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1. Introduction

1.1 Cancer treatment: panorama

Th e oldest acknowledged description of cancer, an Egyptian papyrus, 
believed to reference breast cancer and other tumours or ulcers, dates 
back to the 30th century BC. It describes suturing by cauterization with a 
“fi re drill” and warns that there is no successful treatment for protruding 
tumours spread over the breast[1]. Th e word cancer itself appears much later 
in history, introduced by Hippocrates (460-370 BC) as the Greek term 
karkinos (and karkinomas) and later translated to Latin into cancer. Th e 
term is an allusion to crab, as swollen blood vessels around breast cancer 
might look like crab legs[2], thus carcinoids (or crab-like). Currently, cancer 
is the second leading cause of death worldwide, in 2018, it was responsible 
for approximately 9.6 million deaths, its economic cost was estimated at 
US$ 1.16 trillion and it is predicted that by 2040 29.5 million people will 
be living with it[3]. Cancer is also a generic term for a collection of diseases 
(there are over 200 cancer types) involving unregulated cell growth and 
characterized by underlying processes, which discriminate healthy from 
cancerous cells[4, 5]. Th e processes or the hallmarks of cancer are summarized 
in Figure 1.1; cells need to have acquired mutations in all hallmarks before 
they can be seen as cancerous, for which the order is not set: diff erent 
mutations paths can lead to cancer.

Figure 1.1 – Th e biological capabilities of human tumours, the hallmarks of cancer, comprehend: sustaining 
proliferative signalling, evading growth suppressors, enabling replicative immortality, activating invasion 
and metastasis, inducing angiogenesis, resisting cell death, reprogramming of energy metabolism and 
evading immune destruction. Th is is in addition to underlying genome instability and infl ammation. 
Besides cancer cells, tumours contain normal cells that create the tumour microenvironment. Reproduced 
and modifi ed with kind permission. Hanahan D, Weinberg RA. Cell 2011[5].
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Cancer treatment has evolved with variable success over the years. Surgery, 
chemotherapy and radiotherapy are the most common treatment modalities, 
which also comprehend hormonal therapy, immunotherapy, gene therapy 
and targeted treatments. Surgery, the physical resection of neoplasia, was 
already practiced in the eighteenth century for early-stage tumours[6]. 
Techniques were developed under standard oncological criteria during 
the twentieth century[7] and nowadays benefi t from modern technology, 
e.g. non-invasive procedures. Chemotherapy, a sub-product of research on 
chemical weapons during the World War II[7], targets rapidly dividing cells 
and blocks diff erent functions in cell growth and replication using systemic 
drugs. Modern chemotherapy avails from novel drug combinations, 
delivery techniques and targeted approaches, such as monoclonal antibody 
therapy[8]. 

Radiotherapy, the main focus of this thesis, uses ionizing radiation with a 
curative intent, targeting cancerous tissues and preserving healthy ones to 
the maximum possible extent. It has been heavily practiced over the last 
century. Only seven months aft er the discovery of x-rays by Röntgen, in July 
1896 a gastric carcinoma radiation therapy was performed[9, 10]. By 1901, also 
shortly aft er the discovery of spontaneous radioactivity by Becquerel and 
the Curie couple, patients in Paris and New York (1904) were undergoing 
implantation of radium tubes directly into tumours, some of the fi rst 
interstitial radiotherapy, or brachytherapy, treatments[11, 12]. Th e fi rst light 
ion therapy treatment took place in 1954 for pituitary adenomas using 
protons and subsequently helium ion beams[13]. Th roughout the twentieth 
century external beam radiation therapy (EBRT) evolved drastically: it 
passed from superfi cial and orthovoltage photons in the kilovolt (kV) 
energy range produced by x-ray tubes and sealed radioactive sources to 
megavoltage (MV) 60Co machines, medical linear accelerators, electron and 
heavy particle beams[12]. Similarly, the use of large radiation fi elds, which 
deposited radiation dose beyond the target and restricted the tumour 
control probability (TCP) by limiting the normal tissue complication 
probability (NTCP) gradually transitioned to spatio-temporal modulated 
and highly conformal techniques in the last twenty years[14]. Newer devices 
are able to deliver multi-fi eld four-dimensional treatment plans, and arrest 
deeper and spread tumours while promoting higher sparing of healthy 
structures. 
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On a parallel track, the understanding of oncogenesis and response of 
biological matter to ionizing radiation followed a similar revolution, 
albeit moderately delayed with respect to patient therapy. In 1906, 
radiosensitivity was detected in cells with high mitotic activities and 
low levels of diff erentiation[15]. Two decades later, Muller showed that 
chromosomes are the main target in ionizing radiation cell killing[16, 17]. Th e 
principle of fractionation was fi rst demonstrated in 1911, as distributing 
radiation dose in multiple therapy sessions lead to skin burn (erythema) 
avoidance[18]. Fractionation regimens remained inconsistent until several 
decades later, when a better understanding of time-dose relationships and 
the diff erential recuperation characteristic of normal and neoplastic tissues 
led to the conclusion that independent processes occur between fractions 
and favour the survival of normal over cancer tissues[19]. Yet, they are still 
not standardized. Additionally, since the 1920’s, oxygen has been linked to 
cellular response to radiation: the currently accepted mechanism considers 
that it acts in free radical-induced DNA damage repair and recent research 
indicates that tumour hypoxia can generate a broad range of signalling 
eff ects[12, 20, 21]. 

In addition to radiotherapy and radiobiology advances, the development of 
diagnostic imaging has been a fundamental tool for the evolution of cancer 
care. Th e advent of the computed tomography (CT) and its integration 
to radiotherapy allowed anatomical visualization of targeted and normal 
structures. It became a platform upon which three-dimensional (3D) 
radiation dose calculations are performed and dose distribution throughout 
the entire irradiated volume is quantifi ed. Th e use of CT in treatment 
planning resulted in greater precision in dose distribution, optimization 
and patient and dose positioning, decreasing the risk of accidental target 
misalignment and related complications. In addition to anatomical and 
structural imaging, the ability to spatially measure biological, metabolic, 
or physiological processes was achieved with functional imaging modalities 
such as magnetic resonance imaging (MRI), single photon emission 
tomography (SPECT) and positron emission tomography (PET). On a 
biological standpoint, enhanced microscopy and non-invasive functional 
imaging with metabolic tracers enabled insight in microenvironment 
repair/response pathways and the targeting of e.g. hypoxia.

Modern external beam photon radiotherapy is delivered with highly 
conformal beams in short treatment times, where small tumour sub-
volumes can accurately receive high doses. It benefi ts from adaptive methods 
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that combine image-guided techniques capable of optimizing treatment 
during its course[14]. Moreover, external beam light ion therapy is globally 
widespread, with 91 centres in operation in 2019[22], characterized by the 
major energy deposition at a specifi c depth within the patient and, unlike 
photon treatments, the preservation of normal tissues beyond that point. 
Th ese therapies can be used in an adjuvant fashion, whereby a combination 
with surgery or chemotherapy may optimize treatment outcome. Biological 
variables based on diff erences between tumour metabolism, tumour 
antigens, and normal tissues have also been incorporated into the treatment 
process contributing to individualized precise medicine.

Th e brief contextualization above, from primitive to state-of-the-art 
treatments, the parallel development of physical and biological principia 
and the technological revolution, portrays the evolution of cancer care in 
time and the intrinsic multidisciplinary characteristics of this fi eld. Figure 
1.2 gives an abridged timeline of main radiotherapy events. Although much 
has changed since the early 20th century, when an x-ray image could take 
hours[23] and only small localized tumours were curable, the urgent need to 
treat patients remained invariable: it is the force that drives the empirical 
aspect of this fi eld. Historically, treatment regimens for site-specifi c 
cancers have not been based on randomized clinical trials, fundamental 
biological models or epidemiological studies. Even today, the shift  from 
non-conformal large beams to sophisticated conformal irradiation beams 
has not been thoroughly validated on animal models or human trials. If 
conformal beams provide good target coverage, tumour cells might still 
exist outside the irradiated volume and physiological motion can aff ect the 
conformity: there is always a balance. However, the compromise between 
cure and toxicity has been settled in treatment protocols, based on consensus 
opinions on the best trade-off  for a specifi c patient population[24], oft en 
derived from large fi eld, single-beam irradiations[25], unspecifi c for current 
therapies. 

Rigorous radiation research and multi-centre trials have brought benefi ts 
in terms of understanding outcome in modern care[27]. Pre-clinical research 
platforms can provide a cost-eff ective experimental pipeline for timely 
validation of new treatment modalities or interpretation of clinical 
experience on large cohorts[28]. In several fi elds, it is not an incipient 
practice; animal models and cell culture experiments are heavily used to 
evaluate new pharmaceuticals and systemic drugs due to legal requirements 
and controlled experimental conditions[29, 30]. Pre-clinical nuclear medicine 
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research heavily relies on high-resolution functional small animal imaging to 
assess new radio-pharmaceutical tracers or therapies[31]. EBRT on the other 
hand, with its vast number of daily treatments and diff erent modalities, 
has had marginal contributions from small animal research[32]. To unravel 
fundamental questions of radiotherapy regarding ideal dose distributions, 
fractionation schemes, heterogeneous irradiations, metastatic pathways, 
combinations of radiation and other therapeutic or protective agents it 
is envisioned that pre-clinical precision radiotherapy, which realistically 
mimics clinical radiotherapy downscaled to small animal sizes, should play 
a larger role.

1.2 Pre-clinical radiotherapy research: the paradigm shift 

Small animals are used to evaluate therapeutic profi ling at low cost and 
maintenance in rapidly reproducing models[33]. Th ey enable the investigation 
of treatment modalities that would be considered unethical in patients. 
Advances in clinical treatment capabilities and deeper understanding of 

Figure 1.2  – Abridged timeline: clinical, biological and physical advances of radiotherapy throughout the 

20th century. Adapted from Connel et al
[12]

 and Bernier et al
[26]

1890 1900 1910 1920 1930 1940
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• First X-ray cancer 
treatment.

• Fractionation 
leads to sterilization 
without major burns.
• Leukemia cases in 
radiation workers.

• Cyclotron is invented.
• Oxygen in RT role by 
plant root studies.
• First neutron beam 
patient.

• Compton effect.
• Isodose diagrams. 
• Radiosensitivity and 
oxygen correlation.
• Radioprotection 
recommendations.

• Notion of 
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• Cellular 
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dependence on 
mitotic activity and 
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1950 1960 1970 1980 1990 2000

• 60Co telegraphy.
• Oxygen effect quantification.
• First proton patient.
• Clonogenic survival curves for 
irradiated cells.
• Cellular radiation damage 
repair shown.

• First CT scans.
• PET developed.
• First hypoxic cell 
sensitizer.
• Concept of IMRT.

• Cancer cell survival 
correlated with TCP.
• Bystander effect.
• ATM gene discovered.
• Functional imaging, 
dose painting, dose 
sculpting.

• Metastasis may occur before 
detection of primary tumours; 
differential radiosensitivity of early 
vs late responding tissues; multi-leaf 
collimator; MRI clinically available; 
first trials of chemo-radiation; clinical 
proton therapy; iso-effect formula 
based on quadratic and linear 
components of radiation-induced cell 
kill; tumour potential doubling time;
development of IMRT.

• First RT linac.
• Skin iso-effects 
governed by total 
dose and treatment 
time.
• Nobel prize for 
radiation-induced 
mutagenesis.

• Differential 
radiosensitivity.
• Hyperbaric oxygen in RT.
• First in vivo radiation 
survival curve.
• Gamma knife for cranial 
radiosurgery.

radiation responses of normal and tumorous tissues can be achieved through 
pre-clinical trials. Similar to clinical care, pre-clinical radiotherapy has begun 
with primitive setups, large radiation fi elds and no imaging capabilities. 
Clinical devices have widely been used for small animal irradiation, 
although they oft en have higher energies and lower precision than ideal 
for the small specimens’ dimensions. Dose has been rarely measured or 
estimated due to the lack of treatment planning systems[32]. Additionally, 
tumour models have typically been derived from xenograft  transplantation 
of human (or cell culture) tumour tissues placed subcutaneously in the 
animal fl ank, which might fail to replicate the tumour micro-environment 
and to represent clinical response or tumour progression[34, 35]. Th e poor 
conformity and resemblance to clinical treatments has possibly been an 
underlying cause for the limited pre-clinical radiotherapy data available 
and translation to clinical parameters. A number of research institutions 
and commercial companies have addressed the shortcomings of pre-clinical 
radiotherapy systems[32, 36-40] and proposed solutions: a few of them will be 
shortly mentioned on the following sections. In addition, Table 1.1 lists the 
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Ideal requirements for a small animal image-guided irradiator device

Beam energy 100–300 kVp X-ray tube potential

Based on 10 min for 2 Gy

skin dose

Min dose rate

Image 
Resolution

Image 
temporal 
resolution

Beam diameter 

Targeting 
accuracy

0.33–0.66 mm 

120 ms or 8 fps

Desired isotropic voxel 
size relative to voxel size 
of 1–2 mm for patients

Based on one tenth of 
respiratory period of free 
breathing animals

Desired beam size 
diameter relative to 
smallest pertinent clinical 
beam diameter of 5–10 
mm for patients

Th e ideal targeting 
accuracy will have 
zero mechanical beam 
positional error and be 
limited only by image 
resolution

1.6–3.3 mm

±0.3 mm

0.15–0.31 mm

75 ms or 13 fps

0.76–1.53 mm

 ±0.2 mm

0.065–0.13 mm

 40 ms or 25 fps

 0.33–0.66 mm

 ±0.1 mm

Rabbit MouseRat

Notes

0.2 Gy min 1 

Table 1.1 – Ideal requirements for an image-guided small animal irradiator device. Reproduced from 

Verhaegen et al, 2011[32], with kind permission.

main requirements for small animal irradiation devices.

1.2.1 Irradiation energies

Small animal external beam photon irradiations are currently performed in 
the kV (up to 300 kV) instead of the MV energy range to avoid large dose 
buildup (and re-buildup) regions near medium interfaces due to electronic 
disequilibrium and large beam penumbras[36]. Compton and photoelectric 
eff ects are the main physical interactions, which generate secondary 
particles responsible for dose deposition. Th e increased probability of 
photoelectric interactions distinguishes kV and MV therapy modalities. 
MV dose calculations may consider the irradiated volume, the patient’s 
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body, fully made of water for simpler absorbed dose calculations due to the 
predominance of Compton interactions[41] which scale with the electron 
density of the medium. Incorrect media assignment for kV irradiations may 
lead to dose errors as a result of diff erences in energy absorption in diff erent 
media and the increased probability of photoelectric eff ect: its cross section 
increases with increasing atomic number and decreasing photon energy[42-44]. 
Th us, energies above 100 keV are preferred to avoid heterogeneous dose 
distributions which would not correspond to treatments with MeV beams, 
and could invalidate pre-clinical translation[45]. Exceptions to this practice 
can be diff erential tissue absorption or relative biological eff ectiveness 
(RBE) studies, as radiation eff ects can be boosted at lower energies[46]. 

1.2.2 Image guidance

Similar to the clinical practice, CT imaging became the preferred modality 
for simultaneous anatomical information and treatment planning dose 
calculation for pre-clinical radiotherapy. Several other non-invasive imaging 
techniques exist for small animals, including MRI, SPECT, PET, optical 
imaging and ultrasound, which provide variable degrees of structural or 
functional information but cannot be used alone for dose calculations[47]. 
Nevertheless, they can be fused with CT scans for better contrast of soft  
tissue or enhanced tumour visualization accuracy. Commercial radiotherapy 
platforms use cone-beam CT (CBCT), which features an imaging panel 
and a dual-focus x-ray tube mounted in-line: the x-ray tube is responsible 
for both irradiation and imaging in the same coordinate system, and the 
fl at panel provides the sub-millimetric resolution (up to 100 μm) necessary 
for the tiny creatures[37, 48]. Micro-CT devices with increased resolution (< 
20 μm) exist based on fan-beam technology. Th ey are not integrated with 
current irradiation devices. Th e substantially increased spatial resolution 
necessary for pre-clinical imaging, one order of magnitude higher in 
comparison to the clinic, is fundamental for accurate and reproducible 
radiation guidance to match delivered with prescribed dose and to observe 
changes in tumorous and healthy tissues exposed to diff erent radiotherapy 
fractionation schemes and techniques. In this scenario image quality is 
paramount. 

In terms of hardware, x-ray tubes with several possible potentials enable 
improved contrast-to-noise ratio and allow for dual-energy CT (DECT) 
capabilities; x-ray detectors with fl at quantum effi  ciency, dose response 
and high temporal resolution facilitate dose-reconstruction and respiratory 
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gating techniques[47, 49, 50] . Flat panel detectors require a number of calibrations 
prior to image acquisition and are supposed to be calibrated on a routine 
basis to ensure the accuracy, stability, and reliability of CT numbers[48, 51]. 
Th e image projections have to be corrected for dark currents, diff erences 
in pixel gain, defective pixels and mechanical fl ex of the gantry. Figure 1.3 
shows a commercial small animal irradiation platform. Regarding soft ware, 
analytical fi ltered back-projection algorithms are commonly used, while 
iterative reconstruction techniques are mostly used for fan-beam CT but 
can be implemented for the CBCT[52]. Th ey are expected to yield improved 
image quality as they use multiple repetitions in which a current solution 
converges towards a better solution: image and projection data correction 
are repeated until a condition predefi ned by the algorithm is satisfi ed and 
the fi nal image is generated[53, 54]. Additionally, the usage of scatter and 
noise correction kernels is also desirable as CBCT is inherently a noisier 
technique and image artefacts may infl uence the accuracy of posterior dose 
calculations.

Figure 1.3 – Commercial small animal irradiation platform: X-RAD SmART (Precision X-Ray, North 
Branford (CT), United States). (a) Dual focus x-ray tube used for imaging and irradiation. (b) Flat panel 
detector for the CT imaging system. (c) Bioluminescence camera. (d) Gantry of the machine which 
rotates around the subject. (e) Stage to position the specimens with six degrees of freedom: it moves 
forward or backward, left  or right, and up or down, Th e green arrow indicates where the specimens are 
placed). (f) Collimator attached to the x-ray tube for irradiation purposes. Reproduced with permission 
from the website pxinc.com/resources/#videos accessed on April 2019.
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1.2.3 Treatment Planning

In commercial pre-clinical systems, treatment planning follows similar 
steps to their clinical analogues. Subsequent to the CT scan acquisition, 
image voxels are assigned tissue density and type, taken at a specifi c 
radiation quality. Th e assignment is typically derived from a piecewise 
linear calibration curve, which correlates CT numbers to mass densities, 
using phantoms with reference materials. Subdivisions of the calibration 
curve into intervals that belong to a same medium assign the tissue type. 
In most cases only three materials are used: air, soft  tissue and bone. Th is is 
an important step, as erroneous assignment is likely to be propagated into 
incorrect dose calculations, sub-optimal results and invalid conclusions[55, 

56]. It has been hypothesized that DECT imaging may yield improved tissue 
segmentation as it has the advantage of extracting an additional material 
characteristic besides density[54, 55, 57-59]. Th is technique can be achieved with 
diff erent x-ray spectra, diff erent fi ltration to split a spectrum into two or 
by dividing the photons of a single spectrum into diff erent energy bins 
at the detector level. Pre-clinically, it has been used with two consecutive 
scans and besides density, atomic number information was derived[58]. It 
has been shown that information on eff ective atomic number is needed to 
achieve accurate dose calculations and using a higher number of tissues, 
especially bones, might be advantageous[56, 60]. Eff ects of single and DECT 
modalities on tissue segmentation and dose calculations, as well as image 
quality parameters, are studied in detail in Chapters 2 and 3.

