scintillation detectors are made of photosensitive material which produce visible light as 

a result of photoelectric interactions within the material. The scintillator is coupled to an 

optical fiber which transmits the light to the readout electronics. The optical fiber outputs 

to a photmultiplier tube which converts the visible light signal to electrical output. 

Contained in the photomultiplier tube is a series of dynodes which act to amplify the 

signal. The amplified signal is collected by the anode and transmitted to the electrode for 

scoring58. The electron fluence emerging from the photosensitive layer is proportional to 

the amount of energy absorbed by the scintillator, and thus the size of the electrical signal 

collected by the electrode is proportional to the energy of the photon which was 

absorbed by the scintillator. As such, scintillation detectors are capable of distinguishing 
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between photons of different energy58. Commonly, the scintillator used in such detectors 

are made of plastic which match the radiological characteristics of water within ±2% for 

clinical beam energies. Plastic scintillator detectors are roughly energy independent and 

can be made small (i.e. diameter in the mm range) to provide high special resolution50. 

Ion chambers come in a variety of shapes and sizes, but regardless of design, ion chambers 

commonly possess a gas or liquid filled cavity surrounded by an outer conductive wall. 

Within the cavity is a central electrode which acts to collect and transmit the measured 

signal50. Secondary electrons entering the cavity produce ionizations within the material 

occupying the cavity, liberating charges that are collected by the central electrode. The 

amount of charge collected is proportional to the amount of energy absorbed. The 

current produced within the central electrode is proportional to the dose deposited, 

which is readout by an electrometer53. 

 

2.9  Stereotactic radiosurgery/radiotherapy and radiological penumbra 

Although minimized through collimation, dose deposition outside of the treatment 

volume is unavoidable, due to the entry and exit paths of the beam and the penumbra. 

The beam penumbra can be defined as the distance between the 80% and 20% or 90% 

and 10% isodose in a lateral beam profile at a specified depth in water50.  One factor 

contributing to the overall beam penumbra is the radiological penumbra, caused by the 

lateral scatter of primary and secondary particles58. Due to the loss of lateral charged 

particle equilibrium at the field edges, more electrons are scattered outside the field than 

are scattered inside, as demonstrated in Figure 14.  
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Figure 14. Illustration of the loss of lateral charged particle equilibrium in small fields resulting in increased dose outside 
of the geometric field and decreased dose at the field boundary. 

 
The lack of CPE results in decreased dose deposited within the field at the boundary, and 

consequently increased dose deposited outside the geometric field73.  For standard 

radiotherapy field sizes, it has been shown that increasing the photon energy from 

orthovoltage to megavoltage reduces the radiological penumbra due to increased 

forward scatter58. However, for small fields used in stereotactic treatments, the main 

contribution to the dose deposited is due to the secondary electrons generated by the 

primary beam. Therefore, by reducing the energy of the primary photons, the range of 

the secondary electrons is also reduced, resulting in less lateral scatter and sharper 

radiological penumbra29,32,73. This concept has been experimentally validated using a 1 

MV treatment beam, in which Keller et al. reported a fourfold reduction in radiological 

penumbra of a single 5 x 5 mm2 field, when compared to the clinical 6 MV beam. Keller 
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et al. expanded their work to examine a complex 18 beam treatment, concluding that the 

reduced radiological penumbra resulted in superior dose distributions compared to 6 MV 

in terms of dose fall-off, homogeneity, and conformality29.  

 

The introduction of the 2.5 MV beam on the TrueBeam platform sparked the interest of 

several groups on the application of this beam in radiotherapy treatment. While this 

beam was commercialized with the intention of imaging, the dosimetric characteristics of 

the 2.5 MV beam motivated the investigation of its use in stereotactic treatment. Using 

Monte Carlo, Ding and Homann35 compared dose distributions for identical stereotactic 

plans delivered with different beam qualities, including 2.5 MV, 6 MV, 6 MV FFF, 10 MV 

and 10 MV FFF. Due to the reduced range of secondary electrons generated by the 2.5 

MV beam, this group demonstrated sharper dose fall-off in a thalatomy case, noting a 

reduction in the dose to the brainstem by 37% compared to the clinical 6 MV beam35. 

Khaledi et al. investigated the use of the 2.5 MV beam in both standard and stereotactic 

treatments. Compared to the clinical 6 MV beam, this group observed reduced OAR dose 

while providing adequate PTV coverage with the 2.5 MV beam36. Following the same 

motive, the recently commercialized Zap-X platform utilizes a 3 MV beam for intracranial 

SRS. This novel treatment platform is self-shielded and gyroscopic, enabling isocentric 

intracranial treatment across a 2p steradian solid angle74.  The Zap-X platform utilizes a 

rotating collimator system equipped with circular collimators forming field sizes of 4, 5, 

7.5, 10.0, 12.5, 15, 20, and 25 mm diameter. Zap-X operates at 1500 MU/min, 

corresponding to 1500 cGy/min at dmax for the largest (i.e. 25 mm) field size75.  The 
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reduced energy combined with the shortened source to axis distance of 45 cm of the Zap-

X platform provides improved dose fall-off compared to a conventional 6 MV beam. With 

similar beam quality to Co-6076, the 3 MV beam demonstrates reduced radiological 

penumbra compared to 6 MV without the recurring cost of replacing a Co-60 source. 

Contrary to the convention that 6 MV is the ideal radiotherapy treatment energy31,  lower 

energy photons may be advantageous in SRS applications due to the reduced penumbra 

and therefore improved sparing of adjacent healthy tissues. 

  

2.10  Monte Carlo methods 

2.10.1  Definition 

The Monte Carlo method describes a computational process for modeling probabilistic 

outcomes of stochastic events using random number sampling of probability distribution 

functions77ς79. In the context of radiation therapy, Monte Carlo is used to simulate 

radiation transport through media, enabling the calculation of macroscopic dosimetric 

quantities resulting from millions of microscopic interactions78. The Monte Carlo 

framework provides a probabilistic approach to solving numerical integrals which would 

be impossible to solve with analytical means. The stochastic nature of particle interactions 

complicates the analytical calculation of particle transport outcomes for three main 

reasons: 

1. The interaction type and outcome of each interaction event is stochastic. 

2. Interactions can generate secondary particles, creating more particles to 

model/track. 
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3. Each particle can interact numerous times while traversing a medium. 

While the underlying particle physics is well understood, the immensity of the problem 

makes analytical solutions computationally expensive for outcomes of particle transport 

in radiation therapy applications77. Instead, the Monte Carlo method uses random 

numbers to sample the probability density functions which characterize the likelihood of 

particle interactions in a given material. This powerful tool allows the simulation of 

random particle trajectories, or histories, to determine macroscopic outcomes from a 

cumulation of many particles such as: average distance traveled before interacting in a 

given medium, the relative occurrence of a given interaction type, dose to a medium for 

a given beam of particles, etc77.  

 

The framework for simulating radiation transport using the MC method includes80: 

1. A random number generator 

2. Accurate geometric definition of transport medium 

3. Physics input (interaction cross-sections as function of energy and medium) 

4. Means of tracking/accumulating results  

A random number generator is used to produce the sampling points at which the 

probability density functions are queried, representing the stochastic nature of particle 

interactions. The transport medium must be defined spatially and in terms of material 

composition, specifically the atomic composition of the material as well as it's physical 

density. The geometric information is required for sampling distance to interaction points, 

whereas the material composition is used to determine the outcome of any given particle 
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interaction as dictated by the cross section. Since particle trajectories through the 

geometry are calculated individually, data logging throughout the simulation is essential 

to produce cumulative results at the end of the simulation80.  

With these tools, the generic process for MC modelling of radiation transport can be 

summarized in four steps81: 

1. Sample random distance to the next interaction site in the current medium from 

the probability distribution function 

2. Transport particle to interaction site (considering geometric boundaries) 

3. Sample interaction cross sections to determine interaction type corresponding to 

most probable event 

4. Sample energies and angles of scattered particles to determine next step (if 

particle is absorbed, repeat 1-4 with next history, if not, repeat 1-4 to simulate 

trajectories of scattered particles) 

This process is repeated for as many histories as defined by the user. Due to the 

probabilistic nature, results from Monte Carlo calculations represent an approximation of 

the true value, averaged over the number of histories, including the associated variance. 

According to the central limit theorem, as the sample size increases (i.e. the number of 

particles), the distribution of the sample mean approaches a normal distribution79,81. 

Applying this theorem in Monte Carlo methods indicates that increasing the number of 

simulated particles (i.e. the sample size) decreases the variance, and thus the calculated 

outcome more accurately represents the true value80,81. While it is possible to improve 

accuracy by increasing the number of histories, the statistical uncertainty decreases with 
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the square root of the sample size81ς83.  Since calculation time increases proportionally 

with the number of simulated histories81ς83, increasing the number of histories to achieve 

the desired uncertainty may not be realistic. To avoid impractically long simulation times, 

variance reduction techniques (VRTs) may be employed to improve statistical 

uncertainties without introducing systematic error or increasing the calculation time77,80. 

VRTs improve the efficiency of a simulation, as described by Equation 9 below, where s2 

represents the variance and T represents the time.  

       ‭
 

              (9) 

Examples of common VRTs include Russian roulette, bremsstrahlung splitting, and range 

rejection. In Russian roulette, a survival probability defines a threshold which determines 

the fate of a given particle type (i.e. photon or charged particle)81,83. When such a particle 

is created, it is assigned a random number between 0 and 183. If the assigned number lies 

above the threshold probability, the history is terminated without scoring; otherwise, it 

ǎǳǊǾƛǾŜǎ ŀƴŘ ǘƘŜ ǇŀǊǘƛŎƭŜΩǎ ǎǘŀǘƛǎǘƛŎŀƭ ǿŜƛƎƘǘ ƛǎ ŘƛǾƛŘŜŘ ōȅ ǘƘŜ ǎǳǊǾƛǾŀƭ ǇǊƻōŀōƛƭƛǘȅ ǘƻ ŀǾƻƛŘ 

introducing bias81,83Φ Lƴ ōǊŜƳǎǎǘǊŀƘƭǳƴƎ ǎǇƭƛǘǘƛƴƎΣ ŜŀŎƘ ōǊŜƳǎǎǘǊŀƘƭǳƴƎ ǇƘƻǘƻƴ ƛǎ ΨǎǇƭƛǘΩ 

into several independent photons, as defined by the user input splitting number, Nsplit. 

The statistiŎŀƭ ǿŜƛƎƘǘ ƻŦ ŜŀŎƘ ǎǇƭƛǘ ǇƘƻǘƻƴ ƛǎ Ŝǉǳŀƭ ǘƻ ǘƘŜ ƛƴŎƛŘŜƴǘ ŜƭŜŎǘǊƻƴΩǎ ǿŜƛƎƘǘ 

divided by Nsplit to preserve the total weight83. Range rejection is a VRT that only applies 

to charged particles due to their definitive range in any given media (i.e. CSDA range). 

When implementing range rejection, the maximum range of a given particle in the 

material being traversed is compared to the shortest distance to the region boundary83,84. 

LŦ ǘƘŜ ǇŀǊǘƛŎƭŜΩǎ ƳŀȄƛƳǳƳ ǊŀƴƎŜ ƛǎ ǎƳŀƭƭŜǊ ǘƘŀƴ ǘƘŜ ŘƛǎǘŀƴŎŜ ǘƻ ǘƘŜ ōƻǳƴŘŀǊȅ ǘƘŜn the 
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history is terminated and scored in the current region. While Russian roulette and 

bremsstrahlung splitting are true VRTs, range rejection introduces approximations 

because it does not account for possible bremsstrahlung photons which could have been 

generated along the electrons path83,84. 