1.2.4 Dose calculations

Monte Carlo (MC) techniques are considered the gold-standard to dose 
calculations due their detailed models of particle transport, interactions 
and production of secondary particles based on cross sections and transport 
theories. In principle, MC simulation is the only suitable technique for 
accurate kV photon dose calculations[61]. Small animal treatment dose 
calculations are currently performed with MC methods and other techniques 
based on ray-tracing or superposition convolution[25, 62]. Th e latter methods 
are considered less accurate in non-water geometries and in cases where 
photon scatter is relevant. Commercial pre-clinical treatment planning 
systems exist based on MC calculations[25, 63]. A complete example, Figure 
1.4, follows the workfl ow of a simplifi ed clinical TPS: the animal image 
is uploaded, processed for density and material assignment, structures 
(e.g. tumours and organs at risk, OARs) are delineated, radiation beams 
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Figure 1.4  – Example of commercial TPS workfl ow: the tasks on the left -hand side are performed 
sequentially top/down, from CT upload to Dose analysis. Reproduced from van Hoof et al, 2013[63], with 
kind permission.
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Dose Volume
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main page

DICOM file read
image preview
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rebinning

MC geometry file

Structures

DOSxyz dose
calculation

Plan

MC input file

Dose

defi ned, dose calculation is performed with a MC engine and dose analysis 
is displayed as dose volume histograms (DVHs) of the contoured volumes 
and their respective cumulative dose. If the treatment was successfully 
planned, a radiation device control fi le can be written for desired physical 
positioning and irradiation[63]. Th e radiation beams are generally shaped 
with fi xed or variable collimators and generate small beams: between 0.5 
mm and a few centimetres. Figure 1.5 shows diff erent irradiation scenarios. 
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Figure 1.5 – Irradiation scenarios: 3D translation of the animal and gantry rotation (a) with 
interchangeable collimators; (b) with variable aperture collimators. (c) Animal translation with a fi xed 
beam size. (d) Dynamic collimator aperture, gantry angle, animal couch position and angle. Semi-
transparent elements indicate diff erent states of static step and-shoot irradiations and yellow arrows 
indicate movement of the animal couch and beam collimators during radiation delivery. Reproduced 
from van Hoof et al, 2019[64], with kind permission.
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1.2.5 Structural delineation

Th e structural delineation, briefl y mentioned above, is the process where 
an expert in the specimen anatomy uses a set of tools to precisely contour 
the tumour and organs of interest. It is a fundamental step in treatment 
planning as further dose analysis, and defi nes if the tumour dose coverage 
and simultaneous health tissue sparing are within the desired protocols. 
Th e image drawn upon is a static representation of the instants when 
the scan was taken. It should be considered that although the animal was 
physically restrained, under sedation, basal functions, such as breathing and 
heart motion, can promote a shift  in the expected tumour positioning. In 
clinical radiotherapy, the use of target volumes and treatment margins have 
long been recommended and is a premise for unambiguous prescription, 
recording and reporting of dose[65-67]. Besides the delineation of the tumour 
itself, also called gross target volume (GTV), the expert contours a volume 
where malignancy spread is expected, clinical target volume (CTV). Both 
GTV and CTV are purely based on anatomical and biological parameters. 
An extra contour, the planning target volume (PTV), consists of a 
geometrical margin to account for variation in size, shape and position 
relative to the treatment beam. Th e PTV considers the net eff ect of all 
the possible geometrical variations, to ensure that the prescribed dose 
is absorbed in the CTV. A number of clinical studies have explored this 
concept and proposed recipes to quantify the weight of systematic and 
random errors, or the eff ect of treatment execution and preparation, on the 
size of the PTV[68]. Th e concept of margins is still incipient in small animal 
radiotherapy[69, 70]. Although some studies use irradiation margins, there are 
no specifi c guidelines on how to defi ne them[71]. Chapter 4 approaches this 
subject and proposes a framework for margin delineation.
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1.2.6 Dose reporting

Proper dose reporting is as important as correct tissue assignment and 
still being debated in the clinic[72]. Monte Carlo dose engines require tissue 
identifi cation and typically report the absorbed dose in terms of dose to 
medium-in-medium (Dmm), whereby particles are transported and dose 
is scored in the medium that was previously assigned to a specifi c voxel. 
Th us, material specifi c interaction coeffi  cients are used. Some algorithms 
may use a diff erent quantity: dose to water-in-medium Dwm. In this case, 
particles are transported in the specifi c medium but dose is scored using 
water cross sections. Th e two absorbed doses are diff erent quantities with 
large diff erences in the kV energy range and demand a conversion factor 
for proper comparison, which adds uncertainty. Th e factor derivation 
has a degree of complexity as it depends on the scoring volume and can 
be a combination of mass stopping power and mass-energy absorption 
coeffi  cient, both ratios for water and medium[73, 74]. Th e coexistence of both 
quantities is related to historically simpler dose calculation methods, the 
water-based aspect of radiation dosimetry and the ignorance regarding 
which quantity correlates best with biological eff ects of radiation. Chapter 
5 treats this theme, with a thorough theoretical section and calculations in 
diff erent scenarios that amplify the diff erences between the quantities.

1.3 Light ion treatments

Pre-clinical research is necessary to also advance the knowledge on ion 
beam therapies. Th is treatment modality is a reality in a rapidly growing 
number of centres worldwide[22]. Integrating the existing state-of-the-art 
pre-clinical photon expertise with ion beams is likely to initiate a novel 
fi eld in small animal research. A few studies have been published on the 
feasibility of ion beam irradiations and the impact on tumour growth, 
survival and RBE in fractionated schemes[75-78]. Th e high cost associated with 
an ion beam facility hampers the possibility of dedicated small animal ion 
beam centres. However, clinical and non-clinical ion beam facilities have 
been investigating ways to adapt their setups for image guided pre-clinical 
research, using existing x-ray platforms for imaging and positioning. Th e use 
of a clinical proton beam, with the potential to be shaped into small fi elds 
with sharp beam penumbras and low proton energies might be attractive 
in this context. Chapter 6 explores dose calculations with a clinical proton 
beam.
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1.4 Objectives

Pre-clinical radiotherapy has evolved and matured into a platform for 
evaluation of new treatment modalities. A number of challenges to 
achieving downscaled treatments in small animals persist. In particular, 
the role of image quality and its translation into dose calculations, target 
delivery, dose reporting and ion beam feasibility form the basis of this 
thesis.

1.5 Th esis outline

Chapter 1, gives an overview on the background and importance of radiation 
therapy, its historical evolution, empirical aspects and the rise and evolution 
of pre-clinical radiation research. For the latter, the need to replicate clinical 
scenarios is emphasized to achieve translational research. 

Chapter 2 presents an investigation on the feasibility of using dual-energy 
CT (DECT) for tissue segmentation and kV dose calculations in pre-clinical 
studies and assesses potential dose calculation accuracy gain. Phantoms and 
an ex-vivo mouse, as well as, SECT and DECT segmentation techniques are 
compared and dose accuracy is evaluated.

Chapter 3 describes a soft ware platform for pre-clinical CBCT x-ray image 
reconstruction built using the open-source reconstruction toolkit (RTK). A 
number of algorithms are used from the analytical fi ltered back-projection to 
iterative algorithms. Imaging metrics are quantitatively assessed with a quality 
assurance phantom, and DECT analysis performed to determine the infl uence 
of each reconstruction technique on the relative electron density and eff ective 
atomic number values.

Chapter 4 analyses the eff ect of respiratory motion on optimal irradiation 
margins for murine lung tumour models. Four-dimensional mathematical 
phantoms with diff erent lung tumour locations aff ected by respiratory motion 
and breathing curves are used for the ultimate time-resolved dose evaluated by 
radiotherapy metrics. An interpolation function is also investigated to reduce 
calculation cost.

Chapter 5 focuses on the diff erence in dose reporting quantities Dmm and Dwm 
in the kV photon energy range, and their conversion factors, using diff erent 
approaches from cavity theory. Phantoms and an ex-vivo mouse are used for 
the dose calculations, where each CT voxel is considered a cavity. Calculations 
are performed for low-kV energies, where divergence among dose descriptors 
is augmented, and could be a limiting factor for the accurate translation of 
pre-clinical research into clinical trials. 
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Chapter 6 proposes the use of a clinical proton platform for pre-clinical 
irradiations. Functionalities of the system are optimized and small fi elds are 
delivered in short irradiation times. Proton dose distributions are compared 
to photon dose distributions from the pre-clinical platforms discussed in this 
work. 

Chapter 7 discusses the work described in this thesis, lists intrinsic challenges, 
shortcomings and the perspectives for pre-clinical external beam research in 
the future.
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Abstract

Background: To investigate the feasibility of using dual-energy CT (DECT) 
for tissue segmentation and kilovolt (kV) dose calculations in pre-clinical 
studies and assess potential dose calculation accuracy gain.

Methods: Two phantoms and an ex-vivo mouse were scanned in a small 
animal irradiator with two distinct energies. Tissue segmentation was 
performed with the single-energy CT (SECT) and DECT methods. A 
number of diff erent material maps was used. Dose calculations were 
performed to verify the impact of segmentations on the dose accuracy.

Results: DECT showed better overall results in comparison to SECT. Higher 
number of DECT segmentation media resulted in smaller dose diff erences 
in comparison to the reference. Increasing the number of materials in the 
SECT method yielded more instability. Both modalities showed a limit to 
which adding more materials with similar characteristics ceased providing 
better segmentation results, and resulted in more noise in the material 
maps and the dose distributions. Th e eff ect was agg ravated with a decrease 
in beam energy. For the ex-vivo specimen, the choice of only one high dense 
bone for the SECT method resulted in large volumes of tissue receiving 
high doses. For the DECT method, the choice of more than one kind of 
bone resulted in lower dose values for the diff erent tissues occupying the 
same volume. For the organs at risk surrounded by bone, the doses were 
lower when using the SECT method in comparison to DECT, due to the 
high absorption of the bone. SECT material segmentation may lead to an 
underestimation of the dose to OAR in the proximity of bone.

Conclusions: Th e DECT method enabled the selection of a higher number 
of materials thereby increasing the accuracy in dose calculations. In 
phantom studies, SECT performed best with three materials and DECT 
with seven for the phantom case. For irradiations in pre-clinical studies 
with kV photon energies, the use of DECT segmentation combined with 
the choice of a low-density bone is recommended.
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2.1 Background

Pre-clinical radiation studies with small animal models play a signifi cant 
role in the understanding of cancer radiobiology. Such studies also aim 
towards mimicking human treatment capabilities so that specifi c validated 
radiation therapies in animal models can be successfully translated 
into patient radiotherapy (RT) trials[1]. Accurate pre-clinical radiation 
targeting requires accurate image guiding. For the various stages of target 
delineation, treatment planning, dose calculation, beam delivery, and 
subsequent outcome assessments, precise identifi cation of diff erent tissues 
and structures is of paramount importance. 

Computed Tomography (CT) is the most frequently used imaging modality 
for RT[2]. Commercial pre-clinical irradiators are equipped with an x-ray 
tube, which besides the irradiation, is used to acquire high-resolution cone 
beam CT (CBCT) images (about 100-200 μm)[3].

Small animal irradiation is preferably performed with kilovolt (kV) 
photons[4], in contrast to human radiotherapy which is mostly performed 
with megavolt (MV) photons. In the kV energy range, the photo-electric 
eff ect is increasingly important and its interaction probability is strongly 
dependent on the eff ective atomic number of the tissues (Zeff 

3 ̴4)[3]. In 
current practice, quantitative information on tissues is mostly obtained by 
single energy CT (SECT) in the form of attenuation coeffi  cients (or CT 
numbers, expressed by Hounsfi eld Units, HU). In Monte Carlo (MC) dose 
calculations, every voxel of the CT scan has a mass density assigned based 
on the HU value through an empirical calibration.  

Tissue identifi cation based on SECT has been shown to lead to errors 
in dose calculations in the kV-MV energy range[5] and due to the strong 
dependence of the photoelectric cross sections on the atomic number of 
the tissues, such errors are amplifi ed in the low-energy photon range[6]. In 
addition, dose calculation algorithms for kV irradiations of small animals 
need supplementary information to voxel densities, such as tissue type 
– as it cannot be assumed the medium is water in kV irradiations. Th is 
information can be provided from either SECT or dual energy CT (DECT) 
images.

Th e aim of this study is to investigate the feasibility of using dual-energy 
CBCT for tissue segmentation and kV dose calculations in pre-clinical 
studies. Th e main objectives are to assess potential dose calculation accuracy 
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gain from DECT and to establish imaging protocols that allow accurate 
dose calculations. 

While this work has no direct clinical implications, its underlying aim is to 
perform dose calculations as accurately as possible so as to enable rigorous 
subsequent clinical translation.

2.2 Methods

2.2.1 Micro irradiator

Th e X-RAD 225Cx (Precision X-Ray, North Branford (CT), United States)
[4,7] micro irradiator consists of a dual-focus X-ray tube with a maximum tube 
potential of 225 kV (225 Cx, Comet, Switzerland) and a 20o angled tungsten 
stationary target. Th e X-ray tube acts as photon source for imaging using 
the small focal spot, and treatment using the large focal spot. Photons are 
fi ltered through a 0.8 mm beryllium exit window and additional 2.0 mm 
fi lter cassette made of aluminium for imaging or 0.32 mm fi lter cassette 
made of copper[8] for irradiation purposes. Th e source to isocentre distance 
was fi xed at 303.6 mm. 

2.2.2 Extracting information from SECT and DECT methods

For this study, two geometrically identical cylindrical mini-phantoms 
(SmART Scientifi c Solutions BV, Maastricht, the Netherlands) of 3 cm 
diameter and 1 cm length were scanned (2.1(a)). Th ey are composed of a 
Solid Water bulk and twelve cylindrical inserts of 3.5 mm diameter and 1 
cm length. Th e composition of the inserts, the relative electron density (ρe)

1 
and the eff ective atomic number (Zeff )

2 provided by the manufacturer are 
listed in Table 2.1. Th e phantom cross-section is consistent with the overall 
size of the mouse, both head and pelvis, further used in this study.

Th e mini phantoms were imaged using the CBCT imager (resolution 
1024x1024 pixels) integrated in the small animal irradiator. Th e images 
were acquired using a 2.0 mm fi lter of aluminium for the tube voltages 
of 50 kVp (low energy) and 90 kVp (high energy) with corresponding 
currents of 5.59 and 2.08 mA (Figure 2.1(e) shows both photon spectra). 

1 ρe=(NA ρZ/A)/(NA ρw Zw/Aw ), where NA is the Avogadro’s number, ρ, Z and A are the mass density, 
atomic number, and atomic mass of a material, while the subscript w indicates water
2  , where wi is the weight fraction of element i with atomic number Zi and β=3.31 [6]
atomic number, and atomic mass of a material, while the subscript w indicates water
  , where w𝑍𝑍  , where w𝑍𝑍  , where w

eff
  , where w

eff
  , where w=  , where w=  , where wΣ  , where wΣ  , where w

i
  , where w

i
  , where ww  , where ww  , where w

i
  , where w

i
  , where w𝑍𝑍  , where w𝑍𝑍  , where w
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Th e exposures used were of 670.8 mAs and 249.6 mAs yielding the dose 
of 30 cGy for each energy. Th e absorbed dose to water at the phantom 
surface was verifi ed using a TN30012 Farmer ionization chamber (PTW, 
Freiburg, Germany) according to the AAPM TG-61 protocol for 40–300kV 
x-ray beam dosimetry dosimetry (in-air calibration method)[9]. Th e images 
were reconstructed using a Feldkamp-Davis-Kress (FDK) backprojection 
algorithm[10], in a matrix of 341x324x96 with 103.4x103.4x103.4 μm3 voxel 
size. Th e acquisition time diff erence between the two images was of seven 
minutes.

Figure 2.1 – (a) Phantoms are made of Solid Water and contain twelve inserts of tissue-equivalent 
materials, one set of materials for the calibration phantom and one set of materials for the 
validation phantom. (b) Central slice of the CT scan at 50 kVp and (c) 90 kVp. (d) Reference 
material map. (e) 50 kVp and 90 kVp photon spectra used for SECT and DECT.
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Calibration Mini Phantom - Gammex materials

Validation Mini Phantom - CIRS, Gammex and other materials

1
2
3
4
5
6
7
8
9
10
11
12

nº

nº

material

material

Zeff

Zeff

H

H

C

C

N

N

O

O

Z>8

Z>8

ρ

ρ

ρe

ρe

[g/cm3]

[g/cm3]

Mass percentage (%)

Mass percentage (%)

AP6
Solid Water
IB3 
SR2
CB2-30%
BR12
Air 
Water
B200
LV1
SB3
CB2-50%

0.947
1.022
1.134
1.051
1.331
0.980
0.001
1.000
1.152
1.096
1.822
1.559

0.928
0.992
1.086
1.047
1.276
0.956
0.001
1.000
1.103
1.064
1.695
1.469

6.210
7.735
10.418
6.090
10.898
6.931
7.714
7.477
10.423
7.736
13.638
12.538

9.06
8.00
6.67
10.83
6.68
8.59
 
11.20
6.65
8.06
3.41
4.77

72.30
67.30
55.64
72.54
53.48
70.11
 
 
55.52
67.01
31.41
41.63

2.25
2.39
1.96
1.69
2.12
2.33
75.47
 
1.98
2.47
1.84
1.52

2.33
 
 
75.47
 
 
 
2.10
75.47
75.47
1.80
0.97

16.27
19.87
23.52
14.86
25.61
17.90
23.20
88.80
23.64
20.01
36.50
32.00

F(0.13)
Cl(0.14), Ca(2.31)
P(3.23), Cl(0.11), Ca(8.86)
Cl(0.08)
Cl(0.11), Ca(12.01)
Cl(0.13), Ca(0.95)
Ar(1.28)

P(3.24), Cl(0.11), Ca(8.87)
Cl(0.14), Ca(2.31)
Cl(0.04), Ca(26.81)
Cl(0.08), Ca(20.02)

Cl(0.13), Ca(0.95)
F(76.00)
 
Ar(1.28)
 
 
 
Cl(0.10), Ca(2.20)
Ar(1.28)
Ar(1.28)
Cl(0.20), Ca(0.30)
Mg(6.19), Cl(0.05), Ca(15.24)

0.980
2.153
1.180
0.001
1.190
0.930
1.000
1.062
0.001
0.001
0.967
1.600

0.956
1.860
1.146
0.001
1.156
0.959
1.000
1.041
0.001
0.001
0.956
1.507

6.931
8.461
6.529
7.714
6.529
5.483
7.477
7.588
7.714
7.714
6.439
11.895

8.59
 
8.05
 
8.05
14.90
11.20
9.10
 
 
10.00
4.83

70.11
24.00
59.98
 
59.98
85.10
 
69.70
 
 
71.30
37.03

17.90
 
31.96
23.20
31.96
 
88.80
16.80
23.20
23.20
16.40
35.66

1
2
3
4
5
6
7
8
9
10
11
12

BR12
Tefl on
Lucite
Air
PMMA
Paraffi  n
Water
Muscle
Air
Air 
Adipose
Bone

Table 2.1 – Reference values of mass density (ρ), relative electron density (ρe), effective atomic 
number (Zeff) and elemental composition of the tissue-substitute materials present in the calibration 
and validation mini-phantoms.
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2.2.3 SECT method

In the SECT approach, a relationship between HU and mass density (ρ) 
was generated in the form of a (HU-ρ) calibration curve. HU are defi ned as 
HU = 1000(μ/μW – 1) , where μ and μW are respectively the linear attenuation 
coeffi  cients of the scanned medium and water. Relative electron density 
ρe can be converted into mass density ρ through a linear relationship. A 
piecewise bi-linear HU-ρ relationship was generated using the mean HU 
values of the selected materials in the calibration phantom (Figure 2.2). 
Th e material segmentation is indicated with vertical lines according to the 
selected HU ranges. Figure 2.3 shows the histogram of Hounsfi eld Units. 
From the (HU-ρ) calibration curve, a density map of the phantom was 
created. A density to material curve was derived from the density map, 
which generated the material map. Th e curve material thresholds were set 
based on visual inspection of the CT scan as well as on the knowledge of 
the maximum and minimum HU of each material. In this example, seven 
materials were chosen for the segmentation. Table 2.2 shows the mean HU 
values for each material. A density map was then generated and, according 
to the chosen segmentation intervals, a material map was generated.

Figure 2.2 – SECT (HU-ρ) curve for the calibration phantom at 50 kVp in black and at 90 kVp in red. 
Th e vertical dotted (50 kVp) and dashed lines (90 kVp) represent the selected boundaries between me-
dia in a segmentation scheme with seven materials (I to VII). Th e roman numerals I-VII indicate the 
materials: air, AP6, Solid Water, B200, CB2-30%, CB2-50% and SB3. Other segmentation schemes with 
a diff erent number of intervals are possible. Th e dots represent the mean HU value of each material. 
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Figure 2.3 – Hounsfi eld Units histogram for 50 and 90 kVp 

Table 2.2 – Mean HU ± standard deviation (σ) per insert for the calibration and validation phantoms 
for 50 and 90 kVp.

Calibration phantom Validation phantom

Material MaterialInsert Insert

Nº Nº

Mean HU ± σ Mean HU ± σ

50kVp 50kVp90kVp 90kVp

Air
AP6
BR12
SR2
Solid Water
Water
LV1
IB3 
B200
CB2-30%
CB2-50%
SB3

Air
Paraffi  n
CIRS Adipose
BR12
PMMA
Water
Lucite
Muscle
CIRS Bone

-1000 ± 19
-248 ± 17
-171 ± 19
-147 ± 18
-2 ± 22
0 ± 22
69 ± 23
729 ± 54
768 ± 38
1297 ± 22
2483 ± 28
3723 ± 25

-1000 ± 17
-281 ± 13
-226 ± 16
-146 ± 16
-73 ± 12
-36 ± 15
-31 ± 13
2 ± 14

2230 ± 29

-1000 ± 13
-173 ± 16
-115 ± 16
-64 ± 15
-7 ± 20
0 ± 17

68 ± 20
456 ± 38
482 ± 31
857 ± 16
1632 ± 16
2448 ± 17

-1000 ± 13
-178 ± 11
-147 ± 13
-106 ± 13
10 ± 11
-15 ± 12
46 ± 12
25 ± 12

1508 ± 22

7
1
6
4
2
8
10
3
9
5
12
11

4,9,10
6
11
1
5
7
3
8
12
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Th e tissue segmentation, i.e. the process of assigning tissue type and mass 
density to each voxel, was performed with the SECT image (either the 
50 or the 90 kVp scan) and the calibration curve, a two-segment linear 
relationship (HU-ρ), shown on Figure 2.2. Diff erent SECT segmentation 
schemes were derived based on three, four or seven materials to evaluate 
the eff ect of the number of media on the segmentation – see Table 2.3. 

2.2.4 DECT method

For DECT, the CT numbers were extracted from circular regions of 
interest of the inserts in the four central slices of the high energy (HUH) 
and the low energy (HUL) scans. Th e procedure described by Schyns et 
al.[11] to determine the ρe values, using Saito’s[12] approach, and to extract 
Zeff , following the method proposed by Landry et al.[13], was adopted. From 
the HUL and HUH images, Zeff  and ρe maps were derived and used for the 
tissue segmentation. Figure 2.4 shows the relationship between Zeff   and ρe 
for the materials of the validation phantom. Mass densities were assigned 
based on the ρe images using the (ρ, ρe) relationship (ρ=1.073 ρe-0.04, R2 ≥ 
0.999), the linear relationship between ρ and ρe was found by fi tting the 
data (least squares method) for the insert materials listed on Table 2.1. All 
voxels to which no Zeff  value could be assigned, predominantly located at 
sharp transitions between air and the solid water bulk, were excluded from 
the analysis (<0.01% in the regions of interest). 

Figure 2.4 – DECT tissue segmentation for all voxels of the (a) calibration and (b) validation 
phantoms.
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Th e tissue segmentation was performed with the reconstructed ρe and Zeff  
of each voxel. Th e DECT scans at 50 kVp and 90 kVp were used, as this 
combination has shown to be optimal in terms of Zeff  and ρe errors for the 
X-RAD system with the 3 cm phantoms[11]. Th e reference values of Zeff  and 
ρe, named ZR and ρR, and the calculated values from the DECT images, 
named ZC and ρC, were used to assign tissue composition to a voxel. Th e 
distance vector between A = [ZR, ρR] and B = [ZC, ρC] was calculated and the 
reference tissue minimizing the distance length was assigned to the voxel. 
Th e Mahalanobis distance was used as it is less aff ected by imaging noise, 
following the method described by Landry et al.[6] 

Diff erent DECT segmentation schemes were also investigated with seven, 
eight and nine materials. Table 2.3 shows the schemes. 

2.2.5 Reference Phantom

A reference phantom serves as standard for the material segmentation 
and the dose calculations. It is a mathematical structure created with 
thresholds and masks for each phantom. It has a single reference value for 
each material property.  Th e material assignment to the reference phantom 
is indicated in Figure 2.1(a), according to Table 2.1.  

Figure 2.1(d) shows the nine materials used, with densities ranging 
from 0.001 to 1.6 g/cm3 (air - bone). In all phantom cases in this study, a 
broad beam impinges on the phantom from the right-left  direction and 
encompasses its entire volume. Th e dose is normalized to the maximum 
dose value in the reference phantom. 

All the results are compared to the segmentation and the dose calculation 
of the reference phantom.

2.2.6 Ex-vivo mouse specimen

An ex-vivo male mouse was imaged and the same procedures previously 
described for DECT and SECT, including the calibration phantom param-
eters, were applied to its CT scans and dose calculations. A region com-
prising the head of the mouse was selected for this study and material maps 
with six tissues for DECT and three tissues for SECT were created based 
on the ICRU Report 44[14] tissues, listed in Table 2.4. Using Landry’s meth-
od, we chose the closest ICRU tissues to the selected specimen, instead of 
the materials from the phantom inserts. A fi ctitious tumour was delineat-
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Table 2.3 – Diff erent segmentation schemes for SECT and DECT for the validation phantom: SECT 
was segmented with three, four and seven number of materials. For DECT, the segmentation was per-
formed with seven, eight or nine materials.  For the ex-vivo mouse, SECT was segmented with three 
materials and DECT with six.

Table 2.4 – Tissue data from the ICRU Report 44[14] for the mouse segmentation.

Validation phantom

Reference

Ex-vivo Mouse

Air, Adipose, Brain, Spongiose, Cranium, Cortical Bone

SECT DECT

Nº

Nº Nº

9

7

8

9

6

3

4

7

4

Air, Solid Water, Bone

Air, Adipose, Muscle, Bone

Air, Paraffi  n, Adipose, Breast, 
Solid Water, Lucite, Bone

Air, Brain, Cortical Bone

Air, Paraffi  n, Adipose, 
Breast, Solid Water, Bone

Air, Paraffi  n, Adipose, Breast, 
Solid Water, Muscle, Lucite, Bone

Air, Paraffi  n, Adipose, Water, Breast, 
Solid Water, Muscle, Lucite, Bone

Air, Adipose, Brain, Spongiosa, 
Cranium, Cortical Bone

ed in a region partially comprising the brain and another organ-at-risk 
(OAR), the spinal cord. Table 2.3 also shows the segmentation schemes for 
SECT and DECT.

Th e tumour, brain, bone and OAR regions are illustrative structures to 
investigate possible diff erences between imaging methods. 

Mouse - ICRU Tissues

Nº Material [g/cm3]

1

2

3

4

5

6

Adipose

Brain

Spongiosa

Cranium

Cortical Bone

Air

0,93

1,04

1,18

1,61

1,92

0,0012

0,951

1,035

1,151

1,517

1,780

0,001

6,421

7,578

10,230

12,709

13,629

7,714

11,60

10,70

8,50

5,00

3,40

68,10

14,50

40,40

21,20

15,50

0,20

2,20

2,80

4,00

4,20

75,47

19,80

71,20

36,70

43,50

43,50

23,20

Na(0.1), S(0.1), Cl(0.1)

Na(0.2), P(0.4), S(0.2), Cl(0.3), K(0.3)

Na(0.1), Mg(0.2), P(3.4), S(0.2), Cl(0.2), 

K(0.1), Ca(7.4), Fe(0.1)

Na(0.1), Mg(0.2), P(8.1), S(0.3), Ca(17.6)

Na(0.1), Mg(0.2), P(10.3), S(0.3), Ca(22.5)

Ar(1.28)

Zeff H C N O Z>8ρ ρe

Mass percentage (%)
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2.2.7 Dose Calculations

Aft er the segmentations procedures based on SECT and DECT, dose 
calculations were performed to verify the impact of these segmentations 
on the dose accuracy.

Th e dedicated small animal radiotherapy planning system SmART-Plan 
(research version 1.5, Precision X-ray, North Branford, CT, United States) 
was used to calculate the dose distributions[15]. Th e dose engine used by 
SmART-Plan is the MC code EGSnrc/DOSXYZnrc[16–18]. Th e fi rst step was 
to provide the material datasets for subsequent use by EGSnrc. Photons 
were transported down to an energy cutoff  (PCUT) of 10 keV and the 
electron energy cutoff  (ECUT) was set to a total energy value of 736 keV 
(225 kV kinetic energy, meaning no secondary electrons were transported). 
Th e photon spectra for the irradiation were calculated using SpekCalc[19,20]

for 100, 160, and 225 kVp, according to the X-ray tube parameters. 
Exclusively for the ex-vivo mouse simulations, phase-space fi les for 225 kVp 
and 100 kVp with a 5 mm beam diameter were used, preserving the above-
mentioned characteristics. For the phantom dose calculations, broad beams 
that covered the phantom were used. 

Geometry input fi les for the phantoms and the animal specimen were 
created with a Matlab 2016a (Th e Mathworks, Natick, MA, United States) 
routine according to the SECT or DECT material segmentation. 

Th e mass density values of liquid and solid water diff ered only by 2.2%, 
therefore Solid Water was solely used in both phantoms. For the calibration 
phantom, material maps were made either using Liver and Inner Bone or 
Brain and Bone Mineral, and the remaining media, due to the proximity 
in density values. For the validation phantom, the insert Tefl on was not 
used and Lucite and PMMA were regarded as Lucite, once more due to 
their similar compositions. Diff erent material maps were also investigated 
to achieve a better segmentation using fewer media.

Th e planned dose to water was set to 2 Gy at the isocentre and the number 
of MC histories with no particle recycling used to achieve a 3% statistical 
uncertainty for dose calculations with 103.4 x 103.4 x 103.4 μm3 voxels was 
set to 5 · 109 photons for the mini phantoms. Th e beam fi eld size was set to 
3.5 x 1 cm, comprising the selected region of the mini phantom completely. 
For the mouse, two parallel opposed beams, at 29o and 209o, and 9 · 107 
particles were used, achieving 1% statistical uncertainty for a dose of 2 Gy 
at isocentre.
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2.3 Results

2.3.1 SECT Segmentation – number of materials, 225 kVp irradiation spectrum

Unless stated otherwise, the results presented in this section were generated 
using the validation phantom. Figure 2.5 shows the eff ect of the diff erent 
numbers of SECT segmentation materials on the MC dose calculations. 

Th e dose to the bulk region of SECT with three materials, SECT3, 
segmentation agrees with the reference within 1±5% on average. Th e steps in 
the profi le are due to the Lucite inserts assigned in the Reference phantom 
but absent in SECT3, their dose diff erences are 20±1% (Figure 2.5(c)). Figure 
2.7 shows the diff erence with respect to the reference for all inserts in each 
SECT scenario. 

To increase the effi  ciency of the dose calculations, no dose was scored in 
air, thence the regions with zero dose surrounding the phantom and in the 
air insert. 

A diff erent behaviour is shown for the four media segmentation, SECT4, 
(Figures 2.5(e-h)). Using materials with densities slightly lower (Adipose, 
0.967 g/cm3) and higher (Muscle, 1.062 g/cm3) than Solid Water (1.022 g/
cm3), the bulk of the phantom is assigned as Muscle, and the inserts Breast, 
Paraffi  n and partially the PMMA, are assigned as Adipose. Th e phantom’s 
bulk dose diff ers by 11±7% from the reference and in the inserts, Lucite has 
the highest diff erence, 34%, followed by lower diff erences in the remaining 
inserts (Figure 2.7). Th is clearly shows that SECT tissue segmentation is 
very sensitive to a slight change in the number of materials, and that the 
selected HU intervals can signifi cantly infl uence the dose calculations for 
the kV photon range. 

For the seven-material segmentation, SECT7 (Figure 2.5(i)) the 
misassignment of media has a noise-like appearance in the material and 
dose maps and profi les (Figures 2.5(i-l)). Th e material map of SECT7 has 
72% of its materials correctly assigned. Regarding the dose, an agreement of 
3±5% for the bulk was found and the highest dose diff erence was once more 
in Lucite, 21%. It should be stressed that due to the misassignment of media 
small dose spikes are present throughout the geometry. Assigning a larger 
number of materials clearly introduces noise in the media assignment and 
the dose calculations, and the choice of HU intervals becomes also more 
arbitrary. 

For the three cases, Air and Bone are always correctly segmented. 
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Diff erent material combinations were tested besides the reported ones. 
Th e choice for SECT3 and SECT4 was based on the current pre-clinical 
practice, and SECT7 is shown for further comparison with DECT7. A 
higher number of SECT materials is not reported as seven fell beyond the 
limits of the method. Th e Hounsfi eld Units histogram, Figure 2.3, shows 
that with a limited number of peaks, a limited number of materials can 
be assigned using SECT. Another dimension becomes necessary to discern 
more materials, such as the ρe-Zeff  space in DECT.

2.3.2 DECT Method, 225 kVp irradiation spectrum

For the DECT segmentation, maps with seven (DECT7), eight (DECT8), 
and nine materials (DECT9) were tested (Figure 2.6 (a), (e), (i)). Similar 
as SECT, a number of material combinations were tested. Th e reported 
DECT combinations were selected based on the highest separation between 

Figure 2.5 – Material maps, dose maps, dose diff erence, and dose profi les for diff erent SECT segmenta-
tion schemes at 50 kVp and the 225 kVp irradiation spectrum. (a) Th ree, (e) four, and (i) seven diff erent 
media were used in the three rows. Th e dose profi les (d), (h) and (l) were obtained from the red line in 
the images (b), (f) and (j). Images (c), (g), and (k) show the dose diff erence comparison (ΔD) with the 
reference, where ΔD=[( DSECT-DRef)/DRef]∙100%. Th e dose maps are normalized to the maximum dose of 
the reference dose map. Th e material maps should be compared to the reference phantom, Figure 2.1 (d).
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Figure 2.6 – Material maps, dose maps, dose diff erence and dose profi les for diff erent DECT segmenta-
tion schemes and the 225 kVp irradiation spectrum. (a) Seven, (e) eight and (i) nine diff erent media were 
used in the three rows. Th e dose profi les (d), (h) and (l) were obtained from the red line in the images 
(b), (f) and (j). Images (c), (g), and (k) show the dose comparison (ΔD) with reference, where ΔD=[(D-
DECT-DRef)/DRef]∙100% . Th e dose maps are normalized to the maximum dose of the reference dose map. 
Th e material maps should be compared to the reference phantom, Figure 2.1 (d).

Figure 2.7 shows that dose diff erences relative to the reference phantom are 
much higher for the SECT segmentations in comparison to the DECT ones. 
For kilovolt energies, DECT segmentation yields better results, increasing 
the dose calculation accuracy when compared to the SECT method.

relative electron density and eff ective atomic number values, and increased 
accuracy on the segmentation in comparison to the reference.

Increasing the number of materials does not automatically imply a better 
segmentation for DECT, similar as for SECT. Th e media misassignment, 
over 52% for DECT8 and 54% for DECT9, again exhibits noise in the 
dose maps and profi les (Figure 2.6 (b), (f), (j), (d), (h), (l)) with small dose 
spikes. Th e material map of DECT7 was only 16% in disagreement with the 
reference. For DECT8 and DECT9, the dose diff erence in the bulk region 
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Figure 2.7 – Relative dose diff erence between the mean doses calculated per insert (and for the bulk 
of the phantom) of the reference and for SECT and DECT segmentations: SECT3, SECT4, SECT7, 
DECT7, DECT8, and DECT9. Regions of interest were defi ned avoiding boundary regions.

is, on average, of 5±6% higher than the reference. Th e insert materials were 
mostly correctly assigned in the three cases. Figure 7 shows that the highest 
diff erence is for the material Muscle in DECT7, 12±1% – Muscle is not one of 
the media segmented in DECT7. From fi gures 2.6 (c), (g), (k) it is clear that 
the tissue segmentation scheme may infl uence the dose accuracy. It should 
be noted that for DECT the highest dose diff erences are concentrated in 
the boundary regions. 

2.3.3 Additional irradiation spectra

In addition to the 225 kVp spectrum, 100 and 160 kVp photon beams were 
used for the dose calculations. In Figure 2.8, a histogram shows the errors on 
the insert dose values for the SECT and DECT methods of each spectrum. 
Th e higher the frequency of events in the zero dose-error bar, the better the 
segmentation method performed for a specifi c imaging energy. 
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Figure 2.8 – Histogram of the dose disagreement with the reference in the insert regions for DECT, 
SECT50 and SECT90 at 225, 160 and 100 kVp.
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Overall, the 225 kVp spectrum presented the best results, followed by the 
160 kVp and the 100 kVp. Furthermore, for the three spectra, the DECT 
method performed better, the zero dose error contained 54%, 50% and 53% 
of the voxels for the 225, 160 and 100 kVp spectra, respectively, and there 
were no diff erences higher than 17%, for the 225 and 160 kVp and 27% for 
the 100 kVp beam. For SECT at 50 kVp, SECT50, the dose diff erences were 
as high as 37%, 52% and 82%, and at 90 kVp, SECT90, they were as high as 
33%, 52% and 82%, for the 225, 160 and 100 kVp spectra respectively.

2.3.4 Ex-vivo mouse

In this section the emphasis is on the diff erence between the dose 
calculations based on the two imaging methods as it was not possible to 
produce a reference ex-vivo mouse – it would require precise knowledge of 
all its tissues and structures. Although material and dose diff erences in the 
bulk of the phantom were shown in the previous section, this concept does 
not apply to the specimen, as there is no bulk of the mouse.

Th e SECT (SECT50 and SECT90) and DECT segmentation schemes as 
shown in Table 2.3 were used. Th e choice for three media for SECT was 
based on current pre-clinical practice using 3-4 media[3,21–25]and the phantom 
results of Section 2.1. For DECT, six tissues with diff erences in ρe (>11%) and 
Zeff  (>18%) were chosen as section 2.2 showed the DECT method to have 
superior results in the presence of media with a degree of separation in 
these quantities.

Figures 2.9 (a-c) show the axial, coronal and sagittal views of the delineated 
head of the mouse. Th e green region in Figure 2.9(a) indicates the position 
of the parallel-opposed beams. Th e elliptical green areas in Figures 2.9 (b-c) 
indicate the target volume used for the dose calculations, it encompasses 
the tumour, which is partially in the brain and the spinal cord. Th e dose to 
the target was set to 2 Gy. Figures 2.9 (d-e), show higher doses for the SECT 
map, whereas the DECT dose map reveals a gradient due to the presence 
of diff erent bone media in the same volume. Th e choice of only one kind 
of bone implicates a high dose for the diff erent media assigned as Cortical 
Bone in the SECT method. Figures 2.9 (f-g) show the dose ratio of SECT 
and DECT dose maps with accentuated dose diff erences in Adipose, e.g. 
close to the outer skin, and in Bone, which are more pronounced for the 100 
kVp beam (5.0% of the all voxels in the body contour showed ratios higher 
than 4). 
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Figure 2.9 – (a) Axial, (b) sagittal and (c) coronal views of the delineated head of the ex-vivo mouse. Th e 
green region in (a) and the arrows indicate the beams used for the dose calculations. It encompasses 
the fi ctitious tumour (red contour), which is partially in the brain (light blue contour) and the spinal 
cord (dark blue contour). Th e elliptic green regions in (b-c) indicate the target region for the simula-
tion. Figures (d), (e), show the 100 kVp dose map for DECT and SECT50, and Figures (f), (g) show the 
ratio between SECT and DECT dose maps for 100 and 225 kVp beams. Due to the similarities between 
SECT50 and SECT90, only the SECT50 case is shown here. 

Another way of quantifying the impact of the diff erent segmentations is 
through the Dose Volume Histograms (DVHs). Figures 2.10 (a-b) show the 
DVHs for the 100 and 225 kVp beams. For the bone contour, the dose reaches 
values three to fi ve times higher than the prescription dose for the 225 and 
the 100 kVp beams, respectively. Th e maximum dose was 63% higher for the
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100 kVp beams, respectively. Th e maximum dose was 63% higher for the 100 
kVp beam in comparison to the 225 kVp one. For 100 kVp, the presence of 
higher dose regions is due to a steeper dose gradient required to reach the 
target value (2 Gy) in the prescription point, for which the same coordinates 
were specifi ed for the 100 and 225 kVp beams. 

Regarding the segmentation method, the SECT curve presents a smooth 
and steady behaviour as it was segmented with only one type of bone. Th e 
DECT curve presents three plateau regions for doses higher than 2 Gy. For 
100 kVp, the fi rst region ends with a slope approximately at 4.2 Gy, the 
second at 7.8 Gy and the last one reaches the maximum dose of 9.5 Gy, and 
for 225 kVp, the same behaviour is shown at 3.2, 5.0 and 5.9 Gy. It indicates 
the presence of diff erent bone types used in DECT: Spongiosa, Cranium 
and Cortical Bone. 

Figure 2.10 – DVHs for the (a) 100 and (b) 225 kVp beams. Four structures were delineated (as shown 
in Figure 2.9 (a-c)): Brain, Spinal Cord, Tumour and Bone. Th e same contours were utilized for all sim-
ulations. Th e solid and the dash-dot lines indicate the DVHs for the DECT and the SECT50 method, 
respectively. 
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Table 2.5 – For each combination of beam energy and imaging method the mean and maximum dose 
values, the dose values on 95%, 5% and 1% of the volume (D95, D5 and D1).