 

2.10.2  VirtuaLinac 

Several standalone Monte Carlo packages are available for modeling radiation transport, 

including VirtuaLinac85 (Varian Medical Systems) and EGSnrc (National Research Council 

of Canada) used in this work. VirtuaLinac is a cloud-based software available (with 

permissions from Varian Medical Systems) via a secure shell connection to a private 

Amazon Machine Image launched through Amazon Web Services. VirtuaLinac contains a 

verified geometric model of the field-independent portion of two commercially available 

models of Varian linear accelerators, including the Clinac and TrueBeam units. The field-

independent portion of the beamline describes the components upstream from the 

beam-shaping collimators (hence, field independent), from the bremsstrahlung target to 

a plane above the rectangular jaws. This cloud-based setup allows the maintenance of 

proprietary design specifications while allowing accurate simulation of beam production 

ƻƴ ±ŀǊƛŀƴΩǎ ŎƻƳƳŜǊŎƛŀƭ ǇƭŀǘŦƻǊƳǎΦ ¢ƘŜ ǳǎŜǊ ŘŜŦƛƴŜǎ ǎƛƳǳƭŀǘƛƻƴ ǇŀǊŀƳŜǘŜǊǎ ƛƴŎƭǳŘƛƴg 

incident particle, energy, spot size, custom target specification, etc. The output from 

VirtuaLinac is an IAEA phase space positioned above the jaws, 73.3 cm from isocenter. 

While the field-independent geometry is exclusive, the geometry of the field-dependent 

components of the beamline are available through MyVarian69. Phase space data 
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obtained through VirtuaLinac simulations can then be propagated through a subsequent 

model of the remaining treatment head components and dosimetry media using other 

Monte Carlo software, such as EGSnrc (National Research Council of Canada) to specify 

unique transport geometries. This workflow is demonstrated in Figure 15. 

 

 

Figure 15. Illustration of Monte Carlo modeling workflow using VirtuaLinac and BEAMnrc. 
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2.10.3  EGSnrc 

 EGSnrc is an open-source software for Monte Carlo modeling of radiation transport 

developed at the Stanford Linear Accelerator Center and maintained by the National 

Research Council Canada. This software is composed of source files and utilities for 

constructing geometries, modeling particle transport, scoring outcomes, and analyzing 

results. In these applications, EGSnrc is capable of simulating particles with energies 

ranging from a 1 keV to 100 GeV86. The subroutines contained in the EGSnrc package 

define the methods for sampling probability distribution functions which determine 

probabilistic trajectories and outcomes resulting from radiation interactions which occur 

as a result of radiation transport through the corresponding geometries. EGS stands for 

electron gamma shower, alluding to the transport of radiation. The implementation of 

EGSnrc requires user construction of user code, which may be facilitated by graphical user 

interfaces. The user code consists of a main program, a scoring routine (referred to as 

AUSGAB in EGSnrc), and two subroutines defining the geometrical information (HOWFAR 

and HOWNEAR)86. Due to the large number of interactions by which electrons interact 

with media, EGSnrc implements a condensed history technique87, which groups several 

interactions into a single step to improve efficiency. Energy cutoff variables, ECUT and 

PCUT, define the finite electron and photon energies in which the simulation stops 

tracking particles. In addition to ECUT and PCUT variables, particle transport is also 

managed by the PEGS4 material data set which contains the cross section information for 

particle interactions88.  
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The EGSnrc user codes that apply to this work include BEAMnrc and DOSXYZnrc. BEAMnrc 

is an environment which allows simulation of treatment head configurations using a 

variety of independent component modules70. The results from a BEAMnrc simulation are 

compiled into a file called a phase space. Phase space data is recorded for each particle 

which crosses the scoring plane, as defined by the user. The particle energy, position, 

direction, weight, and site of last interaction is recorded for each particle in the resultant 

phase space70. Phase space data can be used as input to subsequent simulations for dose 

calculation using the user code, DOSXYZnrc. The dose is calculated in a user defined 

voxelized phantom, which allows specification of the density and material in each voxel89. 

Phantoms can be constructed to mimic dosimetric setups, such as a water tank or 

detector, or to replicate anatomy using the user code ctcreate to transform CT data into 

a voxelized anatomical phantom. A diagram illustrating the workflow in EGSnrc is 

provided in Figure 16. 
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Figure 16. Diagram of EGSnrc Monte Carlo workflow illustrating the  simulation of particle transport through the  
treatment head in BEAMnrc and subsequent dose calculation in a voxelized phantom in DOSXYZnrc (adapted from 
BEAMnrc manual90). 

 

 

 

 



 85 

Chapter 3:  Investigation of planar image quality for a novel 2.5 MV diamond 

target beam from a radiotherapy linear accelerator 

 

3.1  Prologue 

This manuscript describes the modification of a commercial 2.5 MV radiotherapy 

beamline to implement a novel sintered diamond target for improved image quality. Two 

beamlines were constructed including a preliminary external target setup following from 

previous work by Parsons et. al., and a clinically realistic setup with the target placed in 

the target arm. Image quality was assessed in comparison to the commercial 2.5 and 6 

MV beams in terms of the spatial resolution and contrast-to-noise ratio. This work 

highlights the need for improved MV image guidance with respect to the auxiliary kV 

system, and presents a cost effective, simple solution. 

 

This manuscript was published in the ESTRO highlights special issue of Physics and Imaging 

in Radiation Oncology: 

Borsavage, J.M., Cherpak, A., Robar, J.L., Investigation of planar image quality for a novel 

2.5 MV diamond target beam from a radiotherapy linear accelerator. Physics and Imaging 

in Radiation Oncology, vol. 16, pp. 103-108, 2020.  

Minor additions were made to the methodology section of the approved version of this 

manuscript to provide more details regarding mode up and operation of the low-Z target, 

and to clarify the composition of materials used in CNR versus dose evaluation. Section 

3.8 was added to the manuscript text to provide supplemental figures. 
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3.2  Abstract 

Purpose: A commercial 2.5 a± ōŜŀƳ Ƙŀǎ ōŜŜƴ ŎƭƛƴƛŎŀƭƭȅ ŀǾŀƛƭŀōƭŜ ŦƻǊ ōŜŀƳΩǎ-eye-view 

imaging in radiotherapy, offering improved contrast-to-noise ratio (CNR) compared to 

therapeutic beams, due to the softer spectrum. Previous research suggested that imaging 

performance could be improved using a low-Z diamond target to reduce the self-

absorption of diagnostic energy photons. The aim of this study was to 1) investigate the 

feasibility of two 2.5 MV diamond target beamline configurations and 2) characterize the 

dosimetry and planar image quality of these novel low-Z beams. 

 

Material and methods: The commercial 2.5 MV beam was modified by replacing the 

copper target with sintered diamond. Two beamlines were investigated: a carousel-

ƳƻǳƴǘŜŘ ŘƛŀƳƻƴŘ ǘŀǊƎŜǘ ōŜŀƳƭƛƴŜ ŀƴŘ ŀ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ ōŜŀƳƭƛƴŜΣ ǿƛǘƘ ǘƘŜ ŘƛŀƳƻƴŘ 

target in the target arm. Planar image quality was assessed in terms of spatial resolution 

and CNR. 

 

Results: Due to image artifacts, image quality could not be assessed for the carousel-

mounted low-½ ǘŀǊƎŜǘ ōŜŀƳΦ ¢ƘŜ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ нΦр MV low-Z beam quality was softer by 

2.7% compared to the commercial imaging beam, resulting in improved CNR by factors of 

up to 1.3 and 1.7 in thin and thick phantoms, respectively. In regard to spatial resolution, 

ǘƘŜ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ нΦр MV low-Z beam slightly outperformed the commercial imaging 

beam. 
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Conclusion: With a simple modification to the 2.5 MV commercial beamline, we produced 

an improved energy spectrum for imaging. This 2.5 MV diamond target beam proved to 

be an advantageous alternative to the commercial target configuration, offering both 

superior resolution and CNR. 

 

3.3  Introduction 

High atomic number (Z) targets have proven unfavorable in megavoltage (MV) imaging 

beamlines due to self-absorption of diagnostic energy photons (i.e. in the range 25ς

150 keV)17. Consequently, MV imaging is associated with poor image contrast 

characteristics due to the Compton dominant interactions of photons in the MV 

spectrum. Image quality has been further compromised by the low efficiency of typical 

MV detectors, which is on the order of 1ς2%66. Kilovoltage (kV) on-board imaging systems 

offer substantially better image quality than MV; however, these auxiliary systems 

introduce increased cost and maintenance, additional uncertainties57, and prevent 

visualization of the treatment volume relative to the collimation of the beam during 

treatment27. 

 

While the kV system has provided superior image quality, the drawbacks of the system, 

ŀǎ ǿŜƭƭ ŀǎ ǘƘŜ ǇƻǘŜƴǘƛŀƭ ŦƻǊ ƛƳǇǊƻǾŜŘ ōŜŀƳΩǎ-eye-view (BEV) image guidance, motivated 

the continued development of MV beams, such as the introduction of a commercial 

2.5 MV FFF beam. With a lower nominal energy, this 2.5 MV beam contains a greater 

proportion of diagnostic energy photons compared to a 6 MV therapy beam, for example, 
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comprised 22% of photons in the diagnostic range14  versus less than 1% for 6 MV 16.  This 

increased proportion of diagnostic energy photons resulted in increased contrast by 

factors of 2.5 to 3.6 times compared to 6 MV. Previous studies have suggested that this 

2.5 MV low-X beam could be improved by replacing the current high-Z copper target with 

low-Z sintered diamond to further soften the spectrum14,18. The softer spectrum of the 

2.5 MV low-Z beam should increase the absolute contrast between tissues and the 

achievable contrast-to-noise ratio (CNR), due to the (Ƙ)˄ҍ3 dependence of the 

photoelectric mass attenuation coefficient51. Additionally, the CNR per unit dose should 

increase due to the increased detection quantum efficiency (DQE) of the diagnostic 

energy photons in the MV spectrum. Parsons et al. previously evaluated the commercial 

2.5 MV low-X beam against a low-Z 2.35 MV carbon target beam using Monte Carlo 

simulations in VirtuaLinac91 and EGSnrc92. Compared to the 2.5 MV low-X beam, this 

group observed an increase in the relative fraction of diagnostic energy photons by 10%, 

resulting in increased contrast by factors of 1.28 and 1.35 for thin and thick phantoms, 

respectively14. 

 

A variety of low-Z targets have been previously implemented on several treatment 

platforms16,17,19,23,25, but this study marks the first installation on a modern linac. The aim 

of this study was twofold: 1) to investigate the feasibility of two 2.5 MV sintered diamond 

target beamline configurations; and 2) to characterize the dosimetric and image quality 

characteristics of the novel 2.5 MV low-Z target beams in comparison to the commercial 

2.5 MV low-X beam. Due to the photoelectric absorption dependence on Z3, we 
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hypothesized that replacing the 2.5 MV low-X copper target with low-Z sintered diamond 

would reduce the self-absorption of diagnostic energy photons, producing a softer beam 

with improved planar CNR. 

 

3.4  Material and Methods 

The low-Z target material used in this work was thermally stable polycrystalline (TSP) 

sintered diamond, a synthetic diamond selected for its low atomic number (Z Ғ 6) and 

high melting point. Two low-Z target beamlines were investigated in this work, including: 

an external target setup with the diamond target mounted in the carousel of the linac, 

ŀƴŘ ŀ ƳƻǊŜ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ ōŜŀƳƭƛƴŜ ǎŜǘǳǇΣ ǿƛǘƘ the diamond target machined into the 

target arm. Both targets were installed on a TrueBeam STx (Varian Medical Systems, Palo 

Alto, CA) C-arm linac. 

 

3.4.1.  Carousel-mounted target beamline 

The preliminary beamline involved an external target mounted in the carousel of the 

linac, modeled after targets previously investigated on the Clinac platform16,23,25. The 

target assembly was manufactured to mimic the shape of a flattening filter, allowing for 

placement of the target as close to the exit window as possible. The cylindrical sintered 

diamond target was 3.1 mm thick (77% of the continuous slowing down approximation 

(CSDA) range of incident 2.5 MeV electrons) and 11 mm in diameter, which was 

maximized given the physical constraints of the beamline geometry. The design for the 

target assembly was determined by first optimizing the shape of a nylon mockup in an 
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empty port, ensuring adequate clearance during manual rotation of the carousel. Once 

machined, the target was installed and a procedure was established for operating the 

2.5 MV beam with the target arm retracted and the carousel-mounted target in the 

beamline. Implementation of this beamline required manual mode up in service mode 

prior to operation of the custom beam, as outlined in the standard operating procedure 

outlined in Appendix B. To ensure the integrity of clinical beams following operation of 

the 2.5 MV carousel mounted target beam, necessary dosimetric and mechanical quality 

assurance was carried out before returning to clinical operation. 