100kVp

DECT DECT

Brain

Tumour

Spinal Cord

Bone

DECT SECTSECT SECT SECT SECT

100kVp225kVp 225kVp

0.3
2.3
0.0
2.1
2.1

2.1
2.1
2.0
2.1
2.1

Mean
Maximum
D95
D5
D1

Mean
Maximum
D95
D5
D1

Dose (Gy)

Dose (Gy)

0.3
2.3
0.0
2.0
2.0

2.0
2.1
1.9
2.0
2.0

0.3
2.1
0.0
2.0
2.1

2.0
2.1
2.0
2.1
2.1

0.3
2.1
0.0
1.9
2.0

2.0
2.1
2.0
2.1
2.1

0.3
2.3
0.0
2.0
2.0

0.3
9.5
0.0
3.0
4.4

0.3
2.0
0.0
1.9
1.9

0.7
9.8
0.0
8.3
9.3

0.6
2.0
0.0
1.7
2.0

0.3
5.9
0.0
3.0
3.2

0.5
2.0
0.0
1.9
1.9

0.6
6.0
0.0
5.5
5.8

Th e higher energy absorption in bone owing to the exclusive use of the 
dense Cortical Bone in SECT results in lower doses for the Spinal Cord 
DVH curves, a structure inside vertebras. Table 2.5, shows the minimum 
dose to the hottest 1% (D1), 5% (D5) and 95% (D95) to provide additional 
information on the uniformity of the dose. Th e D5 and D1 values for Brain 
and Tumour are 5% lower for SECT in relation to DECT for both energies. 
Th e use of SECT with only one type of bone yielded larger volumes with 
high doses and the bone choice infl uenced the dose received by the other 
structures.

≈
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2.4 Discussion

Th is study showed the high impact of incorrect material segmentation 
on the dose calculation accuracy for kV photon beams employed in small 
animal irradiators, using the diff erent imaging modalities: SECT and 
DECT. Th e eff ect is agg ravated with a decrease in beam energy, due to the 
increase in the importance of the photo-electric eff ect with decreasing 
photon energy, causing materials with diff erent eff ective atomic numbers 
to absorb increasingly diff erent fractions of energy in photon beams. For 
irradiations with photon spectra below 100 kVp, the diff erences would 
even be more pronounced. 

Although broadly used, there are still a few caveats regarding the SECT 
method. It is not clear which media should be used for generating the 
calibration curve and the number of linear segments as well as the position 
of the tissue boundaries is arbitrary and diffi  cult to establish manually 
using the HU histogram[3]. 

DECT showed better overall results in comparison to SECT. Th e higher 
number of DECT segmentation media resulted in smaller dose diff erences 
in comparison to the reference (Figure 2.7) for the phantom cases. Increasing 
the number of materials in the SECT method yielded more instability, in 
addition to being a method that has a higher degree of arbitrariness in 
tissue assignment than DECT. Material boundaries have to be selected 
based on the distribution of HU, and include a visual inspection of the 
segmentation result (i.e. in an overlap plot of the CT and the material map), 
which indicates inter-individual diff erences may result. Both modalities 
have a limit to which adding more materials with similar characteristics 
ceased providing better segmentation results, and resulted in more noise in 
the material maps and the dose distributions. 

For the mouse case, the choice of Cortical Bone for the SECT method, as 
is common practice in the literature, resulted in large volumes of tissue 
receiving high doses. For the DECT method, the choice of more than one 
kind of bone resulted in lower dose values for the diff erent tissues occupying 
the same volume, only 1.9% of the bone tissues in DECT were assigned as 
Cortical Bone (18.5% as Cranium and 79.6% as Spongiosa). For the OAR 
surrounded by bone in the beam path, the doses were lower when using the 
SECT method in comparison to DECT, due to the high absorption of the 
Cortical Bone and the hardening of the beam (low-energy photons were 
absorbed in the bone), resulting in less photoelectric interactions and hence 
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dose deposition in the bone[25]. Th erefore, SECT material segmentation 
may lead to an underestimation of the dose to OAR in the proximity of 
bone (other examples could be organs in the pelvic area or close to the 
thoracic spine). In view of these results, with the assumption that bones in 
small animals might not be as dense or with such elevated atomic number 
as human bones and considering the interest in studies with lower energies, 
it can be recommended not to use Cortical Bone when performing SECT 
segmentation. Th e choice of Spongiosa would be more appropriate and 
additional bone types may need to be considered for specifi c regions, as 
mouse bones are very fl exible, in composition possibly closer to human 
cartilage, which has less phosphorus and calcium than Cortical Bone. For 
studies with lower energies, the choice becomes more important if higher 
doses to bony structures are not intended. It is also benefi cial to employ 
harder beam fi lters.

DECT with three or four tissues is not reported. Th e method’s advantage 
lies in the possibility of exploring diff erent segmentations based on higher 
number of tissues. A reduced number of materials would not benefi t this 
site. 

In the soft  tissue range, the benefi ts of DECT for the energy 225 kVp are 
relatively small. For small animals such as mice, the aff ected regions lie 
mainly in bony structures. For bigg er animals, cumulative errors could 
have a larger role and need further considerations. Improvements in tissue 
segmentation from DECT are needed for lower photon energies and proton 
beams in all tissues. 

A source of uncertainty in this study is the presence of noise in the CT 
scans. In Figure 2.1 (b-c), artefacts can be seen in the bone insert, and the 
bulk of the phantom seems to have a texture instead of consisting of a 
uniform medium. Th e CT values of the entire region are irregular, 42±62 
and 16±57 HU for 50 and 90 kVp scans. For DECT, the Zeff  image is the 
most aff ected, with a noisy appearance and the bulk medium with a mean 
Zeff  value of 8.0±0.4 (ranging from 6.0 to 10.7), which encompasses many 
of the soft  tissues used in the segmentation and makes it especially hard 
to distinguish between Water, Solid Water and Muscle, which also have 
densities close together. Th e large misassignment of materials on DECT8 
and DECT9, using materials with similar characteristics (Zeff  and ρe) can 
be partially attributed to image noise. Th e image noise and misassignment 
follow a similar pattern on Figures 2.6(f) and (j). Th e CT projections were 
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reconstructed with a simple FDK backprojection algorithm. Th e usage of 
an iterative reconstruction algorithm with beam hardening and artefact 
correction kernels could improve the eff ect of noise on the images and 
provide superior material segmentation when performing DECT[26].

Th e boundary regions of the phantom and the inserts presented the highest 
source of errors for DECT. Th is can be explained as a partial volume eff ect: 
as two contiguous materials partially fi ll a voxel, they are combined into 
voxels that do not correspond to the CT numbers of either of the materials. 
Th is will play a larger eff ect in phantoms with small air gaps than in animals. 
Another possible and complementary explanation is that the images should 
have a perfect overlap with the reference phantom, a small misregistration 
would provide substantial diff erences. Th is is a feature DECT is sensitive 
to, while it plays no role for SECT images. For small shift s between two 
scans, due to setup or animal movement, rigid image registration could be 
used if potential HU errors from interpolations are minimal.

Dose calculations in human radiotherapy in the megavoltage photon 
energy range are not very sensitive to tissue compositions, however, in the 
kV range used in brachytherapy[6] and in pre-clinical studies mimicking 
human radiotherapy at the level of rodents it becomes a potential cause of 
uncertainties[22]. A fi nal issue that deserves attention is that in the present 
study and, in general, the small animal radiobiology literature, specimens 
are segmented with human-like tissues. It is reasonable to assume that 
either knowing the actual composition or deriving a relationship between 
human and animal tissues should benefi t the dose calculation accuracy and 
the absorbed dose for the photon energies used in this study. 
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2.5 Conclusions 

Th e feasibility of dual-energy CBCT imaging for kV dose calculations in 
pre-clinical studies was presented. Images obtained using well-separated 
X-ray spectra were acquired with an on-board imager and diff erent 
segmentation schemes tested. Th e DECT method enabled the employment 
of a higher number of materials increasing accuracy in dose calculations. 
In phantom studies, both SECT and DECT presented a limit to which 
adding materials resulted in more imaging noise in the material maps and 
the dose distributions. SECT performed best with three materials and 
DECT with seven for the phantom case. With lower beam energies, the 
eff ect of incorrect segmentation on the dose calculations was worse, due to 
the importance of the photoelectric eff ect for the kV energy range. DECT 
segmentation off ers the distinct advantage of taking into consideration the 
eff ective atomic number of the media. For the ex-vivo specimen, the dose 
calculations derived from the SECT method showed larger volumes with 
high doses. For kV energies, the use of DECT segmentation combined with 
the choice of a bone with low density and atomic number is recommended. 
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Abstract

Objectives: To analyse the effect of different image reconstruction 
techniques on image quality and dual-energy CT (DECT) imaging 
metrics.

Methods: A software platform for pre-clinical Cone Beam CT 
(CBCT) x-ray image reconstruction was built using the open-
source reconstruction toolkit (RTK). Pre-processed projections were 
reconstructed with filtered back-projection and iterative algorithms. 
Imaging metrics were quantitatively assessed, using a quality assurance 
phantom, and DECT analysis was performed to determine the influence 
of each reconstruction technique on the relative electron density (ρe) 
and effective atomic number (Zeff) values. 

Results: IR had favourable results for the DECT analysis: a significantly 
smaller spread for each material in the ρe-Zeff space and lower Zeff and 
ρe residuals (on average 24% and 25% lower, respectively). In terms of 
image quality assurance, the techniques FDK, Iterative FDK and SART 
provided acceptable results. The three reconstruction methods showed 
similar geometric accuracy, uniformity and CT number results. The 
technique SART had a contrast-to-noise ratio up to 76% higher for solid 
water and twice as high for Teflon, but resolution was up to 28% lower 
when compared to the other two techniques. 

Conclusions: Advanced image reconstruction can be beneficial, but the 
benefit is small, and calculation times may be unacceptable with current 
technology. The use of targeted and down-scaled reconstruction grids, 
larger, yet practicable, pixel sizes and GPU are recommended. 

Advances in knowledge: An iterative CBCT reconstruction platform 
was build using RTK.
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3.1 Introduction

Pre-clinical Cone Beam CT (CBCT) x-ray image reconstruction is typically 
described by the Feldkamp, Davis, and Kress[1] (FDK) algorithm to solve the 
inverse Radon transform through fi ltered back-projection (FBP). While the 
FDK algorithm produces usually acceptable images, it copes poorly with 
noise. Iterative reconstruction (IR) algorithms use multiple repetitions in 
which a current solution converges towards a better solution. Subsequent 
to projection acquisition, a forward projection creates artifi cial data, 
which is compared with measured projections to compute a correction 
term. In case of discrepancy, the fi rst image estimate is updated based on 
the characteristics of the underlying algorithm. Image and projection data 
correction are repeated until a condition predefi ned by the algorithm is 
satisfi ed and the fi nal image is generated[2]. 
IR algorithms may allow considerable dose reduction due to a more precise 
modelling of the acquisition process, which can reduce image noise. Th ey 
avoid introducing new artefacts due to approximations and are suited for 
dealing with missing data or irregular sampling. It has been sugg ested[3-5] 

that IR algorithms could provide superior material segmentation when 
performing dual-energy CT (DECT). Th e main drawback of IR is the 
increased computational cost of the iteration cycle.
Th is work presents a soft ware platform for pre-clinical CBCT image 
reconstruction, built using the open-source reconstruction toolkit (RTK[6], 
which comprises FBP and four IR algorithms. Imaging parameters were 
quantitatively assessed and a DECT analysis was performed to determine 
the infl uence of each reconstruction technique on the image quality. 

3.2 Materials and methods

3.2.1 (Pre) Image acquisition
Image projections for this study were acquired using the CBCT electronic 
portal imaging device (EPID) integrated in the small animal irradiator 
X-RAD 225Cx (Precision X-Ray, North Branford, CT), illustrated in Figure 
3.1(f). Th e irradiator consists of a dual-focus X-ray tube with a maximum 
tube potential of 225 kV (225 Cx, Comet, Switzerland) and a 20° angled 
tungsten stationary target. Using the small focal spot (1.0 mm), the X-ray 
tube acts as photon source for CT imaging. Photons are fi ltered through a 
0.8 mm beryllium exit window and an additional 2.0 mm aluminium fi lter. 
Th e source to isocentre distance was fi xed at 303.6 mm. Th e EPID (XRD-
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0820-AN3-ES, Perkin Elmer®, Waltham, MA) has 1024 x 1024 active pixels 
in an area of 20 cm x 20 cm.
Th e pre-processing of the raw data is described in Appendix A and Figure 
3.1(a-e). Table 3.1 shows scan pre-sets for this study. Th e exposures were 
chosen to yield an average dose of 30 cGy for each energy in a DECT 
scenario. Th e absorbed dose to water at a solid water phantom surface 
was verifi ed using a TN30012 Farmer ionization chamber (PTW, Freiburg, 
Germany) according to the AAPM TG-61 protocol for 40–300kV x-ray 
beam dosimetry (in-air calibration method)[7]. 

Table 3.1 – Cone beam CT scan pre-sets for energies in the range of 40 to 120 kVp. For dual-energy 
CT protocols, the mean dose is 30 cGy for each energy.

3.2.2 Image Reconstruction soft ware
To compare and characterize both methods, FBP and IR, soft ware was 
developed using the open-source RTK toolkit[6, 8] in the language C++. Th e 
soft ware currently comprises fi ve of RTK’s reconstruction algorithms, 
namely, FDK, and four IR methods: iterative FDK[9, 10], simultaneous 
algebraic reconstruction technique (SART)[11, 12], simultaneous iterative 
reconstruction technique (SIRT)[13] and Conjugate Gradient (CG)[14]. 
Appendix B has a brief description of the IR techniques. Table 3.2 shows 
the possible reconstruction scenarios and fi lters included in the soft ware.

Image acquisition pre-sets

Energy Current Frame Rate Image Mode ExposureRotational Speed

[kVp] [mA] [mAs][fps] Gain[fps]

40

50

60

70

80

90

100

110

120

9,26

5,59

3,18

1,54

2,5

2,08

1,78

1,54

1,36

7,5

10,0

10,0

7,5

5,0

5,0

5,0

5,0

5,0

0,50

0,50

0,40

0,25

0,50

0,50

0,50

0,50

0,50

Mid

Mid

Mid

Mid

Low

Low

Low

Low

Low

1111,2

670,8

477

369,8

300

249,6

213,6

184,8

163,2
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Table 3.2 – Possible reconstruction scenarios using the software developed with the RTK toolkit. 
For each reconstruction, a selection of the parameters listed here was supplied to the software. 
All algorithms were investigated, with or without cupping correction, with different numbers of 
iterations. On the right column, the terms in italic represent the parameters used in this study.

Reconstruction Algorithm

Characteristics

Reconstruction Size

Reconstruction Spacing

Output format

Cupping correction

Specimen Position

Back-projection filter

Forward projection Filter

Window Type

FDK, Iterative FDK, SART, SIRT, CG

Number of iterations, convergence factor, enforce 

positivity

Any, used: 1024 pixels x 1024 pixels x 1024 pixels

Any, used: 0.1034 mm x 0.1034 mm x 0.1034 mm

DICOM, MHA, MHD

yes or no

Feet First:  Prone (FFP), Supine (FFS), Decubitus Right 

(FFDR), Decubitus Left (FFDL)

Head First: Prone (HFP), Supine (HFS), Decubitus Right 

(HFDR), Decubitus Left (HFDL)

None, (Cuda) Voxel-based back-projection, Joseph, 

normalized Joseph, Cuda ray cast

None, Joseph, Ray Cast Interpolator, Cuda Ray Cast

None, Hann, Cosine, Hamming, RamLak or SheppLogan 

(cut-off frequency)

A cupping correction[15] was included in the soft ware. As cupping artefacts 
are induced by nonlinearities in the projection data, a polynomial pre-
correction was applied to the attenuation data for linearization. In the 
image domain, for each energy and reconstruction algorithm, polynomial 
coeffi  cients were determined once using a homogeneous water cylinder 
(with a diameter of ∅=4cm) as a calibration scan. A series of basis 
images were fi tted to a template image, obtained from the pre-processed 
calibration scan, to generate the coeffi  cients. Raw data was passed through 
the polynomial and pre-corrected. 
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Figure 3.1 shows the image acquisition/reconstruction workfl ow. Aft er 
initial corrections (Figure 3.1 (a-e)) the object was scanned (Figure 
3.1(f)). If no cupping correction was applied, the cycle would follow the 
upper part of the diagram (Figure 3.1(g)). A single reconstruction of the 
object was generated with the reconstruction soft ware (RS), followed 
by a MATLAB® v. R2017b (Th e MathWorks Inc., Natick, MA) routine 
to determine air and water grey levels (rescale function), and a second 
reconstruction with corrected levels to yield Hounsfi eld Units (HU). In 
case of cupping correction, to determine the coeffi  cient cn of the term xⁿ 
of the polynomials[15], (n+1) reconstructions of the water phantom were 
performed. Th e coeffi  cients were determined through a MATLAB® script 
(cupping function), followed by a fi nal reconstruction with the identifi ed 
polynomial values. No further correction was necessary; this method results 
in attenuation images which are subsequently converted to HU1. For the 
two cycles, apart from the correction coeffi  cients, all other parameters 
were maintained for both reconstruction rounds. 

Figure 3.1: Image acquisition and reconstruction workflow. Pre-acquisition corrections: (a) 
defective pixels, (b) dark field, (c) flood field, (d) lateral and (e) longitudinal offset for each 
gantry angle (flexmap). (f) Cone beam CT acquisition, X-ray tube and the flat panel rotate 360° 
around the object and generate the pre-processed projection data. (g) Reconstruction cycle, with 
or without cupping correction. The boxes with RS, Rescale and Cupping function indicate where 
the reconstruction software (RS) and where MATLAB routines were used, respectively. The boxes 
with Phantom or Water cylinder illustrate the reconstructed object at that step. The inner image 
at the centre indicates the reconstruction algorithms. They could be either FBP or IR. IR methods 
follow the cycle of panel h.

1 HU=1000·  where μwater and μair are respectively the linear attenuation 

coefficients of the medium, water and air.

1000·  
𝜇𝜇−𝜇𝜇water
𝜇𝜇water−𝜇𝜇air
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Image uniformity was evaluated by average signal diff erence (centre to 
peripheral) of fi ve circular regions of interest (ROIs) with diameters (∅) 
of 100 voxels at a uniform polycarbonate plate positioned near the centre 
of the phantom (Figure 3.2(b)). From the geometric accuracy plate (Figure 
3.2(c)) the voxel size was determined by dividing the known physical 
distance between fi ve neighbouring tungsten-carbide beads by the 
measured distance between the centroid of the respective beads in voxels.
Th e modulation transfer function (MTF) was obtained using the resolution 
coil plate (Figure 3.2(d)), according to equation 2[19]

3.2.3 Image Quality Assurance

A quantitative image analysis was performed to verify the impact of the 
diff erent reconstruction techniques using the mCTP-610 phantom (Shelley 
Medical Imaging Technologies, Toronto, Canada)[16], Figures 3.2(a-e). It is 
a single device with modular plates, each designed to assess one aspect of 
image quality, such as CT number, image uniformity, geometric accuracy, 
spatial resolution and noise. Th e plates used in this study are enclosed in a 
polycarbonate cylindrical housing of 8.4 cm length, 7.0 cm diameter and 4.8 
mm thickness. Th e analysis following previously published methods[16¯18] is 
briefl y described. 
Figure 3.2(a) shows the CT evaluation plate with volumes of interest (VOIs) 
of 10x10x4 pixels. Th e VOIs shaded in red were used to calculate the mean 
CT numbers of seven tissue-equivalent embedded materials: SB3, solid 
water, Lucite, muscle, adipose, high-density polyethylene and Tefl on. Th e 
material Microfi l, a silicone-based vascular contrast agent, was not analysed 
due to its non-uniformity. Th e green shaded VOIs were used to calculate 
the contrast to noise ratio (CNR), according to equation 1, where Itissue is the 
mean CT number of a tissue (red VOI), Ibackground is mean CT number of the 
background (adjacent green VOI) and σtissue and σbackground are the standard 
deviations of  Itissue  and Ibackground.

CNR =
�̅�𝐼tissue − �̅�𝐼Background

σtissue2 + σbackground2
				(1)

MTF 𝑓𝑓 =
π 2
4

∙
𝑀𝑀 𝑓𝑓
M0

				(2)
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where M(f) is the standard deviation of pixel values from ROIs of 20 x 20 
voxels within each coil, corrected for noise and M0 is half of the absolute 
diff erence between the aluminium and Mylar in HU. Th e coils are made 
of alternating aluminium and Mylar sheets with 500, 300, 200, and 150 μm 
thicknesses, corresponding to spatial resolution of 1, 1.67, 2.5, and 3.3 line 
pairs per mm (lp·mm¯1).  MTF was also determined using the slanted edge 
plate[20]. A profi le through the slanted edge (Figure 3.2e) defi nes the edge-
spread function (ESF), when diff erentiated yields the line spread function 
(LSF) and the Fourier transform of the LSF determines the MTF[19].

Figure 3.2 – Phantoms used in this study. (a-e) Different plates of the mCTP-610 quality assurance 
phantom: (a) CT Number, (b) uniformity, (c) geometric accuracy, (d) resolution coils and (e) 
slanted edge. The regions of interest used for the image analysis are shaded in red and green. 
(f) Schematic drawing of the calibration and validation phantoms used for the dual-energy CT 
analysis. The dashed line represents the 7 cm diameter phantom, which is composed by an outer 
ring encompassing the 3 cm phantom, represented by the solid line. Both rings are made of the 
same bulk material (solid water).
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3.2.4 Dual-energy CT
Two pairs of geometrically identical cylindrical phantoms (SmART 
Scientifi c Solutions BV, Maastricht, the Netherlands), Figure 3.2(f), were 
used for DECT analysis. Th e phantoms were 3.0 or 7.0 cm diameter, which 
corresponds to the cross-section of small rodents, mice to large rats. All 
phantoms were 1 cm in length. Th ey were composed of a solid water bulk 
and twelve cylindrical inserts of 0.35 cm diameter and 1.60 cm length. 
Table 3.3 lists the composition of the inserts, which mimic human tissue 
attenuation properties.
CT numbers were extracted from ROIs of the inserts in the four central 
slices of a high energy (HUH) and a low energy (HUL) scan of the DECT 
phantoms. Th e procedure described by Schyns et al.[21] to determine the 
relative electron density (ρe2), using Saito’s[22] approach, and to extract the 
eff ective atomic number (Zeff  )

[23], following the method proposed by Landry 
et al.[24] was adopted. Th e reference values of Zeff   and ρe, calculated from 
the compositions and mass densities provided by the manufacturer, and 
the calculated values from the DECT images were used to assign a tissue 
composition to each voxel.

3.3 Results

3.3.1 Reconstruction time
To generate optimal and reproducible results for image analysis, 
reconstruction matrices of 1024 x 1024 x 1024 pixels3 were used. Th is matrix 
size was chosen to avoid reconstruction artefacts and inaccuracies smaller 
grids could cause, and to fully reconstruct the mCTP-610 phantom and 
the pair of 7 cm DECT phantoms, which were positioned parallel to each 
other with a gap in between. Th e small pixel size of (0.1034 mm)3 was used 
as it is typically the minimum size at our institution and as the resolution 
of the scanner was being tested. Figure 3.3a shows that this choice yielded 
long reconstruction times. Th e techniques SIRT and CG require a higher 

2  , where NA is the Avogadro’s number, ρ, Z and A are the mass density, atomic 
number, and atomic mass of a material, while the subscript w indicates water. 

3    ,wi is the weight fraction of element i with atomic number and β = 3.31

  , where N
𝜌𝜌e =

𝑁𝑁A𝜌𝜌𝜌𝜌
𝐴𝐴

𝑁𝑁A𝜌𝜌w𝜌𝜌w
𝐴𝐴w

    ,w

𝜌𝜌e =
𝑁𝑁A𝜌𝜌𝜌𝜌
𝐴𝐴

𝑁𝑁A𝜌𝜌w𝜌𝜌w
𝐴𝐴w



Image reconstruction techniques for pre-clinical dual-energy CT

3

75

Calibration 
Phantom

1
2
3

4
5
6
7
8
9

10
11
12

nº material Zeff H C N O Z>8
ρ

ρe
[g/cm3]

AP6 (Adipose) 
Solid Water
IB3 (Inner Bone) 

SR2 (Brain) 
CB2-30% CaCO3
BR12 (Breast)  
Air     
Water
B200 (Bone Mineral)

LV1 (Liver) 
SB3 (Cortical Bone)
CB2-50% CaCO3

0.947
1.022
1.134

1.051
1.331
0.980
0.001
1.000
1.152

1.096
1.822
1.559

0.928
0.992
1.086

1.047
1.276
0.956
0.001
1.000
1.103

1.064
1.695
1.469

6.210
7.735
10.418

6.090
10.898
6.931
7.714
7.477
10.423

7.736
13.638
12.538

9.06
8.00
6.67

10.83
6.68
8.59
 
11.20
6.65

8.06
3.41
4.77

72.30
67.30
55.64

72.54
53.48
70.11
 
 
55.52

67.01
31.41
41.63

2.25
2.39
1.96
1.69
2.12
2.33
75.47

1.98
2.47
1.84
1.52

2.33
 
 
75.47
 
 
 
2.10
75.47
75.47
1.80
0.97

16.27
19.87
23.52

14.86
25.61
17.90
23.20
88.80
23.64

20.01
36.50
32.00

F(0.13)
Cl(0.14), Ca(2.31)
P(3.23), Cl(0.11), 
Ca(8.86)
Cl(0.08)
Cl(0.11), Ca(12.01)
Cl(0.13), Ca(0.95)
Ar(1.28)

P(3.24), Cl(0.11), 
Ca(8.87)
Cl(0.14), Ca(2.31)
Cl(0.04), Ca(26.81)
Cl(0.08), Ca(20.02)

Cl(0.13), Ca(0.95)
F(76.00)
 
Ar(1.28)
 
 
 
Cl(0.10), Ca(2.20)
Ar(1.28)
Ar(1.28)
Cl(0.20), Ca(0.30)
Mg(6.19), Cl(0.05), 
Ca(15.24)

0.980
2.153
1.180
0.001
1.190
0.930
1.000
1.062
0.001
0.001
0.967
1.600

0.956
1.860
1.146
0.001
1.156
0.959
1.000
1.041
0.001
0.001
0.956
1.507

6.931
8.461
6.529
7.714
6.529
5.483
7.477
7.588
7.714
7.714
6.439
11.895

8.59
 
8.05
 
8.05
14.90
11.20
9.10
 
 
10.00
4.83

70.11
24.00
59.98
 
59.98
85.10
 
69.70
 
 
71.30
37.03

17.90
 
31.96
23.20
31.96
 
88.80
16.80
23.20
23.20
16.40
35.66

1
2
3
4
5
6
7
8
9
10
11
12

Validation 

Phantom

BR12 (Breast)
Tefl on
Lucite  
Air
PMMA
Paraffi  n Wax
Water
CIRS Muscle
Air
Air 
Adipose
Bone

Table 3.3 – Reference values of mass density (ρ), relative electron density (ρe), effective atomic 
number (Zeff) and elemental composition of the tissue-substitute materials present in the calibration 
and validation phantoms.
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number of iterations to converge (Figures 3.3(b,c,h)): aft er 40 iterations and 
45 computational hours CG presented acceptable results and aft er 80 hours 
and 100 iterations, using a smaller grid, SIRT had not yet converged. Th ey 
proved to be impractical for further analysis. In the following sections the 
techniques SART (Figures 3.3(d,e)), Iterative FDK (Figures 3.3(f,g)), both 
with 3 iterations, and FDK (Figure 3.3(i)) are compared. Figure 3.3(j) shows 
the reconstruction time of objects with 250 x 250 x 200 pixels3 and pixel 
sizes of (0.20 mm)3 to illustrate a practical pre-clinical scenario, where a 
smaller volume of interest within a mouse is chosen, with largely reduced 
reconstruction times.

Figure 3.3 – (a) Reconstruction time for each technique versus number of iterations for the 90kVp 
images with 602 projections, required by an AMD Opteron™ Processor 6272, 32 physical cores and 
128 GB of RAM. Conjugate Gradient (CG) image after (b) 3 and (c) 40 iterations (45 h). Iterative 
FDK image after (d) 1 and (e) 3 iterations. SART image after (f) 1 and (g) 3 iterations. (h) SIRT 
image after 100 iterations for a grid of (512 pixels)3 with pixel size of (0.2 mm)3, which took 80h 
– if the 1024 grid used for the other methods was repeated here the reconstruction times would 
be even longer. (i) FDK reconstruction. The numbers in the top right corner indicate the number 
of iterations used in each image. Figures (b-i) were extracted from a central region of the 7 cm 
phantom. (b) and (h) present a background different colour because they have not yet converged. 
(j) Reconstruction times using a smaller grid of 250 pixels x 250 pixels x 200 pixels and voxel size 
of (0.2 mm)3 to illustrate a scenario closer to a pre-clinical practice workflow, where only a region 
of interest in the object is selected. Vertical scale is in minutes here, while in panel a it is in hours. 

(1024 pixels)3 250x250x200 pixels3



Image reconstruction techniques for pre-clinical dual-energy CT

3

77

Figure 3.4 – Comparison of phantom HU profiles for different reconstruction methods with and 
without cupping correction for the 40 kVp scan, where cupping is most evident, of the 7 cm 
phantom using a 2ⁿd order polynomial (C2). 

3.3.2 Cupping correction

Diff erent polynomials were tested, ranging from fi rst to fi ft h order. Figure 
3.4 shows phantom HU profi les where a second order polynomial was 
applied in contrast to the rescaling method. For the corrected cases, the 
solid water region, or the bulk of the phantom, presents a fl atter profi le 
with less pronounced edges. Additionally, the CT values are consistent for 
bulk, inserts and the outside air. For the rescaling method, air and water 
grey levels were extracted from inserts within the phantom, which yielded 
the expected values of -1000 HU and 0 HU in the phantom but values lower 
than -1000 HU outside. Th e second and third order polynomials yielded 
the best results in terms of fl atter profi les and images with increased visual 
quality. Th e method also worked better for energies below 100kVp.
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3.3.3 Quantitative image analysis
Figure 3.5(a) shows the pixel size values derived from the geometric 
accuracy plate. Th e values found for the diff erent reconstruction methods 
and energies were within 0.2% to 0.3% in agreement with the value of 103.4 
μm, used in this study. Figures 3.5(b,d) show the CNR for Tefl on and solid 
water. While similar values are obtained for FDK and Iterative FDK, within 
-0.05% to 0.3%, SART yields a higher ratio, up to 76% higher for solid water 
and 2.09 times higher for Tefl on, which can be explained by the lower levels 
of noise associated with this technique. Additionally, the panel gain is set 
to low for energies higher than 70 kVp. Th e uniformity in terms of centre 
to peripheral average signal diff erence (Figure 3.5(c)) also yielded similar 
results for the three methods, with a variation of 12 to 148 HU among the 
nine investigated energies. CT numbers of seven tissue equivalent materials 
for energies between 40 to 120kVp (Figure 3.5(e)) showed little variation, 
with a maximum standard deviation of 45 HU amongst techniques. Th e 
values for soft  and osseous (or high atomic number) tissues are also within 
the expected literature values.
Figure 3.5(f) shows that the MTF for both the slanted edge and the resolution 
coil methods were similar. Th e highest resolution in terms of equivalent 
lp·mm¯1 at the 10% MTF (2.5 lp·mm¯1 is comparable to 200 μm[16]), was 
found for 50 kVp, with values of 173.6μm for both FDK and Iterative FDK 
and 181.1μm for SART, and the lowest for 120 kVp with 201.4 μm, 201.3μm 
and 234.4μm for FDK, Iterative FDK and SART, respectively. Resolution 
results for SART were consistently lower when compared to the other two 
techniques, from 2% lower, for 60 kVp, to 28%, for 100 kVp.
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Figure 3.5 – Quantitative image analysis tests with the mCTP-610 phantom. (a) Geometric accuracy, 
the blue horizontal line represents the utilized pixel size. (b) CNR for Teflon. (c) Uniformity. (d) 
CNR for solid water. (e) CT number for tissue equivalent materials for 40 to 120 kVp, the markers 
colour shade darkens as the energy increases. (f) MTF using both Slanted Edge (SE) and Resolution 
Coil (RC) techniques for the 50kVp image. The line indicates the MTF at 10%.
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Figure 3.6 – ρe-Zeff plot for the 7 cm validation DECT phantom and the energy combination 50 
and 90 kVp. The colours and the lines indicate the tissue-equivalent inserts and reconstruction 
methods. Histograms of ρe and Zeff values are illustrated on top and on the right, respectively. The 
circles, triangles and squares indicate the mean value of each distribution for FDK, Iterative FDK 
and SART, respectively.

3.3.4 Dual-energy CT analysis
Figure 3.6 shows the relationship between Zeff  and ρe for the materials of 
the validation phantom. All voxels to which no Zeff  value could be assigned, 
predominantly located at sharp transitions between air and the solid water 
bulk, were excluded from the analysis (<0.01% in the regions of interest). 
Ellipses were drawn considering the direction of the eigenvectors of the 
co-variance matrix. Th us, each distribution confi dence ellipse defi nes 
the region that contains 95% of all samples that can be drawn from the 
underlying Gaussian distribution, with the mean value indicated by the 
circle, triangle or square. Although the data distribution is similar for 
FDK and Iterative FDK, the smaller spread of the SART ellipses indicate a 
reduced image noise eff ect, expected for an iterative method.
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Figures 3.7(a,b) show the mean residuals of Zeff  and ρe using the three 
reconstruction techniques, for a number of energy combinations, where the 
diff erence between low and high energy was at least 20 kV apart to avoid 
large spectral overlap, maximizing the amount of information provided 
by each energy. For all shown combinations, Zeff  and ρe residuals were on 
average 24% and 25% lower, respectively, using SART in comparison with 
Iterative FDK and FDK – which were within 0.2% and 0.05% in agreement 
with each other in terms of Zeff  and ρe residuals, respectively. Additionally, 
the mean standard deviations were on average 20% and 30% lower with 
SART in comparison to the other two reconstruction techniques, which 
once more showed little variation among themselves (average diff erences 
of 0.4% and 0.02% for Zeff  and ρe residuals).

Figure 3.7 – Mean (a) Zeff and (b) ρe residuals, and mean (c) Zeff and (d) ρe standard deviations for a 
number of DECT energy combinations. 
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3.4 Discussion 

Iterative reconstructions used in this study were computationally costly 
and would be impractical for studies with live animals under anaesthesia. 
Th e decision to favour the reproducibility, repeating a same grid of 1024 x 
1024 x 1024 pixels3 for diff erent objects, and using the smallest voxel size 
of the CBCT scanner of our institution, for a thorough image analysis, 
aff ected the speed of the IR. Smaller grids and larger voxel sizes are more 
typical in pre-clinical practice. In such cases, IR methods were found to be 
feasible, with reconstruction times under 20 minutes for three iterations 
(Figure 3.3(j)). Additionally, increased computational power, by means of 
e.g. graphics processing units (GPUs), would highly increase the IR speed.
Th e correction for cupping artefacts included in the soft ware provided 
accurate CT numbers. Th e second and third order polynomials yielded the 
best results, a higher number of coeffi  cients caused further instability and 
overfi tting. Th e method was more eff ective for energies below 100kVp, as the 
cupping eff ect is more pronounced for lower energies. For IR techniques, 
reconstructing an object a number of times to derive a polynomial, which 
will correct a fi nal reconstruction, is a lengthy process. Applications that 
require increased image quality and larger objects, more prone to beam 
hardening, could benefi t from this approach. For the rescaling method, the 
coeffi  cients to correct for air and water grey levels are derived from values 
within the object to account for the beam hardening and other artefacts 
the object is subjected, as it would be the case of an air pocket within a 
mouse, for example. 
IR provided favourable results for the DECT analysis. SART resulted in 
a signifi cantly smaller spread for each material in the ρe-Zeff  space (Figure 
3.6) and the residuals on Zeff  and ρe were on average 24% and 25% lower, in 
comparison to FDK – with an increasing number of iterations, the residuals 
decreased further. In terms of image quality, the techniques FDK, Iterative 
FDK and SART provided acceptable results. Regarding geometric accuracy, 
the pixel size agreement was within 0.2% to 0.3% with the used value of 
103.4 μm. Th e three techniques showed similar uniformity and CT number 
results, with the latter presenting a maximum standard deviation of 45 
HU amongst techniques and soft  and osseous tissues within the expected 
literature values. Although the CNR presented by SART was compelling, 
a ratio up to 76% higher for solid water and over twice higher for Tefl on, 
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the resolution results were up to 28% lower when compared to the other 
two techniques. Because of the iterative cycle, IR techniques may produce 
smoother images, less aff ected by noise.
Accuracy on the image metrics listed above is crucial for dose calculations, 
which are based on the CBCT image of small animals. Accuracy of contours 
of anatomical structures can suff er from reduced resolution, abundance of 
noise or non-uniformity. Diff erent reconstruction techniques could be used 
for alternative purposes[25]. In a possible irradiation workfl ow, following 
the CBCT scan of a mouse, the projections could be quickly reconstructed 
using the iterative FDK method. Availing from the increased resolution and 
diminished presence of artefacts, the images could be contoured while the 
projections are reconstructed using the SART technique. Th e user could see 
the result of each iteration, choose the most adequate image, and stop the 
iterative cycle. Th e iteratively reconstructed image could be used for dose 
calculations, which could benefi t from the lower levels of noise.
Th e infl uence of the scanning parameters and the reconstruction fi lters 
could be further investigated. Th e imaging pre-sets were adopted from 
previous studies[21], where they were deemed optimal. IR could provide 
satisfactory results with decreased tube current or scanning time and 
consequently decreased imaging dose. Lastly, one should be aware of the 
biological consequences of high CT imaging doses which may even alter the 
experimental outcome[17]. 
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3.5 Conclusion

An image reconstruction platform has been built, for modern small animal 
image guided irradiation platforms using RTK. Th e soft ware includes back-
projection, diff erent iterative algorithms, fi lters and cupping correction. 
Pre-processed projections reconstructed with the soft ware showed 
acceptable results regarding image quality assurance and DECT Zeff  and ρe 
residuals. Th e iterative technique SART showed improved results regarding 
noise, which may be important for tissue assignment for dose calculations. 
In a nutshell, advanced image reconstruction can be benefi cial, but the 
benefi t is rather small, and calculation times may be unacceptable with 
current technology.

3.6 Supplementary Material 1A

Image pre-processing
Prior to image acquisition, the system was calibrated for dark current, 
diff erences in pixel gain, defective pixels and mechanical fl ex (Figure 
3.1(a-e)). For dark current, the electric current that fl ows through the fl at 
panel when the X-ray tube is inactive, fi ft y images were collected with the 
beam switched off  and averaged to generate the mean dark image. For the 
pixel sensitivity, which varies due to fl uctuations in gain, associated with 
the analogue amplifi er, fi ft y beam-on images were collected without any 
objects in the fi eld. Th e fl ood fi eld also corrects for non-fl at beam profi les. 
Subsequent scans were divided by the corrected fl ood image, the averaged 
fl ood fi eld minus the mean dark image, to correct for gain diff erences. 
Defective pixels were identifi ed statistically: the variability of each pixel 
was indicated by the standard deviation of the mean dark and fl ood images, 
from which a bad pixel map was generated. To correct for mechanical 
fl ex, where CBCT scans are shift ed by a lateral and longitudinal off set for 
each gantry angle due to mechanical sagg ing, a ball bearing was placed in 
the irradiator isocentre, imaged from all directions and its location was 
identifi ed on each image to map the off set, generating a fl exmap.
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3.7 Supplementary Material 1B

Iterative methods: brief description
Iterative FDK consists of fi ltering out the streaking artefacts from a FDK 
reconstruction in an iterative deconvolution scheme[9, 10]. SART[11, 12], SIRT[13] 
and CG[14] minimize the same cost function, which consists of a least-squares 
data-attachment term, i.e. ‖Rf-p‖2, where f is the sought volume, p the 
projections and R the forward projections, but using diff erent algorithms. 
SIRT does a gradient descent: as the gradient of the cost function is 2RT (Rf - 
p), where RT is the transpose of R (the back-projection), at each iteration, the 
algorithm needs one forward and one back projection from all angles, and 
yields an update of the volume. SART splits the cost function into smaller 
pieces (individual projections) and alternately minimizes the cost for each 
piece. One iteration is achieved when one piece has trigg ered an update 
of the volume. CG minimizes the same cost function, without splitting it, 
using the conjugate gradient algorithm, where the step size is calculated 
analytically at each iteration and the descent direction is a combination 
of the gradient at the current iteration and the descent direction at the 
previous iteration (a conjugate direction).
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Abstract

Objectives: This work aims to analyse the effect of respiratory motion 
on optimal irradiation margins for murine lung tumour models.