 

Unlike experiences with analogous beamlines on previous platforms, image quality could 

not be assessed for our low-Z carousel-mounted target beam due to the presence of a 

circular artifact in all images acquired with the MV detector (Fig. 4d). The source of the 

artifact was investigated by examining the integrity of the sintered diamond target, 

possible detector saturation, resultant dark current in the EPID from successive 

acquisition, and the incident electron beam spot size. The beam spot size was measured 

at various locations in the beamline including: the base of the carousel, the front face of 

the target, and at 75 cm SSD using sub-MU exposures on radiochromic film. 

 

3.4.2  Ψ/ƻƴǾŜƴǘƛƻƴŀƭΩ ƭƻǿ-Z target beamline  

3.4.2A  Target arm machining and installation 

The TrueBeam target arm was modified to replace the commercial copper target with a 

disk of TSP sintered diamond (13.44 mm in diameter, 5 mm thick). The thickness of the 



 91 

diamond disk was selected to be 1.1 times the CSDA range25 of 2.8 MeV electrons; 

optimized to account for uncertainties in the incident electron energy, eliminate 

transmission electrons and filter out photons with energy lower than 25 keV that would 

contribute increased dose to the patient17. Prior to machining, the distance between 

cooling lines in the arm (~ 1.7 cm) was measured based on an MV image of the target arm 

to ensure suitability of the target diameter. The copper target was milled out and the 

diamond disk secured in place by a lip on the underside of the target and using a 

mechanical press from the top face to ensure permanent installation (Figure 17). Prior to 

installation, the target arm was externally connected to the TrueBeam cooling system to 

confirm integrity of the cooling lines. All necessary quality assurance measures were 

carried out before and after installation to verify consistency of clinical beams. For safety 

reasons, the 2.5 MV beam was removed from clinical service and assigned solely for 

research. 
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Figure 17. a) Top view and b) bottom view of experimental TrueBeam target arm showing the sintered diamond target 
secured into the fourth target position, replacing the low-X copper target. 

 

3.4.2B   Planar image quality characterization 

Planar image quality was characterized in terms of spatial resolution and CNR. Spatial 

resolution was evaluated using the relative modulation transfer function (RMTF), 

following the methodology proposed by Rajapakshe et al.93. This method utilized the QC3 

phantom (Figure 18a), which contains alternating pairs of high and low-density bars, 

forming line pair regions of the following spatial frequencies: 0.1, 0.2, 0.25, 0.4 and 0.75 

line pairs per mm (lp/mm). For each input square wave frequency in the phantom, the 

calculated RMTF describes the degree of output signal modulation relative to the lowest 

spatial frequency. The QC3 phantom was setup to 99 cm SSD, held at a 45 ̄with respect 

to the axial plane using an acrylic jig to avoid aliasing (Figure 18b). The phantom was 
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imaged at a gantry angle of 90̄ with a 14x14 cm2 field using a SID of 150 cm. Multiple 

images were acquired for each beam to estimate uncertainty in RMTF calculations.  

 

 

Figure 18. a) The QC3 phantom containing regions of various frequency bar patterns and b) the QC3 phantom setup at 
99 cm SSD, at 45 with respect to the axial plane, for RMTF calculations 

 

RMTF was calculated using Equation 10, where M(f) is the modulation of a given spatial 

frequency, f, and M(f1) is the modulation of the lowest spatial frequency (i.e. 0.1 lp/mm).  

 

ὙὓὝὊὪ             (10) 

 

As suggested by Droege and Morin94, signal modulation was calculated using Equation 11, 

where sm
2(f) is the total variance in a given line pair region and s2(f) is the variance due 

to random noise within the same region.  

 

ὓ Ὢ  „ Ὢ  „ Ὢ          (11) 
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The contributions due to random noise were removed from the signal modulation by 

subtracting sequential images. Since the variances of the two subtracted images are 

assumed equal, the variance due to random noise was calculated using Equation 12, as 

outlined by Rajapakshe et al. 

 

„ Ὢ             (12) 

 

CNR was evaluated using an in-house phantom containing low- to high-contrast tissue 

equivalent inserts (Gammex, Middleton, WI), including brain, breast, CB2-30%, and 

cortical bone for thin (4 cm) and thick (20 cm) phantoms (Figure 19a)23. The CB2-30% 

material represents a formulation of CB2 resin mixed with 30% calcium carbonate by 

weight to replicate bone with a physical density of 1.33 g/cm3 and electron density 

(relative to water) of 1.262 95. The inserts were arranged in a 14 cm-diameter circle 

centered on an inscribed crosshair on the top face of the solid water phantom (30x30x2 

cm3ύ ŦƻǊ ŀƭƛƎƴƳŜƴǘ ǿƛǘƘ ǘƘŜ ōŜŀƳΩǎ ŎŜƴǘǊŀƭ ŀȄƛǎΦ ¢ǿƻ ǇƘŀƴǘƻƳ ǘƘƛŎƪƴŜǎǎŜǎ ǿŜǊŜ 

constructed by wedging the contrast phantom between equivalent thicknesses of solid 

water to constitute the total phantom thickness (i.e. 4 and 20 cm). The phantoms were 

setup isocentrically and imaged at a gantry angle of 90o to avoid contributions of couch 

scatter to acquired images (Figure 19b).  
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Figure 19. a) In-house contrast phantom containing 1) CB2-30% 2) breast 3) cortical bone 4) brain tissue equivalent 
inserts and two voids for additional materials and b) thin contrast phantom imaging setup at 98 cm SSD. 

 

3.4.2C  Imaging dose calculation 

The 2.5 MV low-Z and 2.5 MV low-X beams were calibrated using the American 

!ǎǎƻŎƛŀǘƛƻƴ ƻŦ tƘȅǎƛŎƛǎǘǎ ƛƴ aŜŘƛŎƛƴŜΩǎ ¢ŀǎƪ DǊƻǳǇ рм ŦƻǊƳŀƭƛǎƳ96. PDD curves were 

acquired for 10x10 cm2 fields at 100 cm SSD to determine beam quality. In a previous 

study investigating 2.5 MV low-X imaging dose, Ding and Munro56 calibrated the 2.5 MV 

low-X output using kQ = 1.00. Assuming negligible differences between the chamber 

perturbation factors of the 2.5 MV beam and Co-60, they calculated kQ as the ratio of 

Spencer-Attix water-to-air stopping-power ratios (SPR) for the two beam energies. The 

study reported less than 0.1% difference between the SPR of the 2.5 MV low-X beam and 

Co-60 at the recommended calibration depth of 10 cm56, thus concluding kQ = 1.00. Based 

ƻƴ 5ƛƴƎ ŀƴŘ aǳƴǊƻΩǎ ǎǘǳŘȅ56, and the fact that our measurements found similar beam 

qualities for the 2.5 MV low-X and 2.5 MV low-Z beams (i.e. 52.85% and 50.15%, 

respectively), kQ = 1.00 was assumed for both beams. 
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Dose per MU was calculated for the 2.5 MV low-X and 2.5 MV low-Z beams under 

reference conditions using an isocentric setup (i.e. 10x10 cm2 field, 90 cm SSD, 10 cm 

depth). Point dose measurements were performed in water using a calibrated Exradin 

A12 (Standard Imaging, Middleton WI) ion chamber. Output factors and corresponding 

TPR measurements were made for a 20x20 cm2 field for both 2.5 MV low-X and 2.5 MV 

low-Z beams to calculate imaging dose for thin and thick phantom setups. Imaging doses 

for the 6 MV beam were calculated by modeling the thin and thick solid water phantoms 

in the treatment planning system (Eclipse version 13.6, Varian, Palo Alto, CA). 

 

3.5  Results 

3.5.1  Carousel-mounted target beamline 

Removal of the carousel-mounted target confirmed that the target was intact (Figure 

20a). Film irradiated at 75 cm SSD verified that the circular artifact was due to the incident 

electron beam and unrelated to the EPID (Figure 20c). The film irradiated at the base of 

the carousel revealed that the full-width-half-maximum (FWHM) of the spot size was 23.5 

mm; more than twice the diameter of the diamond target (Figure 20b). The dose on the 

periphery of the film irradiated at the level of the target was 58% of that on the central 

axis; confirming that the electron beam spot size was larger than the target. This was 

deemed an insurmountable limitation of this approach to introducing a diamond target, 

given that the physical constraints of the installation limit further increase of the target 

diameter.  Furthermore, it would be physically impossible to move the target closer to 
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the exit of the electron beam from the vacuum, where the electron beam might be 

sufficiently narrow to create a useful focal spot for imaging. 

 

 
Figure 20. Pictorial representation of circular artifact investigation a) Intact carousel mounted target assembly b) 
Electron focal spot measured with radiochromic film below the target plane showing the diameter of the exposed 
sintered diamond target (11 mm) and the corresponding FWHM c) Radiochromic film image acquired with 2.5 MV 
diamond target beam at 75 cm SSD d) EPID acquired test image with 2.5 MV diamond target beam at 150 cm SID. 

 

3.5.2  Ψ/ƻƴǾŜƴǘƛƻƴŀƭΩ ƭƻǿ-Z target beamline 

3.5.2A  Planar image quality characterization 

The calculated RMTF, derived from images of the QC3 phantom, shows that our 

experimental 2.5 MV low-Z beam outperforms the commercial 2.5 MV low-X and 6 MV 

beams in terms of spatial resolution (see Figure 21). We observed increases in F50, the 

frequency at which the RMTF decreases to 50%, by 22.7% and 12.5% for the 2.5 MV low-
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Z and 2.5 MV low-X beams, compared to 6 MV. This translated to an increase of 

approximately 0.5 lp/mm, and 1 lp/mm for the 2.5 MV low-Z beam compared to the 2.5 

MV low-X and 6 MV beams, respectively. The improved spatial resolution was likely due 

to reduced extra-focal radiation resulting from the absence of a flattening filter in the 2.5 

MV beamlines. 

 

Figure 21. Relative modulation transfer function of 2.5 MV low-Z, 2.5 MV low-X and 6 MV beams 

 

The CNR versus dose results presented in Figure 22 demonstrate a clear advantage for 

the 2.5 MV low-Z beam at imaging doses above 1 mGy in the thin phantom and above 3 

mGy in the thick phantom, compared to the 2.5 MV low-X beam. At doses above 3 mGy, 
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the CNR of each material in the thick phantom was greater for the low-Z beam than the 

low-X beam, by factors of 1.4-1.7 for breast, and 1.1-1.3 for cortical bone. The same trend 

was observed for materials in the thin phantom above 1 mGy, excluding cortical bone. 

Increases in CNR were observed in breast and CB2-30% in the thin phantom by factors of 

1.2-1.3 and 1.2-1.4, respectively. Unlike the other materials in the thin phantom, the 

difference in the CNR of cortical bone between the low-Z and low-X beams is negligible 

across all doses. At doses less than 1 mGy, the difference in CNR between images acquired 

with low-Z and low-X beams were negligible for breast and cortical bone in the thick 

phantom. 

 

 

Figure 22. CNR versus dose for breast, brain, cortical bone, and CB2-30% tissue equivalent inserts in a) thin (4 cm) and 
b) thick (20 cm) phantoms 

 
 



 100 

3.6  Discussion 

This work marks the first implementation of a low-Z diamond target beam for 2.5 MV 

imaging on a modern linac platform. In our investigation, we implemented two beamline 

geometries including (i) a carousel-ƳƻǳƴǘŜŘ ǘŀǊƎŜǘ ŘŜǎƛƎƴΣ ŀƴŘ όƛƛύ ŀ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ ǎŜtup 

with the target in the target arm.  

 

Based on our thorough investigation of the carousel-mounted target beamline, we have 

concluded that the large electron spot size impinges on the copper housing of the target 

assembly, causing a non-uniform photon fluence below and the appearance of a circular 

artifact in images acquired by either film or the EPID. This is caused by the geometry of 

the carousel relative to the exit window, such that the electron scatter in air produces a 

large focal spot incident on the upstream surface of the target. While the carousel-

mounted target design has been used successfully on a previous platform16,23,25, the 

redesign of the beamline in the current platform precludes this carousel-mounted target 

design.  