Methods: Four-dimensional mathematical phantoms with different 
lung tumour locations affected by respiratory motion were created. Two 
extreme breathing curves were adopted and divided into time-points. 
Each time-point was loaded in a treatment planning system and Monte 
Carlo (MC) dose calculations were performed for a 360° arc plan. A 
time-resolved dose was derived, considering the gantry rotation and the 
breathing motion. Radiotherapy metrics were derived to assess the final 
treatment plans. An interpolation function was investigated to reduce 
calculation cost.

Results: The effect of respiratory motion on the treatment plan quality 
is strongly dependent on the breathing pattern and the tumour position. 
Tumours located closer to the diaphragm required a compromise 
between tumour conformity and healthy tissue damage. A recipe, which 
considers collimator size, was proposed to derive tumour margins and 
spare the organs at risk (OARs) by respecting constraints on user-
defined metrics. 

Conclusions: It is recommended to add a target margin, especially on 
sites where movement is substantial. A simple to recipe derive tumour 
margins was developed. 

Advances in knowledge:  This work is a first step towards a standard 
planning target volume concept in pre-clinical radiotherapy.
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4.1 Introduction

Recent developments in technology and tumour models have produced 
unprecedented opportunities for pre-clinical translational and 
radiobiological research. It is currently becoming possible to mimic 
complex radiotherapy treatments in an experimental pre-clinical setting. 
For accurate research translation to clinical practice, and ultimate 
patient benefi t, a number of challenges have yet to be overcome. A recent 
recommendations report[1] has raised several points that require further 
study, among which the optimal irradiation margins of tumour models.
Th e concept of treatment margins is fundamental in radiotherapy, the 
use of target volumes has long been recommended[2¯4] and is a premise for 
unambiguous prescription, recording and reporting of dose. Although the 
delineations of the gross and clinical target volumes (GTV and CTV) are 
purely based on anatomic and biological parameters, the planning target 
volume (PTV) consists of a geometrical margin to account for variation in 
size, shape and position relative to the treatment beam. Th e PTV considers 
the net eff ect of all the possible geometrical variations, to ensure that the 
prescribed dose is absorbed in the CTV[4]. A number of clinical studies[5¯10] 
have explored this concept and proposed recipes to quantify the weight 
of systematic and random errors, or the eff ect of treatment execution and 
preparation, on the size of the PTV. 
To adopt such concepts, it is important to consider the diff erences between 
clinical and pre-clinical irradiation. Small animals, such as mice, are imaged 
and irradiated under sedation, which promotes physical restraint and 
depresses respiratory and cardiovascular rate. Th e cardiac and breathing 
motions are thus aff ected and the specimen has to be constantly monitored 
to avoid, for instance, hypothermia. 
In this context, a mathematical 4-dimensional (4D) phantom and two 
extreme breathing patterns have been explored to analyse the eff ect of 
respiratory motion on the dose distribution. A simple recipe, which takes 
into account the collimator size, is proposed to derive tumour margins 
and safeguard tolerable radiation levels to the organs at risk (OARs). 
Furthermore, an interpolation method, based on 4D dose accumulation 
with rigid progression, to decrease Monte Carlo calculation time is also 
discussed.
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4.2 Material and Methods

4.2.1 4D digital Mouse whole-body phantom (MOBY)

Th e mathematical mouse whole body phantom, MOBY[11], was used. Th is 
4D phantom is capable of generating realistic anatomy models of breathing 
mice in two physical modes: attenuation or emission. For the former, it 
simulates a 3D distribution of attenuation coeffi  cients for a given photon 
energy, and for the latter, it simulates a 3D distribution of emission 
radionuclide activity for the various organs. Th is study used MOBY in 
activity mode but instead of radionuclide activities, every organ listed in 
the activity mode was assigned a human tissue density value from the ICRU 
Report 44, 1988[12]. Using human tissue density values is common practice in 
pre-clinical radiotherapy, due to the absence of small animal tissue density 
information in the literature[13]. As a result of the assignment, each MOBY 
voxel represents a density value of a specifi c organ.
A spherical lesion was placed in the left  lung, as it is more aff ected by the 
heart shape and movement. Diff erent scenarios were generated with two 
possible lesion diameters and four positions. Figures 4.1(a-d) display the 
diff erent positions; position 1 (P1, Figure 4.1(a)) has the tumour located along 
the diaphragm and is the most aff ected by motion. Table 4.1 enumerates all 
simulated MOBY scenarios.
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Figure 4.1 – (a-d) Coronal representation of positions (P1-P4) of a 4 mm tumour placed in the 
left lung of MOBY phantoms. (e,g) Diaphragm and Anterior-Posterior motion amplitudes as a 
function of time. (e) Curve obtained by fluoroscopic X-ray imaging of a breathing mouse put 
under isoflurane anaesthesia. (f) Sagittal representation of the breathing motion of curve 1e, for 
a 4 mm tumour, at P1, at two instants: t=0.0s and t=0.3s. (g) Tidal breathing curve derived from a 
normal-breathing human, scaled to the dimensions of a mouse. (h) Sagittal representation of the 
breathing motion of the curve 1g, for the same conditions of Figure 4.1e. The arrow qualitatively 
shows the tumour displacement in this plane. The white colour of the tumour and heart is merely 
for visualization purposes, the underlying density values are agreement with soft tissue and heart.
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Table 4.1 – Characteristics of MOBY phantoms and SmART-Plan treatment plans.

Moby parameters

SmART-Plan irradiations

Organ

Tumour diameter

Tumour position

Breathing curve

Maximum diaphragm amplitude

Maximum AP amplitude

Total Period

Respiration period

Rest period

Time interval

Number of time-points

Left  Lung

3 or 4

1, 2, 3, 4

Anaesthesia

4

2

2,8

0,6

2,2

0,05

56

Tidal

1

0,7

0,4

0,4

0

8

Irradiation Plan

Collimator size (C#)

Irradiation dose

Histories

360o Arc

3, 4, 5, 6, 7, or 4, 5, 6, 7, 8

8Gy

108 /time-point

[mm]

[Gy]

[mm]

[mm]

[mm]

[s]

[s]

[s]

[s]

Figures 4.1(e,g) show the two breathing curves employed in this study, their 
characteristics are summarized in Table 4.1. Th e anaesthesia curve, Figure 
4.1e, proposed by van der Heyden et al[14], was derived from fl uoroscopy 
imaging of a mouse under the infl uence of isofl urane; commonly used in 
murine in vivo non-invasive imaging and irradiation. As an eff ect of the 
anaesthetic, the breathing is deep and slow, the full breathing cycle has a 
long period, of which nearly 80% is represented by the rest phase. Although 
the breathing phase is relatively short, the diaphragm and anterior-posterior 
(AP) motions are pronounced. 
Th e tidal curve, Figure 4.1(g), proposed by Segars et al[11], was derived 
from a normal-breathing human, scaled to the dimensions of a mouse. In 
comparison to the anaesthesia curve, it has a shorter period and reduced 
diaphragm and AP motions. Th e movement is continuous, as there is no 
rest phase. Figures 4.1(f,g) reveal the instants when the motion amplitudes 
are maximal and minimal, for anaesthesia and tidal, respectively. 
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Both curves were converted into 4D non-uniform rational basis splines 
(NURBS) for MOBY implementation. NURBS were adopted to model 
respiratory motion so the breathing curve parameters could be spline-
interpolated in time and 4D phantoms generated for any time interval. 
MOBY soft ware subsequently sampled the NURBS’s phantom lung volume 
in time points.

4.2.2 Treatment Planning System
Treatment plans were generated using the small animal treatment planning 
system (TPS) SmART-Plan[15] (Research Version 1.5, PXi, North Branford, 
CT). As this version does not handle moving geometries, the breathing 
curves were divided into time-points (or frames) with a period of 5 ms each. 
Th e anaesthesia and tidal curves yielded 56 and 8 time-points, respectively. 
Each frame was loaded into SmART-Plan as a static voxelized geometry. 
Automatic structure delineation, based on previously assigned tissue 
densities and known organ positions, and material allocation for every 
organ were performed for each frame. Full treatments were automatically 
generated using MATLAB® v.R2014a/R2018a (Th e MathWorks Inc., 
Natrick, MA) scripts. 
Figure 4.2(a) shows the treatment plan, a dynamic 360o arc. Table 4.1 presents 
a summary of the TPS simulation protocols. Th e geometry consisted of 256 
x 256 x 101 voxels with 0.2 x 0.2x 0.2 mm3 voxel sizes. Th e prescription dose to 
the target volume was set to 8 Gy. Th is value was achieved considering the 
normal irradiation conditions for the X-RAD 225Cx irradiator (PXi, North 
Branford, CT) at our institute: energy of 225kVp, 13 mAs, fi lter cassette 
made of copper with nominal thickness of 0.32 mm, source to isocentre 
distance fi xed at 303.6 mm, dose rate of 0.41 cGy/mAs and diff erent beam-
on times. Th e absorbed dose to water is periodically verifi ed at a solid 
water phantom surface using a TN30012 Farmer ionization chamber (PTW, 
Freiburg, Germany) according to the AAPM TG-61 protocol for 40–300 
kV x-ray beam dosimetry (in-air calibration method)[16].
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Figure 4.2 – Axial view of the treatment plan. The beam, indicated by the green shaded region, is 
shaped here by a 4 mm circular collimator and it rotates 360° in the plane of the figure around the 
target, which is located at the isocentre of the irradiator. 

Circular brass collimators with diameters ranging from 3-7 mm (C3-C7) 
for the 3 mm tumour and 4-8 mm (C4-C8) for the 4 mm tumour were used. 
Th e beam was invariably centred in the tumour position at the fi rst time-
point (maximum exhale, where breathing speed is zero), as shown on Figure 
4.2. Th e target coordinates were kept unchanged for the following time-
points even though the tumour coordinates followed the curves presented 
on Figures 4.1(e,g). In other words, the irradiation assumed the tumour was 
not moving. 
Th e EGSnrc-based Monte Carlo (MC) simulation code DOSXYZnrc[17, 18] was 
used as the dose engine of the TPS. For each time-point, 100 million photons 
were generated, and transported down to an energy cutoff  (PCUT) of 10 
keV and the electron energy cutoff  (ECUT) was set to a total energy value 
of 736 keV (225 kV kinetic energy, meaning no secondary electrons were 
transported). Th e calculation time was around 30 minutes per time-point 
for a full arc in a machine with 12 processors (Intel® Xeon® CPU-X5660 
2.8GHz) and 16 GB of RAM. To avoid redundant calculations, only the 
breathing phase time-points of the anaesthesia curve were simulated; as of 
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time-point 12 on (or as of time 0.6 s in fi gure 4.1e), the geometry remains 
static. For the tidal breathing, the full curve was simulated due to the 
absence of a rest phase.
For each time-point, masks of the tumour and OARs were extracted from 
the TPS. Additionally, the 3D dose-map, and beam-on time were obtained 
from the MC calculation. A time-resolved dose was hence derived from 
the dose distributions in combination with the correlation of organ 
displacement, the beam and the time-point at a specifi c time interval, as 
described at Appendix B of van der Heyden et al[14]. Th erefore, the infl uence 
of the beam on space and time, considering gantry rotation and breathing 
motion was taken into account.

4.2.3 Metrics and cost function
Th e full treatment plan, or the treatment plan to a complete breathing 
curve, was assessed through cumulative dose-volume histograms (DVHs) of 
the tumour and OARs time-resolved dose. Additional radiotherapy dose 
reporting parameters were considered, such as the metrics D90, V90 and 
mean dose to the OARs. Th e D90 is defi ned as the dose to the 90% of the 
tumour volume; V90 is the percentage of tumour volume which receives a 
dose equal or higher than 90% of the prescription dose; and the mean dose 
to selected OARs is the average dose value in a determined organ volume.
Considering the minimum acceptable D90, V90 and the maximum 
acceptable mean dose to the OARs, for a lung tumour with a specifi c size 
and position, a simple cost function (Eq1) was derived. Th e metrics were 
employed as constraints (Eq2) to an interactive optimization problem to 
derive tumour margins, considering breathing motion. Th e objective was 
to minimize the cost function tumour-margin by maximizing D90, V90 
and minimizing the mean dose to the OARs. Th e collimator diameter is the 
parameter that was optimised through this procedure.

1 					M =
𝑑𝑑C − 𝑑𝑑T

2
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Where M is the margin, dc is the collimator diameter, dT, the tumour 
diameter, D90T and V90T, D90 and V90 of the tumour and OARn, the mean 
dose to each OARn, respectively. (D90T)ct, (V90T)ct and (OARn)ct are the 
constraints applied to each of these quantities.

4.2.4 Four dimensional dose prediction with rigid projection of the fi rst 
frame
Additional irradiation parameters, other than the fi eld diameter, could be 
optimised at the same time, but due to the high computational cost that 
each simulation requires, this becomes impractical. Th us the need of a fast 
tool to assess the eff ect of breathing motion on treatment quality and to 
generate relevant metrics. 
An interpolating function was fi tted to the 3D dose map of the fi rst time 
point given by MC calculations (this was done by using the MATLAB 
function scatteredInterpolant() with the linear method option on the 
dataset available: the result is a 3D interpolant that describes the dose of the 
fi rst time-point as a function of x, y and z). Th is function was then projected 
onto the moving geometry/structures (their movement determined by 
NURBS) and the accumulated dose was determined.
Th is approach was intended as a tool to drive the selection of irradiation 
parameters through an optimisation routine, but it must not lead to 
absolute results: the accuracy of the estimated doses must be assessed using 
systematic calculations of the selected confi guration.

4.2.5 CT blurring 
Th e standard cone-beam CT (CBCT) scanning protocol at our institution 
uses a gantry speed of 0.5 rpm, which yields a CT scan beam-on time of 
120 s. In this period, 60 to 300 breathing cycles would occur. To analyse the 
eff ect of the long scan period on the tumour shape and the CT blurring, 
the soft ware VOXelized CT SImulator (VOXSI)[19] was used. Further 
information on this method is in Appendix A.

4.3 Results

4.3.1 Full-treatment quality
Figures 4.3(a,c) and 4.3(b,d) present the DVHs for the full treatment 
plans of the contrasting positions P1 and P4, respectively. Although the 
coverage of the tumour (and the OAR) increases with the increasing 
collimator diameter, a homogeneous dose distribution is never achieved 
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for the totality of the volume. Th is eff ect is explicit in Figures 4.3(e,f); the 
tumour dose profi les show the dose gradient in agreement with the motion 
illustrated in Figure 4.3(g). Additionally, the DVHs of the OARs become 
unacceptable for larger collimator diameters. As expected, the respiratory 
motion aff ects treatment quality; the anaesthesia curve cases at P1 present 
the worst overall results.
Th e results for the parameters V90 and D90, Figures 4.4(a,e,b,f), were in 

Figure 4.3 – Full treatment dose-volume histograms of the 4 mm tumour for the anaesthesia curve 
(a) at position 1, (b) at position 4; for the tidal curve (c) at position 1, (d) at position 4. The 
different colours represent the different structures and the line styles the different collimator 
diameter sizes, 4-8 mm (C4-C8). Tumour dose profiles for the 4 mm tumour at position 1 for the 
(e) anaesthesia and the (f) tidal curve. (g) Representation of the location where the dose profiles 
were drawn, the roman numerals are displayed in Figures e-g and the arrow indicates the motion 
direction.
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Figure 4.4 – DVH metrics for the four different tumour positions, represented by P1-P4 at the 
abscissa axis, for the (a-d) 3 mm tumour and the (e-h) 4 mm tumour. The circles and the triangles 
depict the anaesthesia and the tidal curves, respectively. The colours illustrate the different 
collimator sizes, ranging from 3 mm (C3) to 8 mm (C8). (a,e) show the V90 of the tumour, (b,f) the 
D90 of the tumour, (c,g) the mean dose to the heart and (d,h) the mean dose to the spinal cord. The 
dotted line on Figures (b,f) indicate the prescription dose of 8Gy.

agreement with the DVH results: they are increasingly lower for sites where 
motion plays a large role. Additionally, for the cases in which the diameter 
of the collimator was identical to the diameter of the tumour, both V90 and 
D90 presented lower values of coverage and dose.
Th e mean doses to the OARs (Figures 4.4(c,d,g,h)) increase with the 
collimator size and vary with the tumour position, as their location can be 
more or less susceptible to the diameter of the treatment beam. 
4.3.2 Margin function
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Th e cost function (Eqs1,2) was applied to the previously presented metrics. 
In Figure 4.5(a), a generic case with the somewhat arbitrarily selected 
constraint values for V90, D90 and mean dose to each OAR of 70%, 6.5 Gy 
and 2.5 Gy, is described. Th e solution domain is represented by the shaded 
region, where the ratio value of the fi rst pair of tumour constraints is 
maximised and the value of the remaining OAR constraints is minimized, 
which yields a minimum collimator size of 5.8 mm and maximum of 7.6 
mm. For a mild case with V90 of 50%, D90 of 5 Gy and mean dose to each 
OAR of 3 Gy, depicted in Figure 4.5(b), the solution is domain broader, a 
collimator diameter of 5.1 mm would suffi  ce. For extreme cases of tolerance 
or rigorousness, the solution can be the entire domain or the function may 
present no solution. 

Figure 4.5 – Graphical representation of the cost function constraint ratios and solution domains 
(represented by the shaded region), with (a) a generic and (b) a mild case. The circles and the 
squares illustrate the V90 and D90 constraint ratio to the tumour, respectively. The downward and 
the upward-pointing triangles illustrate the mean dose constraint ratio to the heart and the spinal 
cord, respectively. The grey line crossing the ordinate axis at value one represents the boundary, to 
which the constraints are maximised or minimised. The data for the 4 mm tumour, P1, anaesthesia 
curve case was used here.
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4.3.3 Dose interpolation
Th e interpolation function was fi tted onto the MC 3D dose map of the fi rst 
time point, illustrated by Figure 4.6(a), and projected upon the moving 
structures, for which the dose distributions are represented by Figures 
4.6(b-d).

Figure 4.6 – (a) Axial view of the 3D dose-map of the first time-point. (b-d) Dose distributions at 
the structures tumour, heart and spinal cord, respectively, at the first time-point. The rectangular 
shaded region in 6(b-d) represents the slice of the dose-map shown in Figure 4.6(a). Figures 4.6(b-
d) represent a case with the tumour located at P1 and anaesthetized breathing.
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Figure 4.7 – Comparison between the dose interpolation and full MC methods. (a) DVHs of the 
structures tumour, heart and spinal cord for both methods. (b,c) Interpolation and MC dose at the 
end of the treatment represented by the dose map of the 3D structures.

Figures 4.7(a-c) present a comparison between the dose interpolation from a 
single dose calculation and the full MC results. For the spinal cord, which is 
less aff ected by movement, the interpolation showed excellent results, with 
no relative diff erence in respect to the MC results. For the tumour and the 
heart, average DVH diff erences of 1.5% and 28.9% were found, respectively. 
Figure 4.7(a) show an overestimation of the heart and tumour DVHs using 
the interpolation method. Th e computational time to run the interpolation 
function on a laptop (Intel® Core™ i7-5600-CPU 2.6GHz, 16GB of RAM) 
was ten minutes in contrast to the 4-6 hours for the full MC.
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4.4 Discussion

Th e eff ect of the respiratory motion on the treatment plan quality is 
strongly dependent on the breathing pattern and the tumour position. 
Both breathing curves explored in this study on mathematical phantoms 
represent real, but somewhat extreme scenarios. It is reasonable to assume 
that the actual breathing curve of a mouse undergoing CT imaging or 
irradiation would lie somewhere between these two curves and would vary 
according to the anaesthesia protocol and the respiratory and cardiac rates 
the animal would exhibit, as the recommendations for anaesthesia methods 
vary among institutions[20¯23]. A sedation scenario with minimal motion 
while physically restraining the specimen would be ideal.
For pulmonary sites, where substantial infl uence of anatomical movement 
is expected, the tumour position itself had an extensive eff ect on the quality 
of the treatment plan. Diff erences of 82% and 29% were found in the values 
of V90 and D90, respectively, for plans with the same tumour size (3 mm), 
breathing curve (anaesthesia) and collimator (C3) but diff erent tumour 
positions (P1 and P4), Figures 4.4(a,b). Th e plans for P3 and P4 presented 
the best overall results, while P1 and P2 had invariably a compromise 
between tumour conformity and health tissue damage. For tumours located 
at the diaphragm (P1), a PTV margin delineation is strongly recommended 
to avoid target dose gradients in the tumour itself.
Th e margin function presented can be a useful tool to ensure treatment 
conformity and OAR sparing for the various tumour positions. Th e 
constraints are adjustable, more sensitive parameters such as D95 and V95 
could be employed or other constraints added. Diff erent weights can be 
applied to the mean dose to the OARs and their values could be based on 
radiobiological information. Th is function is independent of the breathing 
curve; it could be applied for other curves and irradiation regimens. It is 
also suitable for irradiators with variable collimator sizes. Although only 
results for circular collimators were presented, it is possible to expand the 
function to other shapes. 
Additional parameters should also be taken into account when establishing 
the concept of PTV. Th is study showed a fi rst step towards establishing a 
margin recipe, which comprises respiratory motion. Setup and fractionation 
errors should also be estimated and considered. For example, accurate 
collimator positioning and quality assurance are of paramount importance 
for proper dose reporting.
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Furthermore, cardio-thoracic sites could benefi t from the use of motion 
tracking and gating techniques for imaging[24] and irradiation[25]. Selective 
acquisition during the rest phase of the breathing cycle, and choosing these 
intervals for radiation delivery, can be eff ective in reducing respiratory 
artefacts and ensure optimal dose delivery to the target and minimal dose 
to surrounding tissues, especially for orthotopic tumours. 
Independently of the margin function, the investigation of an interpolation 
function for dose accumulation from diff erent anatomic phases to a 
reference phase using a rigid grid had the purpose of speeding up the dose 
calculation process. Th e method, also called direct dose mapping[26], is a 
fi rst approximation as it does not account for tissue deformation and the 
cardiac motion was not modelled. Th e results, an average diff erence of 0, 
1.5 and 28.9% for the structures spinal cord, tumour and heart, between the 
interpolated and the full MC dose, and calculation time at least 10 times 
faster, are promising for further development of the technique. Results 
may depend on the targeted site and surrounding anatomy. As this method 
employs the fi rst frame as the reference phase, in reality, the dose map 
derived from the CBCT scan would be subject to noise and blurring. Th is 
matter was investigated in the supplementary materials, and the eff ect 
was found to be minimal, although further assessment would be ideal. Th e 
presented technique could potentially be used for adaptive radiotherapy, 
which requires the daily delivered dose to be accumulated.

4.5 Conclusion

Respiratory motion plays an important role in dose conformity when 
targeting thoracic tumours. It is recommended to add a target margin, 
especially for tumours on sites where movement is substantial, such as the 
diaphragm. A simple method was developed to derive tumour margins 
based on a number of initial user inputs avoiding the need of extensive 
MC calculations. It is a fi rst step towards a standard PTV concept in pre-
clinical radiotherapy. Th e use of direct dose mapping yielded an acceptable 
approximation for the cases presented, with decreased calculation cost.
In future work, diff erent tumour sites and the infl uence of other parameters 
(e.g. collimator shape) could be similarly investigated and a series of visual 
tools like the one depicted in Fig. 5 could be generated: these would represent 
a quick aid, available to the end-user for selecting treatment features by 
simply imposing dose/volume constraints on the tumour or OARs.
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4.6 Appendix A

Th e freely available soft ware VOXSI[27] (research version) simulates CT 
projections and images of user specifi ed voxelized geometries. Th is was used 
here to perform CT simulation of the MOBY phantom. VOXSI allows the 
user to modify the X-ray spectrum, simulation geometry, CT setup, detector 
energy response, and image reconstruction parameters. Th e CT simulation 
algorithm calculates the X-ray attenuation in each voxel by using the total 
mass attenuation coeffi  cient as a function of the photon energy and the 
radiological path length according to Lambert-Beer’s attenuation law. 
Diff erent image reconstruction algorithms are implemented to reconstruct 
fan-beam projection data. CT imaging pre-sets used in this work are listed 
in Table 4.A1, and the Electronic Portal Imaging Device (EPID, XRD 0820 
AN3 ES, Perkin Elmer®, Waltham, MA) response curve were loaded in 
VOSXI and a realistic level of Poisson noise was added.

Table 4.A1 –CT scan parameters added to the software VOXSI

VOXSI Simulation Parameters

Moby phantom

X-Ray Source

Filtration

Reconstruction

Simulation

Setup

Geometry

General

keV

mm

mm

mm

mm

mA

s

mm

mm

mm

mm

80

200

1

303,6

0,8

2

Filtered Back-projection

Hann (0.5)

Spline

2,5

120

yes

303,6

622,9

1024

100

602

0,2

101

Peak Energy

Angle

Focal Spot

Air

Be

Al

Type

Filter

Interpolation method

Current

period

Cupping correction

Source to origin

Detector to origin

Number of detectors

FOV diameter

Number of projections

Slice thickness

Number of slices

Mean Energy 41,01 keV
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Figure 4.A1.1 shows simulated CT images for an extreme case of motion: 
a tumour located along the diaphragm (P1) for an anaesthetized MOBY 
phantom. Th is extreme case serves to establish an upper limit to the severity 
of image blurring. Th e full anaesthesia curve, including a long rest phase 
(Figure 4.2(e)) was simulated, Figure 4.A1.1(a), and although the edges of 
the organs are not as sharp as in a MOBY phantom and the role of noise 
is noticeable, the blurring does not modify the tumour shape or increase 
its diameter. However, when only the breathing phase is simulated, Figure 
4.A1.1(b), the full motion amplitude is apparent. Th e blurring is excessive 
and contouring any of the structures in this image would be challenging. 
For the case of a single time point in the rest phase, Figure 4.A1.1(c), where 
the phantom is still, the simulated scan is consonant with the full curve, 
Figure 4.A1.1(a), in terms of structure defi nition and size.
Overall, the eff ect of respiratory motion on the CT scan blurring can be 
considered minimal using this method; and the shape of the tumour is 
highly preserved. For the tidal breathing curve, Figure 4.2(g), as motion 
plays a minor role the same outcome is expected. A thorough investigation 
on this eff ect would be ideal, as VOXSI is designed for fan-beam geometries. 
Instead of averaging the diff erent frames, a projection based 4D-CBCT 
simulation would be ideal.

Figure 4.A1.1 – Simulated CT images of a MOBY phantom (with a 4 mm tumour) using VOXSI. (a) 
The full anaesthesia curve. (b) Only the breathing phase. (c) The point of maximum exhale, at the 
end of the breathing and throughout the rest phase.
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Abstract

Several dose calculation algorithms exist in the small animal precision 
irradiation field where kilovolt (kV) photon energies are used. Dose 
reporting is a current matter of concern as the different dose descriptors 
dose-to-water-in-medium (Dwm) and dose-to-medium-in-medium 
(Dmm) coexist, due to historical and practical reasons. For kV photons 
differences between both quantities are expected to be amplified due 
to the difference in photon energy absorption coefficients for different 
media, and could represent a limiting factor for accurate translation of 
pre-clinical research into clinical trials, since currently knowledge is 
lacking on which descriptor correlates best with radiation damage. The 
main goal of this study was to analyse the relationship between Dmm and 
Dwm for kV irradiation of small animals, using different flavours of the 
intermediate cavity theory (ICT). ICT corresponds to a mix of small 
(SCT) and large (LCT) cavity theory contributions.  
Mathematical phantoms were designed with different voxel sizes, 
considering the pre-clinical practice and extreme scenarios, and a 
selection of materials, broad enough to include the range of densities 
and elemental compositions conventionally encountered in animal 
studies. An ex-vivo mouse chest irradiation was included in the study, 
due to relevant tissue compositions and densities, and the presence of 
heterogeneous regions. A modified version of the Monte Carlo code 
DOSXYZnrc was used to derive Dmm and convert to Dwm using ICT. 
Furthermore, local photon spectra were generated in different regions 
of the chest case. 
Depending on the energy and the size of the cavity, which in this work 
we equate to the voxel size, Dmm ranged from 0.68 to 4.37 times Dwm. The 
combination of higher kV energy with a very small cavity size yielded 
a decreased Dmm in comparison to Dwm, this behaviour was reversed for 
larger cavities combined with lower kV energies.  Hence, the impact of 
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the cavity dimensions on estimated Dwm is significant on pre-clinical kV 
beams. Dmm and Dwm in the ex-vivo male mouse were found to differ by 
-29% to 286%. For both phantom and specimen the variation between 
dose descriptors is significant for tissues which diverge from water 
in terms of density and atomic composition, e.g. bones and adipose. 
Caution is advised when using the IC theory as there is a lack of 
consensus on methods to derive the weighting factor (parameter, d) 
of the SCT and LCT; for the same irradiation conditions, the use of 
different d-values yielded Dwm differences of up to 20%. 
Pre-clinically, such divergence between dose descriptors could enable 
biological damage. Moreover, the abiding debate over which quantity to 
favour is foreseen to linger while it is not clear which quantity correlates 
better with the biological effects of ionizing irradiation: pre-clinical 
radiotherapy might represent an ideal platform for measurement-based 
studies to settle this fundamental question. Finally, dose distribution 
comparisons should use the same reporting quantity and caution 
regarding reported quantity and dose comparisons is advised.
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5.1 Introduction

Traditionally, the human body has been assumed water-equivalent for the 
purpose of simplifying dose calculations in radiotherapy[1]. Dose calculation 
methods have moved away from measurement-based approaches towards 
sophisticated model-based dose calculation (MBDC) algorithms such 
as collapsed cone convolution or Monte Carlo (MC) simulations. Th ese 
algorithms transport radiation through heterogeneous media and report 
the absorbed dose to a reference medium embedded in a surrounding 
transport medium[2]. 
Pursuant to the evolution of dose calculation methods, diff erent dose 
descriptors have been derived using cavity theory and coexist to date. Th ey 
are referred to as dose-to-medium-in-medium (Dmm), dose-to-water-in-
medium (Dwm) or dose-to-water-in-water (Dww), which acknowledge the 
dose scoring and the surrounding media as arbitrary or water. Figure 5.1(d) 
depicts the diff erent descriptors. For Dmm the scoring volume is fi lled with 
the transport medium. Dwm considers the reference medium as water during 
energy deposition scoring, yet not during photon transport. Dww transports 
and scores in water.
Over the last decades, the increased commercial availability of MBDC 
algorithms has started a debate over whether dose-to-medium (Dmm) should 
replace dose-to-water (Dwm or Dww) as the absorbed dose in treatment 
plans, since most MBDC algorithms report Dmm as their natural scoring 
quantities[3-8]. Arguments supporting medium-based protocols include: the 
conversion factor from medium to water (when Dwm is desired, starting 
from calculated Dmm) adds additional uncertainty; Dmm might provide a 
better correlation to biological response[5]; and the change would not aff ect 
most clinical protocols, as nearly all tissues are similar to water for external 
beam radiotherapy (EBRT) using megavolt (MV) photon beams. Advocates 
in opposition claim that clinical experience on tumour and healthy tissue 
response as well as dosimetry protocols are based on Dwm (or even Dww), 
hence its use allows traceability back to historical data; radiosensitive 
structures are embedded in cells which are approximately water; and, when 
converting from CT numbers to media, there is an intrinsic uncertainty to 
tissue type and composition, potentially making the medium unknown[8].
In EBRT reported diff erences between water- and medium-based dose 
calculations are only signifi cant for osseous tissues[6,9], therefore the American 
Association of Physicists in Medicine Task Group 105[1] report does not take 
a stand in favour of reporting either Dwm or Dmm: it recommends that the 
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reported quantity is specifi ed along with information to enable conversion 
between quantities. Th e situation is more critical at photon energies 
in the kilovoltage range (kV), especially below 200 kV, which comprises 
brachytherapy, orthovoltage treatments, radiology imaging including low-
energy mammography, and small animal radiotherapy[10,11]. Th e latter is used 
for pre-clinical evaluation of advanced radiotherapy techniques[11,12] from 
both a technical and relative biological eff ectiveness (RBE) perspective[13]. 
In general, current commercial solutions permit irradiations using energies 
up to 220 or 225 kVp and specimens are imaged using sub-millimetre 
resolution CT scanners due to their small dimensions. 
In the kV range, the mass-energy absorption coeffi  cients (μen ⁄ρ) of several 
human tissues diff er reasonably from that of water and vary so rapidly with 
energy and between media that the ratio of medium and water coeffi  cients 
(μen ⁄ρ)w has to be evaluated over the entire local photon spectrum; an 
average value would be misleading[14]. Th us, assigning all tissues to water 
may introduce signifi cant dose errors. Additionally, the RBE for this energy 
range is increased, as low-energy photons are more potent per unit dose in 
causing biological damage to living organisms than higher energy photons[15]. 
Consequently, absorbed dose conversion among dose descriptors should be 
implemented with great care.
Conversion factors between the diff erent dose descriptors can be derived 
using a full MC calculation or, theoretically, considering the pertinent 
cavity theory. Target size, atomic composition and mass density defi ne the 
choice of small, large or intermediate cavity theory, which in turn depends 
on the target size relative to secondary charged particle ranges. Tedgren 
and Carlsson[16] interpreted the cavity as being of nuclear (~10 μm) or 
cellular (~100 μm) dimensions while Oliver and Th omson[17] assumed cavity 
dimensions in the ≤10 μm range, considering the potential radiobiological 
impact of cell nucleus DNA-bound water (~nm-sized volumes) and water 
targets in subcellular compartments[1,16,17]. For brachytherapy, Landry[2] has 
used large cavity theory (LCT) for the Dmm to Dwm conversion, while Tedgren 
and Carlsson[16] recommended small cavity theory (SCT) and Fonseca[14] 
showed that application of SCT and LCT is dependent on tissue type and 
local photon energy fl uence variation. Enger[10] compared SCT and LCT 
predictions to nuclear-sized cavities.
In the context of small animal irradiation and to the best knowledge of the 
authors, research on diff erent dose descriptors and application of cavity 
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theory has not been published. We present a fi rst study following the recent 
dose reporting recommendations[19] context as diff erent dose calculation 
methods exist in this fi eld, e.g. analytical, superposition-convolution and 
MC[12]. Th is study uses a modifi ed version of the MC code DOSXYZnrc[20] to 
derive the dose descriptors Dmm and Dwm using diff erent approaches to the 
ICT. Simulations parameters are set to represent the behaviour of a micro 
irradiator X-RAD 225Cx (Precision X-Ray, North Branford (CT), United 
States). Th e voxels comprising the phantom and the cavity are assumed to 
have equal dimensions. Calculations are performed for low-kV energies, 
where divergence among dose descriptors is augmented, and could be a 
limiting factor for the accurate translation of pre-clinical research into 
clinical trials. A theory section is included to aid in the MC code rationale. 

5.2 Th eory
Th e absorbed dose is the expected energy imparted to an infi nitesimal 
volume of matter by ionizing radiation, taken at each point of an irradiated 
medium[21]. For a photon fl uence spectrum, electronic  kerma (Kel), the 
net energy transferred to charged particles, is a good approximation of 
absorbed dose in the medium (Dm) if there is charged particle equilibrium 
(CPE). CPE exists when the fl uence of charged particles liberated inside 
and leaving the volume is balanced, in number and energy, by particles 
liberated elsewhere entering the volume. For a photon fl uence spectrum 
under CPE, the absorbed dose in the medium is given by equation (1)

where [μen(E) ⁄ρ]m is the medium mass-energy absorption coeffi  cient, 
[ΦE(E)]med is the fl uence, diff erential in energy (E) and Emax is the maximum 
energy of the photon spectrum. For charged particle beams, under δ-ray 
equilibrium (δ-eqm, less demanding and existing if there is CPE), the 
corresponding absorbed dose is given by equation (2):

where [Sel(E)/ρ]m is the medium unrestricted mass electronic stopping 
power. 
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Considering an arbitrary volume element, a cavity consisting of a medium 
diff erent from the surrounding one, in a medium subject to an unperturbed 
photon radiation fi eld, the size of the cavity, relative to the range of charged 
particles crossing it, is instrumental in the determination of the factor 
which correlates the dose to the cavity embedded in the medium (Dcav,m) and 
the dose to the medium (Dm,m) at the location of the cavity in the absence 
of it, equation (3). Figure 5.1 schematically summarizes the cavity theories: 
small, large and intermediate.

𝑓𝑓cav,m =
𝐷𝐷cav,m
𝐷𝐷m,m

		(3)

1 The term ‘electronic’ (e.g. kerma and stopping power) is used instead of the term ‘collisional’, 
following recommendations from[22] P. Andreo, D.T. Burns, A.E. Nahum, J.P. Seuntjens, F.H. Attix, 
Fundamentals of Ionizing Radiation Dosimetry, Wiley-VCH, Berlin, 2017.

Figure 5.1 – (a) small, (b) large and (c) intermediate cavity theory graphical representation, main 
conditions and equations. Adapted from Andreo et al.[22]. (d) Representation of the dose descriptors 
dose-to-medium-in-medium, Dm,m, dose-to-water-in-medium, Dw,m, and dose-to-water-in-water, 
Dw,w.
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where Sel(E)⁄ρ is the unrestricted mass electronic (collisional) stopping 
power, [ΦE(E)]m is the primary electron fl uence in the medium, assumed to 
be the same as in the cavity and (Sel(E)⁄ρ)    is the ratio of the unrestricted 
stopping power for cavity and medium. 
Th e BG theory, which assumes that either all electrons are deposited locally 
or there is δ-eqm, was modifi ed by Spencer and Attix (SA) to explicitly 
consider energetic δ-rays. A further formulation[23] included track-end 
terms, as there was no distinction in BG between secondary and knock-on 
electrons entering the cavity. Th e SA conversion factor is given by           , 
Figure 5.1(a), equation (5)[22], where LΔ(E)⁄ρ is the restricted mass electronic 
stopping power for energy losses lower than Δ,  is the total electron 
fl uence in the medium considering all electrons with E ≥ Δ and                is 
the ratio of the restricted mass electronic stopping power for cavity and 
medium. Δ is oft en chosen as a cut-off  energy of an electron that has a 
range just suffi  cient to cross the cavity. 
With somewhat arbitrarily chosen values, Δ depends on the size of the 
cavity and is chosen so that electrons with E > Δ tend to pass through 
the cavity and deposit their energy in the medium whereas the ones with 
E < Δ are locally absorbed. Th e SA theory is the most sophisticated SCT 
theory available[16]. In comparison to the unrestricted (BG), the restricted 
(SA) mass electronic stopping-power ratio improved agreement with 
experimental data[24] and it handles large atomic composition diff erences 
between medium and cavity. 

5.2.1 Small cavities (SC)
Small cavities, Figure 5.1(a), fulfi lling so called Bragg -Gray (BG) conditions, 
do not disturb the fl uence of secondary electrons in the medium: throughout 
the cavity the electron fl uence is approximately the same as that in the 
medium in the absence of the cavity. Th e BG conversion factor is given by,  
         equation (4)[23]         equation (4)𝑓𝑓cav,m
BG ,

)    is the ratio of the unrestricted 𝑆𝑆el 𝜌𝜌⁄ m
cav

𝛷𝛷Etot m]]
fl uence in the medium considering all electrons with E ≥ Δ and                is fl uence in the medium considering all electrons with E ≥ Δ and                is fl uence in the medium considering all electrons with E ≥ Δ and                is fl uence in the medium considering all electrons with E ≥ Δ and                is 𝐿𝐿fl uence in the medium considering all electrons with E ≥ Δ and                is fl uence in the medium considering all electrons with E ≥ Δ and                is Δfl uence in the medium considering all electrons with E ≥ Δ and                is fl uence in the medium considering all electrons with E ≥ Δ and                is 𝜌𝜌fl uence in the medium considering all electrons with E ≥ Δ and                is ⁄fl uence in the medium considering all electrons with E ≥ Δ and                is ⁄fl uence in the medium considering all electrons with E ≥ Δ and                is ( (

electrons entering the cavity. Th e SA conversion factor is given by           , electrons entering the cavity. Th e SA conversion factor is given by           , 𝑓𝑓electrons entering the cavity. Th e SA conversion factor is given by           , LC
cav,m

cav
m
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5.2.2 Large cavities (LC)

A cavity with dimensions greater than the maximum range of the secondary 
electrons is considered a large cavity (LC)[2], shown in Figure 5.1(b). In this 
case, the cavity does not perturb the primary photon fl uence and CPE is 
established. Th e conversion factor is given by          Figure 5.1(b), equation (6), 
where (μen⁄ρ)    is the spectrum-averaged mass-energy absorption coeffi  cient 
ratio for cavity and medium, μen(E)⁄ρ is the mass energy absorption 
coeffi  cient, [ΦE(E)]m the photon fl uence in the medium assumed to be the 
same as in the cavity.