 

On the other hand, a viable approach is installation of a diamond target in the target arm 

όƻǳǊ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ ǎŜǘǳǇύΣ ŀƴŘ ŦƻǊ ǘƘƛǎ ŎƻƴŦƛƎǳǊŀǘƛƻƴ ǿŜ ƘŀǾŜ ŜǾŀƭǳŀǘŜŘ ǇƭŀƴŀǊ ƛƳŀƎŜ 

quality compared to the commercial 2.5 MV low-X beam. As hypothesized, replacing the 

high-Z copper target with low-Z sintered diamond in the 2.5 MV beamline produced a 

softer beam, as demonstrated by the 2.7% reduction in PDD(10 cm) for the 2.5 MV low-Z 

beam compared to 2.5 MV low-X. We found similar beam quality to the 2.35 MV carbon 
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target beam modelled by Parsons et al., although our 2.5 MV low-Z PDD(10 cm) was 

greater by 1.6%. This is likely due to the small difference in nominal energy as well as the 

presence of high-Z sintering materials in our target. Compared to the commercial 2.5 MV 

low-X beam, the softer low-Z spectrum resulted in improved CNR by factors of up to 1.7, 

at clinically relevant MV imaging doses. This permits either improved CNR for the same 

dose, or conversely, decreased imaging dose for the same CNR.  We observed advantages 

of the low-Z beam over the commercial 2.5 MV low-X beam for both thin and thick 

phantoms, except for cortical bone in the thin phantom and in cases where CNR itself is 

very low (< 1) for all beams, i.e., where the objects were essentially indistinguishable from 

background. 

 

While this study has focused solely on planar imaging with the low-Z beam, in concept 

the same beam could be used for cone-beam CT acquisition, and even volume-of-interest 

CBCT using the MLC for collimation according to the relevant anatomy for the given image 

guidance task97.  Although kV imaging provides superior image quality to MV per unit 

imaging dose, image guidance from the BEV is valuable in the delivery of precision 

radiation therapy. With a simple modification to the 2.5 MV low-X beamline, we produced 

a softer energy spectrum for imaging, which improves BEV imaging with better spatial 

resolution and CNR. We anticipate that additional modifications to the low-Z beamline 

could further improve the CNR versus dose characteristics of 2.5 MV BEV imaging. One 

such alteration, to be examined in forthcoming work, is the removal of the 0.81 mm brass 

cover-ǇƭŀǘŜ ŦǊƻƳ ǘƘŜ ŎŀǊƻǳǎŜƭ ƻŦ ǘƘŜ ΨŎƻƴǾŜƴǘƛƻƴŀƭΩ нΦр a± ƭƻǿ-Z target beamline, to 
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further reduce the self-absorption of diagnostic energy photons within the treatment 

head. Another feasible approach involves modifying the EPID to increase the DQE, such 

as the integration of a thick CsI flat-panel detector98. 

 

This study concludes our initial characterization of this novel 2.5 MV diamond target beam 

for BEV imaging. We demonstrated the ease of installation of a low-Z sintered diamond 

target beam on a modern linac, and the consequent improvements in CNR as a function 

of dose compared to the current low-X mode. We suggest sintered diamond as a 

favorable alternative to the current copper target in the 2.5 MV low-X beamline.  

 

3.7  Additional Material 

 

Figure 23. Qualitative demonstration of planar CNR phantom images acquired with 2.5 MV low-Z, 2.5 MV low-X and 6 
MV beams using 1 cGy imaging dose. Digital contrast settings (i.e. window width and window level) maintained between 
images acquired with each beam for meaningful comparison. 
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Figure 24 Representative Monte Carlo derived spectra for 2.5 MV diamond and copper target beams demonstrating 
increased yield of low-energy photons recovered by diamond target beam compared to copper target beam. 
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Chapter 4: Improving image quality and reducing dose with 2.5 MV diamond 

target volume-of-interest cone beam CT 

 
 

4.1  Prologue 

Expanding on the work detailed in Chapter 3, this manuscript examines the image quality 

in volumetric image acquisitions for the 2.5 MV sintered diamond target beam compared 

to the commercial 2.5 MV beam. In addition to full field of view CBCT, this work 

investigates the use of volume-of-interest CBCT for potential dose sparing and improved 

image quality. This manuscript highlights the process of VOI CBCT acquisition and image 

processing, as well as the improved image quality of the novel 2.5 MV in both full field 

and VOI volumetric imaging. 

 

This manuscript was published in Medical Physics: 

Borsavage, J.M., Cherpak, A. J., Robar, J. L., Improving image quality and reducing dose 

with 2.5 MV diamond target volume-of-interest cone beam CT imaging. Medical Physics, 

vol 49., no. 12, pp. 7661-7671. 2022.  

Minor additions were made to the approved version of this manuscript to reference 

Figure 31 in the text. The tabulated values in Table 4 were updated for significant digits. 
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4.2  Abstract 

Purpose: Over the past decades, continuous efforts have been made to improve 

megavoltage (MV) image quality versus dose characteristics, including the 

implementation of low atomic number (Z) targets in MV beamlines and the development 

of more efficient detectors. Recently, a diamond target beam within a commercial 

radiotherapy treatment platform demonstrated improved planar contrast-to-noise-ratio 

(CNR) per unit dose using a novel 2.5 MV sintered diamond target beam, which enabled 

image acquisition on the order of mGy. The present work assesses cone beam CT (CBCT) 

image quality characteristics for the novel 2.5 MV diamond target beam and the effects 

of volume-of-interest (VOI) collimation on the image quality and imaging dose 

distribution. 

 

Methods: A sintered diamond target was incorporated into the target arm of the linear 

accelerator, replacing the 2.5 MV commercial copper imaging target. CBCT image quality 

was evaluated against the commercial imaging beam with regard to spatial resolution and 

CNR versus dose. In addition to full-field acquisitions, we investigated VOI techniques that 

collimate the imaging beam to preselected anatomy, to determine potential image 

quality improvements and dose sparing capacity. Using an anthropomorphic phantom, 

VOI regions were defined to encompass the maxillary and ethmoid sinuses and ranged in 

dimension from 3 cm to 4.85 cm equivalent radius. The MLC was fit to each VOI structure 

throughout a full CBCT arc and the corresponding MLC sequences were produced as XML 
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scripts for acquisition. Calibrated radiochromic film was used in phantom to measure 

cumulative axial dose distributions during each CBCT acquisition. 

 

Results: In full-field CBCT, the 2.5 MV diamond target beam demonstrated improved CNR 

versus dose compared to the commercial imaging beam, by factors of up to 1.7. The 

calculated modulation transfer function (MTF) displayed an increase of nearly 30% 

in f50 for the 2.5 MV diamond target beam compared to the commercial beam. Using VOI 

techniques, CNR increased monotonically as a function of equivalent radius at the boneς

tissue interface. At the boneςsinus interface, the CNR for the full-field case was slightly 

decreased compared to the largest VOI case. Imaging dose in the anteroposterior 

direction increased with increasing VOI equivalent radius. 

 

Conclusion: The novel 2.5 MV sintered diamond target beam presents a simple 

modification to the commercial imaging beam which provides improved image quality in 

full-field CBCT and the potential for simultaneous dose sparing and CNR improvement at 

high-contrast interfaces using VOI acquisition techniques. 

 

4.3  Introduction 

Although megavoltage (MV) imaging was widely available well before the integration of 

kilovoltage (kV) systems to allow image guidance on modern linear accelerators, the use 

of MV image guidance is limited due to inferior image quality and higher imaging doses. 

Kilovoltage x-ray image guidance offers favorable image quality and dose characteristics, 
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but kV onboard imaging incurs increased cost, maintenance, and introduces its own 

uncertainties57; while for planar imaging, lacks the advantageous perspective of the 

treatment beams-eye-view27. Numerous efforts have focused on improvement of MV 

imaging systems with regard to both detectors and beam production, including the 

ongoing development of efficient multilayer detectors99,100 and the recent installation of 

the 2.5 MV imaging beam on the modern TrueBeam (Varian Medical Systems, Palo Alto, 

CA) treatment unit. 

 

Recently, and for the TrueBeam platform, it has been demonstrated that the 2.5 MV 

imaging beam could be improved significantly by implementing a low-Z target for photon 

production, specifically one made of sintered diamond.101 Since sintered diamond has a 

lower atomic number than the commercial copper target (i.e., z Ғ с ǾŜǊǎǳǎ z = 29), a 2.5 

MV diamond target beam contains a higher percentage of diagnostic energy photons (i.e., 

25ς150 keV)17 than the commercial beam, arising from a decreased photoelectric self-

absorption of low energy photons within the target. Consequently, this 2.5 MV diamond 

target beam demonstrates improved contrast-to-noise ratio (CNR) versus dose 

characteristics compared to the commercial 2.5 MV copper target beam, by factors of up 

to 1.7 times in planar imaging101. 

 

This study examines the feasibility of MV cone-beam CT (CBCT) with this novel 2.5 MV 

diamond target beam. Although low-dose MV CBCT with standard MV therapy beams has 

been explored in experimental benchtop settings98,100,102,103 the 1%ς2% detective 
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quantum efficiency66 of commercial detectors in combination with these beams has 

limited translation to the clinic. Due to its unique energy spectrum, the sintered diamond 

target beam permits 2.5 MV image acquisition with doses on the order of mGy per 

frame101 and therefore may be comparatively advantageous for CBCT acquisition. In 

addition, MV imaging allows one to leverage the presence of the multileaf collimator 

(MLC) in the beamline through volume-of-interest (VOI) CBCT97 acquisition. A VOI 

approach localizes the imaging dose on anatomy relevant for image guidance. Relative to 

full-field imaging, we expect the VOI technique to lower the imaging dose both within 

(due to scatter reduction) and outside of the imaging volume (due to shielding). In 

addition, we hypothesize that reducing VOI dimension may improve image quality per 

unit dose due to improving the primary-to-scatter characteristics of the beam104. 

 

This work demonstrates the use of low-Z target MV CBCT on a modern TrueBeam 

platform with realistic CBCT acquisition enabled by Developer mode, that is, not using an 

experimental benchtop rotational stage. Compared to previous studies on the Clinac 

platform97,105  our methodology is more realistic in two respects. First, the sintered 

diamond target is located in the standard location within target arm of the linac, instead 

of being installed in the flattening filter carousel as in previous studies97,105ς107. Second, 

the TrueBeam unit is equipped with Developer mode, a dedicated research platform 

which enables MV CBCT acquisition throughout a defined gantry arc, thus allowing 

realistic acquisition, rather than employing previous methods using a rotational stage to 

simulate gantry motion. This work presents the low-dose MV CBCT acquisition 
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methodologies and VOI techniques, characterizes 2.5 MV diamond CBCT image quality 

for full-field and VOI acquired datasets, and reports on the dose sparing potential of VOI 

CBCT techniques for this novel beam. 

 

4.4  Material and Methods 

4.4.1  Diamond target beam production 

The sintered diamond target used in this study was composed of 99% diamond and 1% 

cobalt. The target, shown in Figure 25, was machined into the target arm replacing the 

copper target for the commercial 2.5 MV imaging beam. The modified arm was installed 

on a TrueBeam STx unit as described previously101. This simple hardware modification 

enabled the operation of the 2.5 MV diamond target beam, without the need for tuning 

a customized beam as was done for the 4.2 MV low-Z imaging beam on Siemens linacs19. 

The diamond target is 5 mm thick, corresponding to 1.2 times the CSDA range of 2.5 MeV 

electrons; a conservative choice to eliminate transmission electrons and filter out any 

undesirably low-energy photons (i.e., less than 10 keV). With an increased population of 

low-energy photons, the resultant beam, herein referred to as 2.5 MV diamond, is lower 

in quality with a depth of maximum dose of 4.8 mm compared to 5.8 mm for the 

commercial 2.5 MV beam, and percent depth dose at depth 10 cm of 50.15%, compared 

to 52.85%101. 
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Figure 25. a) Top view and b) bottom view of experimental TrueBeam target arm showing the sintered diamond target 
secured into the fourth target position, replacing the commercial copper target. 

 

4.4.2  Diamond target cone beam CT acquisition and reconstruction 

All MV CBCTs in this study were acquired on a TrueBeam STx unit using Developer mode. 

Developer mode is a research platform available for the TrueBeam, which enables user-

defined control of machine axes, imaging and beam parameters using XML scripting. Each 

CBCT was acquired using the high-quality MV imaging mode with continuous acquisition 

modified to acquire images at 6 frames/s. Since these customized settings differed from 

the calibrated high-quality mode defined on the machine, automatic corrections were not 

available. Instead, dark and flood calibration fields were acquired for each imaging session 

at a static gantry angle of 0°, using an acquisition rate of 6 frames/s, averaged over 100 
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frames. Each CBCT projection was post-processed in Matlab (Mathworks, Natick, MA) to 

apply offset, uniformity, and gain corrections using the averaged flood and dark field 

images. VOI projections were additionally processed to mitigate truncation artifacts using 

an extrapolation filling technique as described in section 4.4.4. All projections, both full 

field of view (FOV) and extrapolated VOI, were reconstructed with 2 mm slice thickness 

in iTools 2.0 (Varian Medical Systems, Palo Alto, CA) using FeldkampςDavisςKress (FDK) 

filtered backprojection. Reconstructed images were further processed in iTools to apply 

ring artifact suppression and to map pixel values to Hounsfield units (HU). To provide 

relevant clinical comparisons, additional kV CBCTs were acquired using predefined CBCT 

protocols on the TrueBeam (i.e., head, thorax, and pelvis large) as defined in the machine 

settings (see Table 2). All kV CBCTS were acquired in the treatment mode on the 

TrueBeam using default acquisition and reconstruction parameters. 

 

Table 2  Kilovoltage (kV) cone beam CT (CBCT) acquisition settings 

CBCT protocol Beam energy mAs Trajectory Fan type 

Head 100 150 Half (200) Full 

Thorax 125 270 Full (360) Half 

Pelvis large 140 1687.50 Full (360) Half 
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4.4.3  Cone beam image quality 

The 2.5 MV diamond CBCT image quality was characterized in terms of CNR and spatial 

resolution compared to the 2.5 MV commercial imaging beam and kV CBCT protocols set 

on the TrueBeam (i.e., head, thorax, pelvis large). CNR was evaluated using the CIRS 062M 

electron density phantom (CIRS Inc., Norfolk, VA) which consists of two concentric solid 

water volumes, with cylindrical inner dimensions of 18 cm × 5 cm (diameter × height) and 

outer elliptic cylindrical dimensions of 33 cm × 27 cm × 5 cm (major diameter × minor 

diameter × height). Each cylindrical volume contains eight different tissue equivalent 

materials allowing imaging of thin and thick phantoms, for example, the inner cylinder or 

the ensemble, respectively. The phantom was imaged with both thin and thick 

configurations across a wide range of doses (e.g., 0.75ς38 cGy) to determine CNR versus 

dose for each 2.5 MV beam. For realistic kV comparisons, the thin phantom was imaged 

ǿƛǘƘ ǘƘŜ ƪ± ΨƘŜŀŘΩ ǇǊƻǘƻŎƻƭΣ ŀƴŘ ǘƘŜ ǘƘƛŎƪ ǇƘŀƴǘƻƳ ǿŀǎ ƛƳŀƎŜŘ ǿƛǘƘ ŀŘŘƛǘƛƻƴŀƭ ΨǘƘƻǊŀȄΩ 

ŀƴŘ ΨǇŜƭǾƛǎ ƭŀǊƎŜΩ ǇǊƻǘƻŎƻƭǎΦ LƳŀƎƛƴƎ ŘƻǎŜ ǿŀǎ ƳŜŀǎǳǊŜŘ ŀǘ ǘƘŜ ŎŜƴǘŜǊ ƻŦ ǘƘŜ ǇƘŀƴǘƻƳ 

using an Exradin A12 chamber for all MV and kV acquisitions. Imaging dose was calculated 

using previously established calibrations for 2.5 MV acquisitions, while kV imaging dose 

was determined using an interpolated chamber correction factor from a previous 

calibration report in the TG-61 formalism. CNR was calculated for the various tissue 

equivalent inserts, including lung (inhale), lung (exhale), liver, bone (800 mg/cm3), and 

bone (200 mg/cm3), using Equation 13, where P ŀƴŘ ˋ ŀǊŜ ǘƘŜ ŀǾŜǊŀƎŜ ŀƴŘ ǎǘŀƴŘŀǊŘ 

deviation of pixel intensity in the region of interest (ROI) and background (bg). The 
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radiological properties of each insert are provided in Table 3. CNR was calculated and 

averaged for each insert in the central seven slices of the reconstructed volumes. 

ὅὔὙ 
 

 
                                                                  (13) 

 

Table 3 Radiological properties of CIRS 062M tissue equivalent material inserts 

Tissue equivalent 

material 

Physical density 

(g/cm3) 

Electron density 

(×1023 electrons/cm3) 

RED (relative to 

H2O) 

Lung (inhale) 0.205 0.668 0.200 

Lung (exhale) 0.507 1.658 0.496 

Liver 1.07 3.516 1.052 

Bone (800 mg/cm3) 1.53 4.862 1.456 

Bone (200 mg/cm3) 1.16 3.730 1.117 

*Values obtained from CIRS 062M manual. 

 

Spatial resolution was characterized in terms of the modulation transfer function (MTF), 

derived from reconstructed images of the CTP528 line pair module of the Catphan 504 

phantom. This module contains line pair regions with spatial frequencies ranging from 1 

to 21 line pairs (lp)/cm. Using the central slice of the reconstructed volume, profiles were 

captured through each line pair region to quantify the variation of signal modulation as a 

function of spatial frequency59. Modulation was calculated for each profile as the ratio of 
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the difference between the maximum and minimum pixel intensity to the sum of the two 

values, as described by Equation 14, where Imax and Imin are the maximum and minimum 

pixel intensities through a line profile for a given frequency, f. MTF was calculated for 

each spatial frequency using Equation 15, where f0 is the lowest frequency line pair region 

(i.e., 1 lp/cm). 

ὓέὨόὰὥὸὭέὲ Ὢ  
 

 
                                                 (14) 

 

ὓὝὊὪ                                                        (15) 

 

4.4.4  Volume-of-interest definition and acquisition 

The anthropomorphic ATOM phantom (CIRS Inc., Norfolk, VA) was imaged to investigate 

the effects of VOI imaging parameters on CNR versus dose. The VOI for this case was 

defined as the region containing the maxillary and ethmoid sinuses. The process of 

defining the VOI regions and subsequently acquiring VOI images was analogous to the 

treatment planning and delivery workflow. It began with acquiring a CT scan of ATOM's 

head and neck which was used to delineate VOIs in the treatment planning system (TPS). 

We defined four VOIs encompassing the sinuses, of which the smallest conformed tightly 

to the sinus cavity and the additional volumes were defined by adding margins of 0.5, 1, 

and 1.5 cm, referred to herein as VOI3 cm, VOI3.65cm, VOI4.3 cm, and VOI4.85 cm. The subscripts 

correspond to the equivalent sphere radius of each VOI, as calculated by the TPS. MLC 

sequences were determined by fitting the leaves to the beams-eye-view of each VOI 
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throughout a full 360° gantry rotation (see Figure 26). The DICOM plan files, containing 

the leaf positions at each control point for the four plans, were then used to construct 

XML scripts to drive image acquisition on the treatment unit. For each VOI, two image 

sets were acquired using a high- and a low-dose per frame setting of 1 and 0.1 MU, 

respectively. During the high-dose acquisitions, a sheet of calibrated radiochromic EBT3 

film (Ashland Advanced Materials, Bridgewater, NJ) was placed between slices of the 

phantom to enable measurement of axial dose distributions throughout the VOIs and the 

peripheral anatomy. The high-dose per frame setting was selected to ensure the 

composite dose was within the dynamic range of the film. Full FOV image sets of the 

phantom's head were also acquired for both high- and low-dose settings, for our 

evaluation of image quality and dose sparing with the VOI technique. An additional kV 

/./¢ ǿŀǎ ŀŎǉǳƛǊŜŘ ǳǎƛƴƎ ǘƘŜ ¢ǊǳŜ.ŜŀƳ ΨƘŜŀŘΩ ǇǊƻǘƻŎƻƭ ǘƻ ǇǊƻǾƛŘŜ ŀ ŎƻƳǇŀǊƛǎƻƴ ǘƻ 

realistic clinically acquired images. 

 

 

Figure 26 a) VOI contours in axial plane and b) beams-eye-view VOI aperture defined by MLC at start of 360 degree arc 
acquisition. 
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4.4.5  Volume-of-interest extrapolation filling 

The purpose of the VOI acquisition was to selectively image a volume of the head as 

defined by the set of MLC apertures, however a known consequence of this technique is 

the occurrence of truncation artifacts which appear in the reconstructed volume as a dark 

ring around the truncated anatomy108. To reduce the presence of these artifacts, 

truncated projections were processed prior to reconstruction using an extrapolation 

filling technique. Using the methodology described by Robar et. al.105, image data were 

extrapolated from the left and right boundaries of each truncated projection out to the 

edges of the image in a row-wise manner.  

 

4.4.6  Diamond target beam VOI image analysis 

Extrapolated VOI projections were reconstructed as described in section 2.2.  CNR was 

calculated for user-defined regions of interest at bone-tissue and bone-sinus interfaces. 

ROIs were sampled from the central three slices of the reconstructed volume and CNR 

was calculated using Equation 13. CNR values were averaged across the three slices and 

reported as a function of the equivalent sphere radius of the VOI imaging field, as 

calculated from the TPS.  

 

For 2.5 MV dose measurements, EBT3 films were digitized using an Epson 1000XL scanner 

at 72 dpi resolution after the recommended 24 hours post-exposure. The digitized films 

were analyzed in FilmQAPro software (Ashland Advanced Materials, Bridgewater, NJ) to 

convert optical densities to absorbed dose using triple-channel dosimetry109. Dose 
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profiles were captured along the anteroposterior (AP) direction of the head phantom 

along the center of each film image. To demonstrate the dose sparing abilities of the VOI 

technique, each MV VOI dose profile was normalized to the maximum dose for the full 

FOV image volume. Imaging dose for kV acquisitions was measured using optically 

stimulated luminescence detectors (OSLD) nanoDots to capture the same profile along 

the AP direction. To eliminate air gaps between adjacent phantom slices, small slits were 

machined in the phantom for insertion of the nanoDots, as demonstrated in Figure 27. 

The measured dose was read out using a microSTAR (Landauer Inc. Glendwood, IL) reader 

and dose was calculated using a previously established calibration110 corresponding to a 

100 kV beam on a Somatom Definition AS+ CT scanner (Siemens Healthcare, Erlangen, 

Germany). While this estimation may introduce error in dose calculations due to the 

difference in beam qualities (i.e. HVL of 7.6 mm versus 4.08 mm for the 100 kV CT and 

100 kV CBCT beams, respectively), this error has been minimized by normalization; 

whereby the effects of the multiplicative energy-dependent correction factor calculated 

by Al-Senan and Hatab111 are eliminated. 
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Figure 27. OSLD placement for kV acquisitions in VOI evaluation 

 

4.5 Results 

4.5.1 Diamond target beam CBCT image quality 

For visual comparison of 2.5 MV diamond versus copper CBCT images, reconstructed 

slices of the CIRS 062M phantom are provided in Figure 28.  CNR versus dose results for 

various tissue equivalent materials in thin and thick phantoms are provided in Figure 29 

below.  In these results, we consider a wide range of CBCT imaging dose, i.e., beyond that 

of interest clinically, to examine trends of the curves. Corresponding CNR values for kV 

acquisitions are provided in Table 4 for clinically realistic comparisons. In both phantoms, 

the lung (inhale) insert was the highest contrast material and liver displayed the least 

contrast across all imaging doses in MV acquisitions. CNR values for bone 200 mg/cc and 



 119 

liver did not exceed unity in either phantom across the investigated MV dose range and 

therefore cannot be used to draw meaningful conclusions. The inconsistent behavior of 

the CNR curves for bone 200 mg/cc and liver in the thick phantom case likely result from 

combined effects of photon starvation and slightly different detector sensitivities 

between the two TrueBeam units used to acquire the 2.5 MV diamond target and 2.5 MV 

commercial target images. In the thin phantom, the 2.5 MV diamond beam demonstrated 

improvements in CNR for lung (inhale), lung (exhale) and bone 800 mg/cc inserts 

compared to the commercial imaging beam, across the entire dose range examined. 

Observed CNR improvements were greater at imaging doses less than 5 cGy in the thin 

phantom for MV acquisitions. The opposite trend was observed for the thick phantom, 

where the 2.5 MV diamond and commercial beam CNR curves for lung (inhale) and lung 

(exhale) inserts were nearly indistinguishable at doses below 5 cGy, however at greater 

dose values the 2.5 MV diamond beam produced improvements in CNR by factors up to 

1.25. In the thin phantom, the 2.5 MV diamond CNR was greater than the commercial 

imaging beam by factors of up to 1.3 and 1.7 times for the lung and bone 800 mg/cc 

inserts, respectively, at doses of approximately 2 cGy, for example. At doses beyond 5 

cGy, this CNR improvement factor reduced to between 1.15 and 1.25 for the lung and 

bone 800 mg/cc materials. While the 2.5 MV diamond target beam displays superior CNR 

compared to the commercial copper target beam, all of the kV acquired CBCTs 

demonstrated CNR values much higher than what was acquired with the MV beams for a 

small fraction of the dose (i.e. mGy versus cGy). Compared to the 4.2 MV graphite target 

beam investigated by Faddegon et al.19, the CNR of the 2.5 MV diamond target beam was 
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inferior across all investigated tissue equivalent materials and imaging doses. Despite our 

comparatively favorable energy spectrum, these discrepancies likely arise from a 

difference in backscatter conditions, imaging detectors, and/or CNR calculation. 

 

 
Figure 28. Reconstructed slices of thin CIRS 062M phantom acquired with the A) 2.5 MV diamond target and B) 2.5 MV 
copper target beams. Tissue equivalent inserts in top right image labeled as: 1) liver, 2) lung (exhale), 3) bone (800 
mg/cc), 4) lung (inhale), 5) bone (200mg/cc) 
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Figure 29. CNR versus dose for a) thin and b) thick phantoms imaged with the 2.5 MV diamond (solid lines) and 
commercial (dashed lines) imaging beams. 

 

Table 4 CNR results and imaging dose from kV CBCT acquisitions 

Imaging 

protocol 

CNR Imaging 

dose (mGy) Lung (inhale) Bone  

200 mg/cc 

Liver Lung (exhale) Bone        

800 mg/cc 

Head 

(THIN) 

28.8 ° 0.3 11.3 ° 0.2 2.4 ° 0.1 19.9 ° 0.6 28.2 ° 0.2 2.2 ° 0.1 

Thorax 

(THICK) 

7.70 ° 0.03 2.70 ° 0.05 0.10 ° 0.01 7.7 ° 0.2 7.4 ° 0.2 2.5 ° 0.1 

Pelvis 

large 

(THICK) 

7.60 ° 0.05 2.50 ° 0.03 0.04 ° 0.02 9.8 ° 0.1 6.8 ° 0.2 22 ° 1 
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Findings from the spatial resolution analysis are displayed in Figure 30 where panels in A) 

demonstrate the spatial variation in pixel intensity across the line pair regions for 2.5 MV 

diamond and commercial reconstructions and B) provide a plot of MTF as a function of 

spatial frequency. Qualitative comparisons of the plots in panel A) demonstrate a visually 

larger difference between maximum and minimum pixel intensities for the 2.5 MV 

diamond profiles compared to the commercial imaging beam across all spatial 

frequencies. This improvement in modulation is reflected in the calculated MTF curves of 

panel B), where the 2.5 MV diamond MTF is greater than the commercial beam across all 

of the investigated spatial frequencies. The frequency at which the MTF drops to 50% of 

that for the lowest frequency (i.e. f0), f50, was calculated to be 0.45 lp/mm and 0.35 lp/mm 

for the 2.5 MV diamond and commercial imaging beams, compared to 0.51 lp/mm for the 

head protocol, and 0.33 lp/mm for both the thorax and pelvis large protocols. 

 

 

Figure 30. a) Line profiles through line pair regions (1-6 lp/cm) of the reconstructed Catphan CTP528 module acquired 
with the 2.5 MV diamond and commercial imaging beams and b) calculated MTF for CBCT with 2.5 MV diamond and 
commercial imaging beams. 



 123 

4.5.2  Diamond target VOI image quality 

Figure 32a) shows the measured CNR, at bone-tissue and bone-sinus interfaces, as a 

function of the VOI equivalent radius. The bone-tissue CNR increased as a function of VOI 

radius, from the smallest VOI3 cm to the full FOV case. A similar trend was observed at the 

higher contrast bone-sinus interface, excluding the full FOV case which demonstrated 

decreased CNR compared to VOI3.65 cm, VOI4.3 cm and VOI4.85 cm. The difference in the CNR 

trends at both interfaces can be explained by the behavior of contrast and noise in panels 

b) and c) of Figure 32. While noise decreases monotonically at both boundaries, the 

contrast at each interface shows different trends. At the bone-tissue interface, contrast 

increases as a function of VOI radius and decreases slightly for the full FOV case to 92% of 

that for VOI4.85 cm. Whereas, at the bone-sinus interface, contrast reaches a maximum at 

VOI4.3 cm, then decreases as a function of VOI radius to 72% for the full FOV case compared 

to VOI4.3 cm. This significant drop in contrast accounts for the decrease in CNR at the bone-

sinus interface for the full FOV case. The corresponding CNR for the kV acquisition was 

calculated to be 57.2 ° 0.7 and 21.0 ° 0.7 at the bone-sinus and bone-tissue interfaces, 

respectively. Figure 31 contains reconstructed axial slices at phantom isocenter for each 

VOI acquisition for qualitative demonstration. 

 

4.5.3  Diamond target VOI dose analysis 

Normalized relative dose profiles taken in the AP direction across each VOI are displayed 

in Figure 33. While MV imaging doses were normalized to the maximum dose in the full 

FOV MV acquisition, kV doses have been normalized to the kV dose at the location of the 
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maximum MV dose in the phantom (i.e. 2 cm from the tip of the nose) to allow both MV 

VOI profiles and kV measurements to be compared using the same scale. Each 2.5 MV 

profile was captured through the center of the anthropomorphic phantom in the digitized 

film images and normalized to the maximum dose in the full FOV profile. Compared to 

the full FOV profile, a decrease in imaging dose was observed for each of the four VOI 

cases in the anteroposterior direction. Imaging dose decreased as a function of VOI 

dimension, with dose reductions within the VOI ranging from 7% to 20%, compared to 

the full FOV case. Outside of the VOI, imaging doses decreased to 23%, 20%, 15% and 12% 

of the maximum dose in the full FOV profile. Unlike the MV profiles, kV imaging dose 

increases with depth in the AP direction, due to the half-trajectory acquisition. For 

reference, the maximum dose in the kV acquisition was 0.28 cGy. 

 

 

Figure 31. Reconstructed axial slices at phantom isocenter for each VOI acquisition. 
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Figure 32. a) CNR, b) contrast, and c) noise versus VOI equivalent sphere radius for bone-tissue and bone-sinus interfaces 
in the anthropomorphic phantom. 

 

Figure 33. Normalized anteroposterior dose profiles measured from EBT3 film for each VOI, full FOV acquisition, and 
OSLD doses from kV head protocol acquisition. Distance in AP direction extends from the tip of the nose to the posterior 
aspect of the cranium. Phantom setup and delineated VOI demonstrated in inset photo in bottom left corner of plot. 

(cm) 



 126 

4.6  Discussion 

In this work we have examined potential advantages of 2.5 MV imaging beam produced 

with a novel sintered diamond target located in the target arm of a TrueBeam treatment 

unit.  We hypothesized that this beam would provide advantages in terms of CNR per unit 

imaging dose when used for full-field CBCT imaging, and that further advantages may be 

realized through a VOI approach. The diamond target beam enables improved image 

quality in full FOV CBCT imaging, both in terms of CNR and spatial resolution 

characteristics compared to the commercial imaging beam. The 2.5 MV diamond beam 

demonstrated increased CNR per unit dose, particularly for the high contrast materials in 

the thin phantom. Larger improvements in CNR were observed at doses below 10 cGy in 

the thin phantom. Beyond this threshold CNR begins to saturate as improvements in 

contrast and noise become more gradual. Conversely, the contrast and noise 

characteristics in the thick phantom were such that CNR remains comparatively low at 

doses less than 10 cGy, and further improvements were seen with increasing dose. Due 

to the difference in CNR improvements with increasing phantom thickness, the 2.5 MV 

diamond target beam might be best suited for imaging smaller anatomy, such as the head 

or extremities. Investigation of MTF revealed an increase of nearly 30% in f50 for the 2.5 

MV diamond beam compared to the commercial beam. These improved 2.5 MV diamond 

CBCT image quality results are consistent with those observed in planar imaging101.  

 

As hypothesized, VOI collimation provided peripheral dose sparing in MV CBCT 

acquisition. Imaging dose at the posterior edge of the VOI3 cm and VOI4.3 cm profiles was 
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reduced by nearly 80% and 65%, respectively, compared to the full FOV dose. Within the 

VOI itself, imaging dose reductions of up to 20% were observed for the smallest VOI, 

presumably due to reductions of collimator and patient scatter. In addition to the dose 

sparing benefits, reconstructed VOI images demonstrated improved CNR at the high-

contrast bone-sinus interface compared to that acquired with a full FOV. These results 

contradict those previously reported by Robar et al. who found no significant 

improvement in CNR with reduced VOI dimension, however that work was conducted 

with a different target material, target geometry and detector105. Further exploration of 

the 2.5 MV diamond VOI technique could be carried out to determine consistency of 

these trends in other imaging applications, such as thicker anthropomorphic phantoms 

and more realistic anatomy, e.g., animal model or cadaver.  

 

The VOI acquisition technique presented in this work could be easily incorporated into 

the treatment workflow to enable anatomy-specific image guidance, allowing imaging of 

only the anatomy relevant to the guidance task, while offering both improved image 

quality and reduced imaging dose. Using the tumor volume as a basis structure, 

generation of the VOI and corresponding MLC sequence could be automated as part of 

the setup procedure at the treatment unit. In this work, the VOI technique demonstrated 

an advantage in CNR at the high-contrast bone-sinus boundary, where the CNR of VOI4.85 

cm was 1.14 times greater than that of the full field case. As such, this technique could be 

valuable in clinical scenarios involving a clearly defined (i.e. high-contrast) VOI in the 
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anatomy surrounding the treatment site, e.g. peripheral lung lesions, lumpectomy cavity, 

or brain tumors where proximal anatomy allows accurate registration. 

 

While this work demonstrates improved image quality per unit dose in MV imaging, our 

2.5 MV diamond target beam is still inferior to kV clinical protocols in terms of CNR per 

unit dose. Due to the underlying physics of bremsstrahlung x-ray production and energy 

dependent photon interactions, this disparity is inevitable. Despite this physical 

limitation, this 2.5 MV diamond target imaging may present as a cost-effective solution 

for CBCT image guidance in emerging markets with limited access to state-of-the-art 

equipment with on-board imaging. In the modern image guidance workflow, the 2.5 MV 

diamond target beam could offer the potential for integrated kV and MV CBCT acquisition 

to reduce artifacts and/or directly measure attenuation maps for online dose calculations, 

or possibly pave the way for intra-treatment MV imaging using a fast-switching target112, 

though this would involve significant engineering challenges. These possibilities motivate 

the continued development of this MV imaging technology. 

 

Despite the low DQE of the standard as1000 flat-panel detector in the 2.5 MV beamline, 

current and previous results combined demonstrate improved CNR versus dose 

characteristics in planar, CBCT and VOI CBCT imaging compared to the commercial beam. 

It is anticipated that the CNR versus dose relationship could be further improved in all of 

these acquisition modes through the integration of a high-efficiency multi-layer detector 

in the 2.5 MV sintered diamond target beamline99,102. 
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4.7  Conclusions 

This study demonstrated improvements in the CNR versus dose relationships in both full 

FOV and VOI acquisitions with the 2.5 MV diamond beam compared to the commercial 

beam. At CBCT doses as low as 2 cGy, CNR improvements of up to 1.7 times were observed 

in the 2.5 MV diamond images compared to those acquired with the commercial 2.5 MV 

imaging beam. In addition to the improved contrast characteristics in 2.5 MV CBCT, the 

sintered diamond beam displayed superior spatial resolution, quantified by the nearly 

30% increase in f50 compared to the commercial 2.5 MV beam. Volume-of-interest 

imaging approaches demonstrated some further CNR improvement as well as imaging 

dose reduction both within and outside of the VOI. In summary, the novel 2.5 MV 

diamond target beam presents a simple modification to the commercial 2.5 MV imaging 

beamline which improves image quality and supports the further clinical development of 

MV CBCT acquisition. 
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Chapter 5: Investigation of a novel 2.5 MV sintered diamond target beam for 

intracranial linac-based stereotactic treatments 
 

5.1  Prologue 

This manuscript investigates the novel 2.5 MV sintered diamond target beam developed 

in this thesis for potential applications in stereotactic treatment. Treatments of trigeminal 

neuralgia and ocular melanoma were simulated using Monte Carlo to determine the dose 

sparing effects compared to identical plans generated for a clinical 6 MV beam. This work 

highlights the benefit of the softer 2.5 MV low-Z target energy spectrum, demonstrating 

reduced penumbra and the effects on dose coverage and sparing in these treatment 

cases.  

 

This manuscript was published in Biomedical Physics & Engineering Express. 

Borsavage, J.M., Cherpak, A.J., Robar, J.L., Investigation of a novel 2.5 MV sintered 

diamond target beam for intracranial linac-based stereotactic treatments. Biomedical 

Physics & Engineering Express, vol. 10, 2024. 
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5.2  Abstract 

Purpose: This work investigates the small-field dosimetric characteristics of a 2.5 MV 

sintered diamond target beam and its feasibility for use in linac-based intracranial 

stereotactic treatments. Due to the increased proportion of low energy photons in the 

low-Z beam, it was hypothesized that this novel beam would provide sharper dose fall-off 

compared to the 6 MV beam owing to the reduced energy, and therefore range, of 

secondary electrons.  

 

Material and methods: Stereotactic treatments of ocular melanoma and trigeminal 

neuralgia were simulated for 2.5 MV low-Z and 6 MV beams using Monte Carlo to 

calculate dose in a voxelized anatomical phantom. Two collimation methods were 

investigated, including a 5x3 mm2 HDMLC field and a 4 mm cone to demonstrate isolated 

and combined effects of geometric and radiological contributions to the penumbral 

width.  

 

Results: The measured 2.5 MV low-Z dosimetric profiles demonstrated reduced 

penumbra by 0.5 mm in both the inline and crossline directions across all depths for both 

collimation methods, compared to 6 MV. In both treatment cases, the 2.5 MV low-Z beam 

collimated with the 4 mm cone produced the sharpest dose fall-off in profiles captured 

through isocenter. This improved fall-off resulted in a 59% decrease to the maximum 

brainstem dose in the trigeminal neuralgia case for the 2.5 MV low-Z MLC collimated 

beam compared to 6 MV. Reductions to the maximum and mean doses to ipsilateral and 
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contralateral OARs in the ocular melanoma case were observed for the 2.5 MV low-Z 

beam compared to 6 MV with both collimation methods.  

 

Conclusions: While the low dose rate of this novel beam prohibits immediate clinical 

translation, the results of this study support the further development of this prototype 

beam to decrease toxicity in intracranial SRS treatments. 

 

5.3  Introduction 

A primary challenge in many modern stereotactic treatments is the dose fall-off 

immediately beyond the surface of the target volume. While this issue has always existed, 

high dose fall-off has become a limiting factor in improving the accuracy of high dose 

delivery in stereotactic radiosurgery (SRS), stereotactic radiotherapy (SRT), and 

stereotactic body radiotherapy (SBRT) due to the reduction of clinical treatment margins 

with improved image guidance. Dose fall-off immediately beyond the prescription 

isodose surface is dictated by two factors: i) geometric penumbra and ii) radiological 

penumbra113. The first contributor can be minimized using conical collimation which 

matches beam divergence or multileaf collimator (MLC) leaf design that reduces partial 

attenuation of the beam through the leaf end, as well as minimizing the distance from the 

collimator to the target51. The second factor is determined by the range of electrons set 

into motion, which broadens beam penumbrae58. For small fields used in stereotactic 

treatments, the radiological penumbra widens as photon energy increases due to the loss 

of lateral charged particle equilibrium (CPE) at the field edge. This lack of CPE results in 
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more secondary electrons being scattered outside of the field edge than those scattered 

inwards, resulting in decreased dose deposited inside the field edge and increased dose 

deposited outside of the geometric field73. Despite 6 MV being widely accepted as the 

ideal radiotherapy treatment energy31, previous studies29,32 have shown that for small 

fields, lower megavoltage energy beams have sharper radiological penumbra, which may 

be advantageous in the delivery of conformal stereotactic treatments. The recently 

commercialized Zap-X radiosurgical platform (Zap Surgical San Carlos, CA) exploits these 

advantages, utilizing a 3 MV treatment beam. Combined with the shortened source-to-

axis distance (SAD) of 45 cm, the 3 MV beam offers reduced penumbra compared to a 6 

MV conically collimated field75. At 5 cm depth, the 90%-10% penumbral width for the Zap-

X beam collimated to a 4 mm diameter field is 1.78 mm75 compared to 1.94 mm for a 4 

mm conically collimated 6 MV beam on a TrueBeam114. 

 

Following the same rationale motivating the Zap-X platform, recent studies34ς36 have 

examined the use of the 2.5 MV beam on the TrueBeam platform for potential treatment 

applications in both standard and stereotactic treatment planning. Though this beam is 

dedicated exclusively for imaging, both studies concluded a dosimetric advantage in 

terms of sparing of organs at risk (OARs) for the 2.5 MV beam compared to identical plans 

generated for the 6 MV treatment beam, due to the decreased scatter of secondary 

electrons. Motivated by the results from these studies, our current work aims to 

investigate the use of a novel 2.5 MV low-Z sintered diamond target beam in linac-based 

intracranial stereotactic treatments. Owing to the decreased self-absorption of diagnostic 
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energy photons (i.e. 25-150 keV) within the low-Z target, the sintered diamond target 

beam yields a larger proportion of low-energy photons compared to the conventional 2.5 

MV beam23. Previous work with this 2.5 MV sintered diamond target beam demonstrated 

improved contrast-to-noise ratio (CNR) versus dose compared to the commercial imaging 

beam, resulting from the softer low-Z spectrum101,115. We hypothesize that this novel 2.5 

MV sintered diamond target beam would be advantageous in intracranial stereotactic 

treatments compared to the conventional 6 MV beam due to the decreased lateral scatter 

of lower energy secondary electrons, producing sharper penumbra and therefore 

improved dose fall-off. Due to the softer low-Z spectrum, it was reasoned that this novel 

beam would benefit peripheral dose fall-off compared to the conventional 2.5 MV beam, 

and therefore, the conventional 2.5 MV beam was excluded in this study. In addition to 

the effects of beam energy, this study examines two different collimation methods (i.e. 

stereotactic cone and MLC) to demonstrate the isolated and combined effects of reducing 

radiological and geometric penumbra contributions using Monte Carlo methods to 

simulate treatment of trigeminal neuralgia and ocular melanoma. 

 

5.4  Material and Methods 

5.4.1  Low-Z sintered diamond target 

The low-Z target was assembled in-house and installed on a TrueBeam STx unit, as 

previously described101. The target is made of a disk of sintered diamond, 13.44 mm in 

diameter and 5 mm thick, with a density of 3.35 g/cm3. Upon installation, the 2.5 MV 
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imaging beam was removed from clinical service and reserved exclusively for research 

purposes. 

 

5.4.2  Stereotactic beams and collimation 

Four stereotactic beams were investigated in this work including a novel 2.5 MV sintered 

diamond target beam (denoted as 2.5 MV low-Z, herein) and 6 MV, each with either 

conical or HDMLC collimation. This experimental design exemplifies the individual and 

combined effects of reducing the radiological and/or geometric contributions to 

penumbra. The smallest clinical stereotactic cone (i.e. 4 mm in diameter) was chosen to 

demonstrate the most significant case of lateral charged particle disequilibrium. To 

ensure fair comparisons between HDMLC and cone collimated fields, the HDMLC aperture 

was chosen to approximate the equivalent square field of the 4 mm circular field. This 

field was shaped by two opposing HDMLC leaf (2.5 mm wide) pairs forming a 5x3 mm2 

field, corresponding to an equivalent square field side of 3.75 mm versus 3.54 mm for the 

cone. 

 

5.4.3  Relative Dosimetry 

Each beam was characterized in terms of percent depth dose (PDD) at 90 and 100 cm SSD 

and off-axis profiles at various depths including: 0.2 cm, 0.5 cm, 1.5 cm, 5 cm, 10 cm, and 

20 cm for 2.5 MV low-Z and 0.8 cm, 1.5 cm, 5 cm, 10 cm, and 20 cm for 6 MV. All profiles 

were measured with a PTW 61009 microdiamond detector (PTW Freiburg, Germany) with 

the detector face oriented parallel to the central axis. Off-axis profiles were also 
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measured with calibrated EBT3 film (Ashland Advanced Materials, Bridgewater, NJ) and 

spot-checked at 5 cm depth using an in-house scintillator116 to ensure consistency. The 

cylindrical scintillator had dimensions of 1 mm in diameter and 2.5 mm in height to 

minimize volume averaging. Scintillator measurements captured five points along a given 

profile corresponding to the central axis (CAX) and four symmetric points about the CAX. 

For 6 MV, these points correspond to 2 mm and 5 mm on either side of the CAX, capturing 

the umbra, penumbra, and in-field regions of the profile. Due to the low dose rate of the 

2.5 MV beam and collection time limitations in the spectrometer software, 2.5 MV low-Z 

measurements were captured at 0.5 mm and 1.5 mm from the CAX.  Each scintillator 

measurement was corrected for fluorescence and Cherenkov using the method described 

by Lynch et al.116. 

 

5.4.4  Monte Carlo models 

The Monte Carlo framework consisted of three sequential simulations beginning in 

±ŀǊƛŀƴΩǎ ±ƛǊǘǳŀ[ƛƴŀŎ85 system to model the proprietary field independent portion of the 

TrueBeam treatment head. VirtuaLinac phase spaces were scored at a plane located 

above the jaws, 733 mm from isocenter, and used as input to EGSnrc BEAMnrc to model 

particle transport through the remaining treatment head geometry. The resultant 

BEAMnrc phase spaces were propagated through a tertiary geometry in dosxyznrc to 

calculate dose in a voxelized phantom. The dimensions and material properties of the 

ŎǳǎǘƻƳ нΦр a± ǎƛƴǘŜǊŜŘ ŘƛŀƳƻƴŘ ǘŀǊƎŜǘ ǿŜǊŜ ƳƻŘŜƭŜŘ ǘƻ ƳŀƴǳŦŀŎǘǳǊŜǊΩǎ ǎǇŜŎƛŦƛŎŀǘƛƻƴǎ 

in VirtuaLinac. Phase spaces for the 6 MV beam were generated in VirtuaLinac using 
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directional bremsstrahlung splitting to improve statistics in downstream dose 

calculations. The 6 MV phase space was created using identical parameters as those used 

to generate the open-source phase space files69. As such, the 6 MV beam model was used 

ǿƛǘƘƻǳǘ ǾŀƭƛŘŀǘƛƻƴ ǳƴŘŜǊ ǘƘŜ ǇǊŜǎǳƳǇǘƛƻƴ ǘƘŀǘ ǘƘŜ ƳƻŘŜƭ ǊŜǇǊŜǎŜƴǘŜŘ ΨƎƻƭŘŜƴ ōŜŀƳ 

ŘŀǘŀΩ όƛΦŜΦ ǊŜǇǊŜǎŜƴǘŀǘƛǾŜ ƻŦ ǘȅǇƛŎŀƭ ŎƭƛƴƛŎŀƭ с a± ōŜŀƳύ117. 

 

Two BEAMnrc input files were generated for each beam energy to model conical or 

HDMLC collimation. The 4 mm cone was modeled to manufacturer specifications and the 

TrueBeam HDMLC was defined based on engineering drawings sourced from the 

TrueBeam Monte Carlo Data Package118. For simplicity, the HDMLC model contained only 

the central 32 leaves, encompassing the 5x5 cm2 field collimated by the jaws. Prior to 

treatment simulation, the 2.5 MV low-Z models were validated against measured beam 

data using a gamma evaluation with 1.5%/1 mm dose and distance-to-agreement criteria, 

respectively. 

 

5.4.5  Treatment planning framework 

Treatment plans were generated in Eclipse using open-source anonymized patient 

data119. Mock targets were created to realistically imitate treatment volumes for ocular 

melanoma (OM) and trigeminal neuralgia (TN) according to anatomical placement and 

volume. These sites were chosen due to their proximity to delicate structures, and to 

capture a range of treatment depths. The OM treatment volume was contoured to 

represent a tumor at the posterior aspect of the choroid with an equivalent sphere 
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diameter of 3 mm, replicating a small sized tumor as defined by the Collaborative Ocular 

Melanoma Study (COMS). The TN target was localized to the nerve root and contoured to 

be 30 mm3.  

Optimal beam placement was determined using a forward-planning approach to arrange 

static non-coplanar fields in a commercial treatment planning system (Eclipse v15.6, 

Varian Medical Systems). Both TN and OM plans were created using the 6 MV HDMLC 

field in the treatment planning system (TPS). The OM plan was generated to deliver 50 Gy 

in 5 fractions with planning target volume (PTV) coverage of 45 Gy or more to 98% of the 

volume (i.e. D98% ² 45 Gy). The TN plan was designed with the following objectives: 1) 

deliver a maximum point dose of 90 Gy to the PTV, 2) V45 Gy = 100% (i.e. PTV encompassed 

by 50% isodose) and 3) maintain maximum brainstem point dose below 16 Gy. The 

resultant plans contained 16 and 13 static fields for the TN and OM cases, respectively.  

 

Treatment deliveries were simulated for all four beam models (i.e. 2.5 MV low-Z and 6 

MV collimated with HDMLC or cone collimation), as planned in the TPS with the 6 MV 

HDMLC field, amounting to eight total simulated treatments. Dose was scored in a 

voxeliȊŜŘ ŀƴŀǘƻƳƛŎŀƭ ǇƘŀƴǘƻƳ ŎǊŜŀǘŜŘ ǳǎƛƴƎ 9D{ƴǊŎΩǎ ŎǘŎǊŜŀǘŜ ǳǎŜǊ ŎƻŘŜ ǘƻ ŘŜŦƛƴŜ ǘƘŜ 

geometric bounds and convert CT number to corresponding material properties using a 

ramp based on HU values observed in the TPS. The computational phantom was 

constructed with uniform 0.5 mm voxel dimensions to provide adequate resolution to 

demonstrate differences in dose distributions particularly in the fall-off regions. The 

number of histories was increased to provide < 1% uncertainty in the calculated dose at 
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isocenter. Due to the finite size of the phase spaces used in these simulations, particles 

were recycled as needed to produce the desired statistics. Each particle was recycled a 

maximum of 20 times in both BEAMnrc and dosxyz simulations. The resultant dose 

distributions for 6 MV yielded 0.5% statistical uncertainty, whereas 2.5 MV low-Z 

distributions had a statistical uncertainty of 0.7%. The calculated 3ddose files were 

analyzed in 3D slicer120,121 to compare dose distributions and calculate corresponding 

dose volume histogram (DVH) metrics for the PTV and surrounding OARs. Prior to analysis, 

dose distributions were scaled in the software to produce the same PTV dose coverage, 

enabling meaningful comparisons. 

 

5.5  Results 

5.5.1 Relative dosimetry 

All profiles measured with the microdiamond, gafchromic film and plastic scintillator were 

in good agreement. The beam qualities, as characterized by the PDD at 100 cm SSD and 

10 cm depth, were 35.9%, 34.6%, 54.3%, and 54.8% for the 2.5 MV low-Z cone, 2.5 MV 

low-Z HDMLC, 6 MV cone and 6 MV HDMLC collimated beams, respectively. The 

corresponding depth of maximum dose was 0.38 cm, 0.38 cm, 0.89 cm, and 1.0 cm for 

the respective beams. The penumbral width and full width at half maximum (FWHM) of 

measured crossline and inline profiles for each beam are summarized in Table 5 and Table 

6 below.  
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Table 5 Measured penumbra (P90/10) and full width at half maximum (FWHM) for conically collimated beams 

Beams 6 MV 2.5 MV low-Z 

 
 
Depth 

P90/10 
Crossline 

(cm) 

FWHM 
Crossline 

(cm) 

P90/10 
Inline 
(cm) 

FWHM 
Inline 
(cm) 

P90/10 
Crossline 

(cm) 

FWHM 
Crossline 

(cm) 

P90/10 
Inline 
(cm) 

FWHM 
Inline 
(cm) 

0.2 cm - - - - 0.12 0.31 0.13 0.29 
0.5 cm - - - - 0.13 0.31 0.13 0.28 
0.8 cm 0.20 0.34 0.20 0.32 - - - - 
1.5 cm 0.21 0.35 0.20 0.32 0.13 0.32 0.14 0.29 
5 cm 0.23 0.36 0.23 0.33 0.14 0.33 0.15 0.31 
10 cm 0.25 0.38 0.24 0.35 0.14 0.36 0.16 0.33 
20 cm 0.27 0.41 0.28 0.38 0.18 0.39 0.20 0.36 

* P90/10 is distance between 90% and 10% dose points on normalized profile 
*FWHM is defined as the distance between 50% dose points on either side of the central axis 

 

Table 6 Measured penumbra (P90/10) and full width at half maximum (FWHM) for HDMLC collimated beams 

Beams 6 MV 2.5 MV low-Z 

 
 
Depth 

P90/10 
Crossline 

(cm) 

FWHM 
Crossline 

(cm) 

P90/10 
Inline 
(cm) 

FWHM 
Inline 
(cm) 

P90/10 
Crossline 

(cm) 

FWHM 
Crossline 

(cm) 

P90/10 
Inline 
(cm) 

FWHM 
Inline 
(cm) 

0.2 cm - - - - 0.17 0.26 0.21 0.41 
0.5 cm - - - - 0.19 0.27 0.21 0.42 
0.8 cm 0.32 0.36 0.28 0.43 - - - - 
1.5 cm 0.36 0.37 0.29 0.44 0.19 0.28 0.22 0.42 
5 cm 0.39 0.39 0.32 0.46 0.19 0.29 0.24 0.44 
10 cm 0.42 0.42 0.33 0.49 0.22 0.31 0.27 0.46 
20 cm 0.46 0.46 0.39 0.54 0.27 0.35 0.33 0.52 

* P90/10 is distance between 90% and 10% dose points on normalized profile 
*FWHM is defined as the distance between 50% dose points on either side of the central axis 

 
 

The penumbra for the 2.5 MV low-Z cone collimated beam was 0.5 mm narrower 

compared to the 6 MV beam with the same collimation, across all common depths in the 

inline and crossline directions. The FWHM of crossline and inline profiles was reduced for 

the 2.5 MV low-Z cone collimated beam compared to the 6 MV cone collimated beam. 
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Similar differences in penumbral width and FWHM were observed for the HDMLC 

collimated beams. 

 

5.5.2   2.5 MV low-Z beam model validation 

The validation of the 2.5 MV low-Z models was an iterative process involving beam 

parameter specification in VirtuaLinac and quantification of agreement between 

measured and resultant calculated profiles. Changes to beam parameters between 

iterations was informed by the observed agreement in both PDD and off-axis profiles. The 

2.5 MV low-Z beam models were validated using a gamma evaluation with criteria of 1.5% 

and 1 mm with a required pass rate exceeding 90%. This was met in both 2.5 MV low-Z 

models across all depths, except the HDMLC model crossline profile at 20 cm depth, as 

shown in Table 7, below. Upon re-evaluation, excluding the umbra region of the curve, 

the 20 cm crossline profile had a pass rate of 94.1%. The validated 2.5 MV low-Z models 

utilized an incident electron energy of 2.3 MeV with a 0.1 MeV energy sigma and focal 

spot size of 0.8999 mm in the x-direction and 0.956 mm in the y-direction.  

Table 7 2.5 MV low-Z gamma pass rates for profiles with conical and HDMLC collimation 

Depth Inline (cone) Crossline (cone) Inline (HDMLC) Crossline (HDMLC) 

0.2 cm 91.3% 93.2% 96.0% 96.1% 

0.5 cm 91.9% 94.8% 97.0% 96.0% 

1.5 cm 93.9% 92.2% 91.3% 94.8% 

5 cm 92.9% 93.2% 97.0% 96.0% 

10 cm 96.1% 94.9% 98.0% 96.0% 

20 cm 93.2% 96.0% 92.9% 49.5%* 

* 94.1% for points D>10%  
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5.5.3   Treatment simulation and dose analysis  

5.5.3A  Trigeminal Neuralgia plan 

Figure 34 illustrates two-dimensional dose distributions at isocenter in the axial, coronal, 

and sagittal planes, along with corresponding relative dose profiles captured through 

isocenter for each of the four beams in the TN case. As hypothesized, the 2.5 MV low-Z 

cone provided the sharpest dose fall-off in all three planes compared to 6 MV with both 

HDMLC and conical collimation, as well as the 2.5 MV low-Z HDMLC beam. Dose-volume 

histograms (DVHs) for the TN treatment volume and brainstem are provided below in 

Figure 35. The DVHs were calculated for distributions that were normalized to satisfy the 

PTV coverage requirement of V45Gy = 100%. The resultant distributions contained hotspots 

in the PTV of 121% and 186% for the 6 MV cone and 2.5 MV low-Z cone collimated beams, 

respectively.  
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Figure 34. Calculated dose profiles in the a) axial b) coronal and c) sagittal planes for the trigeminal neuralgia plan 
captured along red line segment in cross-sectional images. 
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Figure 35. Dose-volume histogram (DVH) comparison of A) PTV and B) brainstem structures for trigeminal neuralgia 

plan with 4 mm cone and 5x3 mm2 HDMLC collimation to achieve the same PTV coverage of D100% ²  45 Gy. 

 
Maximum doses to the PTV and brainstem for all four beams providing the same PTV 

coverage in the TN case are provided in Table 8 below.  Based on the significant 

inhomogeneity in the 2.5 MV low-Z cone collimated DVH, it is evident that the 30 mm3 

target is too large for treatment with the 2.5 MV low-Z beam collimated with the 4 mm 

cone. While this target was better suited for treatment with a larger cone to maintain 

reasonable maximum point dose to the PTV, the significantly reduced brainstem dose in 

the 2.5 MV low-Z cone distribution suggests that a larger cone may still be advantageous 

compared to the 6 MV 5x3 mm2 HDMLC collimated beam, given adequate PTV coverage.  

 

Table 8 Maximum brainstem and PTV doses in Gy for the TN plan with the same PTV coverage 

 PTV Brainstem 

6 MV HDMLC 90.0 16.0 

6 MV cone 109.2 11.4 

Low-Z HDMLC 90.0 6.6 

Low-Z cone 168.0 5.6 

B) A) 
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5.5.3B  Ocular melanoma plan 

Figure 36 displays sample dose distributions in axial, coronal and sagittal planes with 

resultant relative dose profiles captured along the red line segment in each image for the 

OM case. Before analyzing results, the dose distributions for each beam were set to 

provide the same dose coverage to the PTV as achieved in the 6 MV HDMLC plan to 

produce comparative distributions.  
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Figure 36. Calculated dose profiles in the a) axial, b) coronal and c) sagittal planes for the ocular melanoma treatment 
plan delivered with 2.5 MV low-Z and 6 MV beams to achieve the prescribed PTV dose coverage in each distribution. 
Profiles captured along red line segment in cross-sectional images. 

 




























