5.2.3 Intermediate cavities (IC)

In the previous two sections absorbed dose was delivered by secondary 
electrons either mostly completely traversing the (small) cavity or which 
start and stop within the (large) cavity. In practice, however, oft en the 
absorbed dose is delivered by a combination of the aforementioned 
phenomena. Th e Burlin[25] or intermediate cavity (IC) theory handles these 
cases, Figure 5.1(c). 
Th e IC theory is valid if both medium and cavity are homogeneous, although 
their compositions may diff er. CPE must be established and equilibrium 
spectra of secondary electrons in medium and cavity must be the same[22]. 
Th e conversion factor is given by          , equation 7, Figure 5.1(c), where d 
defi nes a weighting factor that can vary from zero to unity and determines 
the extent to which the cavity fulfi ls BG conditions and the extent to which 
CPE dominates, so d weighs the contributions from SC and LC theories. 
Th e parameter d is determined according to Figure 5.1(c), equation 
(8), where β is the mass absorption coeffi  cient of secondary electrons 
and    the mean chord length, which for convex cavities is taken as Figure 
5.1(c), equation (9), where V and S are the cavity volume and surface area, 
respectively. Th e validity of the IC theory also relies on the assumption that 
cavity and medium are subjected to an omnipresent, homogeneous photon 
fi eld: it generates a secondary electron fl uence, attenuated exponentially 
(with -β  , at a distance   ) as it penetrates the cavity, while the electron 
spectrum generated in the cavity builds up exponentially to  (1-𝑒-βℓ)  of its 
equilibrium value[25].
Th e parameter β can be calculated using equations of the form 𝑒-β𝑅= 𝑥, 
where x is a fi xed attenuation constant that represents the fraction of 
particles which reach a depth R, the extrapolated range corresponding to 
the maximum energy of the electron spectrum. Th e Burlin-Chan[26] and 

and    the mean chord length, which for convex cavities is taken as Figure ℓ
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the Janssens[27] methods use x=0.01 and x=0.04, respectively: they consider 
residual electron transmissions of 1% and 4%. Although maximum energy of 
the electron spectrum is the prevailing parameter for range determination, 
Burlin-Chan considered that the relevant spectrum of electrons in cavity 
theory is not monoenergetic and has abundant electron energies lower 
than the maximum energy[26]. Th e Janssens method is considered to be 
more rigorous as it considers electron backscatter at the interface between 
diff erent media. Although other methods exist[16,28,29], this work focuses on 
the Burlin-Chan, equation (10), and the Janssens, equation (11), methods 
with R taken as RCSDA the continuous slowing down approximation (CSDA) 
range of electrons of energy equal to that of incident photons (or maximum 
electron energy), together with a defi nition of range as 1% or 4% particle 
transmission.

5.3 Methods

A modifi ed version of the MC code DOSXYZnrc was used to derive the dose 
descriptors Dmm and Dwm using diff erent approaches to the ICT, described 
in the previous section. To analyse the diff erences between the dose 
descriptors, a number of phantoms of diff erent voxel sizes were generated 
in addition to an ex-vivo mouse CT scan. Both phantoms and mouse were 
segmented using a range of tissues typical of a highly heterogeneous chest 
region.

5.3.1 DOSXYZnrc modifi cations

Th e EGSnrc-based[30] Monte Carlo (MC) simulation code DOSXYZnrc[20], 
was initially modifi ed to allow the scoring in a user-specifi ed reference 
medium (a cavity) in medium (e.g. Figure 5.1(d), middle, for the reference 
medium water, Dwm), in addition to Dmm, using SA formulation and 
respecting BG conditions. Further modifi cations are  described in the next 
sections and allow the scoring of the reference medium using Burlin’s IC 
theory. Hereon the term reference medium is used as a synonym of cavity.
 
5.3.1.1 Stopping power ratios

To score dose deposition in two diff erent media when the cavity is fi lled 
with the transport medium, the energy deposition may have distinct modes: 
it may consider events where energy is deposited by electrons in a step with 
energy (E) greater than Δ or events in which the electron starts a step with 
E > Δ and ends with E < Δ.[31] 
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Th e modifi ed DOSXYZnrc calculates the fl uence-averaged stopping power 
ratio, for each charged particle step depositing energy in the medium, 
EDEPm (excluding fl uorescent photons and not tracking charged particles 
created with kinetic energy < Δ), using:

where f is the fraction of the step over which the particle kinetic energy is 
higher than Δ, Emid is the kinetic energy at the mid-point of this fraction 
of the step. Note that here stopping powers are not normalized by medium 
density. As CSDA is assumed, Emid=(Emin+Emax)⁄2 or Emid=(Δ+Emax)⁄2 for steps 
where the particle kinetic energy is higher or lower than Δ, respectively. 
    is calculated at the end of the simulation by dividing the cumulative 
value of EDEPref by the cumulative value of EDEPm and normalizing by the 
ρref/ρm. Th is on-the-fl y technique for scoring avoids the need of energy 
binning of secondary electron fl uence to evaluate (5) directly – a similar 
method is used by the EGSnrc code SPRRZnrc[31].

5.3.1.2 Mass-energy absorption coeffi  cients

For the CPE contribution, equation (6) is evaluated for the calculation of          
 . For each photon step in a cavity, the energy fl uence, [ψE(E)]m, 
where ψE (E) = ΦE(E)∙E, is given by the product of the total pathlength of 
the photon step, the photon energy (E), and the particle's statistical weight. 
Th is result is multiplied by μen(E)⁄ρ, interpolated from user-supplied μen(E)⁄ρ 
vs E data for reference and local media. At the end of the simulation, the 
division between the cumulative values (summed over all particles and 
energies) of [ψE(E)]m [μen(E)⁄ρ]ref and [ψE (E)]m[μen(E)⁄ρ]m yields the [μen⁄ρ]  . 
In comparison to (6), the evaluation of the integrals of (7) is much simpler 
since photons do not directly deposit energy. Photon fl uence is not spread 
out over multiple energy bins.

5.3.1.3 Extra outputs

In addition to the dose map containing Dmm, the modifi ed DOSXYZnrc 
outputs 3D matrices of D(ref,m),                 and                   . Th e code also outputs 
the maximum kinetic energy of electrons, RCSDA of these electrons in the 
reference medium, and all the cumulative data required to calculate D(ref,m),  
       and to estimate d. Two estimates of the parameter d are 
output, calculated using a combination of equations (9) and either (10) or 
(11). 

𝐿𝐿"∆ m
ref = 𝑓𝑓

𝐿𝐿∆𝑟𝑟𝑟𝑟𝑓𝑓(𝐸𝐸mid)
𝐿𝐿∆𝑚𝑚(𝐸𝐸mid)

+ 1 − 𝑓𝑓
𝐿𝐿∆𝑟𝑟𝑟𝑟𝑓𝑓 𝛥𝛥
𝐿𝐿∆𝑚𝑚 𝛥𝛥 	(12)
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5.3.2 Simulation parameters

Th e calculation parameters were set to represent the behaviour of an 
X-RAD 225Cx (Precision X-Ray, North Branford (CT), United States)[12,32] 
micro irradiator and CT scanner. It is a dual-focus X-ray tube with a 20o 
angled stationary target made of tungsten, 0.8 mm beryllium exit window 
and tube potential of 225 kVp (225 Cx, Comet, Switzerland). An additional 
0.32 mm copper fi lter is used for irradiation[33]; the distance between source 
and isocentre is fi xed at 303.6 mm.  

5.3.2.1 MC inputs

Th e dose calculations considered a parallel photon beam with rectangular 
collimation (5x1 cm) that impinged on the geometries from the bottom. 
Th e number of histories yielded calculation uncertainties below 5% for the 
smallest voxels and <1% for larger ones (109-1010 histories, sampled at the exit 
plane of the collimator) with no particle recycling and no dose scored in air. 
Photons were transported down to an energy cutoff  (PCUT) of 1 keV and 
electrons to a total energy cutoff  (ECUT) of 512 keV (1 keV kinetic energy, 
meaning secondary electrons with E>1 keV were transported). Figure 5.2(a) 
shows the irradiation photon spectra of 80, 120, and 225 kVp, calculated 
using SpekCalc[34,35]. 
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Figure 5.2 – (a) Photon energy spectra used in dose calculations. (b) μen(E)/ρ vs E  values generated 
with the g-code. (c) Phantom representation: they were all designed with 48.5 mm (length) x 6.0 
mm (height) x 5.0 mm (width), with 0.01, 0.10, 0.20 and 1.00 mm isotropic voxel matrices, I, II, 
III and IV, respectively. The grey box and the arrow below IV indicate the direction and the size 
of the beam (of 5x1 cm, designed to encompass the full geometry). (d) Reference values of mass 
density (ρ) and elemental composition of phantom and mouse tissue-substitute materials. Note 
that the colours, which present the materials in (d) are replicated in (b) and (c) to depict the same 
materials. 
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Th e mean chord length (  ) calculated according to equation (9) depended 
upon phantom voxel size. Delta (Δ) was set to AE=512 keV, where AE is 
the minimum energy for which cross section data has been generated. 
For this study, d values were calculated analytically with RCSDA, taken at 
the maximum kinetic energy of electrons for each spectrum. A log-log 
interpolation, with natural cubic splines, was applied on ICRU Report 90 
(2016) RCSDA values. For each energy spectrum and cavity size (  ), RCSDA 
values were input in equations (10) or (11) and (8) to generate d values. Th ey 
were used at run time to convert D(m,m) to D(ref,m). Finally, fi les containing 
μen(E)/ρ vs E for each medium were used in the simulations. Th ese fi les were 
calculated using the EGSnrc user code, g, which generates (E ∙ μen(E))⁄ρ  vs 
E for a given medium. g-code calculations were run with AE=512 keV, AP=1 
keV (the lowest energy for photon transport) and uncertainty of 0.001%. 
Figure 5.2(b) depicts the μen(E)⁄ρ  vs E data used in this study.

5.3.2.2 EGS Phantoms

Th e cavity is considered to have the same dimensions as one isotropic 
phantom voxel, considering that voxel dimensions defi ne the maximum 
resolution of a dose calculation. Mathematical phantoms were conceived to 
investigate the diff erent cavity theories and the current pre-clinical practice: 
isotropic voxel sizes of 0.01, 0.10, 0.20 and 1.00 mm were used. All phantoms 
had length=48.5 mm, height=6.0 mm and width=5.0 mm and were designed 
to model eight cylindrical inserts with 5.0 mm diameter (similar to pre-
clinical phantoms[37]) and 5.0 mm length. Figures 5.2(c,d) show the phantom 
geometries and the media, for which atomic composition and density were 
defi ned according to ICRU Report 44[38], and the cross-sections to XCOM 
database. Human tissue compositions and density are commonly used pre-
clinically as small animal tissue information lacks in the literature[15,39]. 
Additional simulations were made using the CT scan of an ex-vivo male 
mouse, segmented using the materials of Figure 5.2(d) (and a Hounsfi eld 
Unit to mass density calibration curve[37]), with voxel sizes of 0.10 mm, the 
highest resolution of the X-RAD 225Cx cone beam CT (CBCT) imager, 
and 0.20 mm, a common value employed by multiple research centres[40]. A 
region comprising the spinal cord and lungs was selected to demonstrate 
diff erences in all investigated tissues.

Th e mean chord length (  ) calculated according to equation (9) depended ℓ

 values. For each energy spectrum and cavity size (  ), ℓ
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Figure 5.3 – (a,d)           and          maps given as output of the dose calculation and (b,c) mean 
value per insert for the four different resolution phantoms used in this study. The phantom was 
irradiated with a beam impinging on it from the bottom, as indicated in Figure 5.2(c). 
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5.3.2.3 Additional inputs

A secondary eff ect, the diff erence between photon spectra at various 
locations within the mouse CT scan was investigated and is presented in 
Appendix A1.

5.4 Results
5.4.1 Dose calculation outputs

Figures 5.3(a,d) show the fl uence-averaged water-to-medium stopping 
power ratios, (S/ρ)   , and ratios of mass-energy absorption coeffi  cients, 
(μen/ρ)   given as dose calculation outputs.  Figures 5.3(c,d) show the mean 
value of  (S/ρ)     and (μen/ρ)    for each tissue-substitute material. Th e results 
are invariant with voxel or cavity size and, for (S/ρ)   with energy in the 
selected range.
Values of the weighting parameter d for varying cavity mean chord lengths 
( ) are displayed as a function of photon energy in Figure 5.4(a) and as a 
function of the cavity size (or   ) in 4b. As d determines the extent to which 
a cavity behaves as a SC (or, alternatively, 1 -d assesses the degree of CPE 
in a cavity), fi gure 5.4(a) shows that d values consistently increase with an 
increase in energy: higher d values determine the predominance of the SC 
(fi rst) term of equation (7) over the second. Figure 5.4(b) emphasizes this 
behaviour: decreasing d values with cavity size expansion, the LC (second) 
term of equation (7) becomes gradually dominant. Phantoms I and IV 
show the two extreme scenarios: d values of 0.98 and 0.04, respectively. 
Phantoms II and III, representative of pre-clinical practice, fi t well within 
the IC theory with a considerable d variation depending on energy and d               
derivation method. For example, for 80 and 225 kV, d was found to be 0.41 
and 0.83, respectively, for phantom II using Janssens’ method. According 
to the method of calculation, Janssen or Burlin-Chan theories, the numeric 
diff erence of  d is not negligible, for phantom for III, a variation of 42% and 
15% for 80 and 225 kV, respectively, was found. 
Both Figures 5.4(c) and 5.4(d) are outputs from the MC calculations. Figure 
5.4(c) shows the range of electrons in water as a function of their maximum 
kinetic energy: the MC code used these values to calculate the kinetic 
energy of electrons with a range equal to   and the values of d based on β 
using equations (10) and (11). Figure 5.4(d) presents the kinetic energy of 
charged particles with a range correspondent to the mean chord length. 
Figure 5.4(e) presents the ratio between Dwm dose maps calculated using 
Janssens or Burlin-Chan methods for the diff erent phantoms and energies. 

( ) are displayed as a function of photon energy in Figure 5.4(a) and as a ℓ
function of the cavity size (or   ) in 4b. As ℓ
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Large diff erences in d values for intermediate sized voxels (phantoms II 
and III) translated into large relative dose diff erences. For example, for 80 
kV, the average diff erences for cortical bone and adipose are 20% and -4% 
for phantom II, conversely for 225 kV, the diff erences are 5.4% and -1.3%, 
respectively. 

Figure 5.4 – Parameter d  a) as a function of energy and identified (with symbols in red shades) 
by the cavity size, b) as a function of cavity size and identified (with triangles in blue shades) by 
the energy spectrum. The solid and dashed lines represent Janssens and Burlin-Chan methods, 
respectively. c) Range of electrons in water as a function of the maximum kinetic energy. d) Kinetic 
energy of charged particles with a range correspondent to the mean chord length    . e) Differences 
between Dwm maps calculated with d parameter values derived from Janssens and Burlin-Chan 
methods. From top to bottom, each row represents one voxel size phantom (I-IV) and from left to 
right, each column represents one energy (80, 120 and 225 kVp). 

energy of charged particles with a range correspondent to the mean chord length    . e) Differences ℓ
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5.4.2       : Phantom

Figures 5.5(a-d) depict the Dmm⁄Dwm  average estimate for each medium 
in phantoms I-IV, respectively, the three selected energies and with the 
two d deriving methods. To graphically highlight the diff erences between 
the descriptors, the percentual diff erence between Dmm and Dwm (instead 
of between Dwm and Dmm) is depicted. For soft  tissues, except adipose, 
the relationship between dose descriptors is equal or close to unity for 
all diff erent scenarios; an expected behaviour as a consequence of the 
similarities in terms of atomic composition and density between the 
media and water (Figure 5.2(d)), small cross section variations, and the 
predominance of incoherent photon interactions. Results for adipose and 
bony tissues diff er as their composition diverges from water. For the 225 kV 
spectrum in phantoms I and II, the larger electron range relative to cavity 
size increases the infl uence of the (S/ρ)   term in Equation (7).  In bony 
tissue, where (S/ρ)   > 1 (see Figure 5.3(b)), this contributes to an overall 
decrease of  Dmm in comparison to Dwm (up to -15%).  Conversely, for adipose 
tissue, (S/ρ)   < 1  and there is an increase of  Dmm in comparison to Dwm (up 
to 4.2%).
For larger cavities, where the range of secondary particles is smaller or 
comparable to the cavity dimensions, and for lower energies, where the 
predominance of photoelectric interactions is increased and highly 
dependent on the tissue-equivalent material compositions, the diff erence 
between dose descriptors is much higher. Photoelectric interaction cross 
sections of bony tissues are higher than those of water, resulting in Dmm 
values larger than Dwm. For spongiosa and cortical bone Dmm ranges from 1.9 
to 1.8 and 2.2 to 4.4 times Dwm for phantoms III and IV, respectively, at 80 
kV. Th e opposite is true for adipose with Dmm⁄Dwm  values of 0.76 and 0.69 
for phantoms II and IV.

5.4.2      𝑫𝑫𝐦𝐦𝐦𝐦
𝑫𝑫𝐰𝐰𝐦𝐦$
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Figure 5.5 – Ratios between the dose descriptors Dmm and Dwm for tissue substitute materials for 
each phantom size: (a-d) Phantoms I-IV. Each colour represents one of the selected energies: 80, 
120 or 225 kV. Full and hollow circles represent Dwm calculated from Janssens (J) and Burlin-Chan 
(B-C) methods, respectively. The black line highlights cases where Dwm = Dmm. The same range of 
Dmm⁄Dwm  is used for graphs a and b; a different range is used for graphs c and d.

5.4.3                     : Mouse

Figure 5.6 presents the ex-vivo male mouse axial and sagittal planes, and 
the dose map axial views derived from CT scans with either 0.1 or 0.2 mm 
isotropic voxel resolution for the three selected energies. Similar to the 
phantom calculations, dose diff erences are higher for lower energies and 
tissues with photoelectric cross-sections that diff er signifi cantly from 
water. For all scenarios, regions segmented as bony or adipose tissue present 
the largest diff erence between dose descriptors. At 225 kV, the diff erences 
reach maximum and minimum values of 19% and -4.0% (Figure 5.6(f)) or 
11% and -2%, for Burlin-Chan or Janssens’ method, respectively, whereas at 
80 kV the maximum and minimum diff erences are 286% and -29% (Figure 
5.6(d)) or 240% and -27%. 

5.4.3                     
𝑫𝑫𝐦𝐦𝐦𝐦

𝑫𝑫𝐰𝐰𝐦𝐦$
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Figure 5.6 – On top: axial (left) and sagittal (right) views of an ex-vivo male mouse CBCT scan of 0.1 
mm isotropic voxel size. Below: axial view of dose ratio maps simulated from scans with isotropic 
voxel sizes of (a-c) 0.1 and (d-f) 0.2 mm. Simulated irradiation energies of (a,d) 80, (b,e) 120 and 
225 kVp. The ratios presented were calculated using Burlin-Chan method. Note that although the 
mouse is fully depicted on the top sagittal view, this study focused on the chest region.
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5.5 Discussion

Meaningful pre-clinical radiation research can be translated into successful 
clinical trials when a deep understanding of the variables that contribute 
to treatment outcome exists. Accurate dosimetry and comprehension of 
dose-response mechanisms is paramount. Diff erent from clinical EBRT, 
small animal radiotherapy requires additional caution for its lower energy 
range, where diff erences in dose descriptors are typically magnifi ed. Th e 
conversion between dose-to-water and dose-to-medium is fundamentally 
dependent on the size of cavity. Th is work used the DOSXYZnrc MC 
simulation code, in which voxel dimension defi nes the maximum 
resolution of a dose calculation, regardless of the scale of physical processes 
contributing to RBE[8].
A phantom of unique size and composition was subsampled into four 
diff erent isotropic voxel matrices while maintaining the composition. 
While the voxel sizes in phantoms II and III are typical of pre-clinical 
CBCT imaging resolution, those in phantoms I and IV tested extreme 
scenarios and would be otherwise impractical in terms of calculation times 
and proper small animal segmentation. Th e usage of intermediate cavity 
theory throughout this study demonstrated the infl uence of small and large 
cavity theories in the relationship between dose descriptors. Figures 5.3 
and 5.4 show the infl uence of the               or their weighted sum 
on the dose to the water cavity. Using a constant Δ=1 keV, user-defi ned 
mean chord lengths derived from the voxel dimensions through equation 
(9) in a range of kilovolt energies. Larger cavities presented lower d values, 
consequently dominated by the LC term,                  while the inverse was true 
for small cavities, where the SC term,               , dominated. Additionally, 
considering that d values vary monotonically with energy, for higher 
energies the prevalence shift s towards the SC component as secondary 
particle ranges are increased and tend not to perturb the cavity, favouring 
δ-ray equilibrium and allowing for the             increased weight.
As cavity dimensions expand, the calculated Dmm⁄Dwm  results shift  from 
values closer to those in Figure 5.5(a) to the ones in Figure 5.5(d). Th e 
relationship between dose descriptors is equal or close to unity for all 
diff erent scenarios for tissues with similar atomic composition and density 
to water (Figure 5.2(d)). For higher energies, the larger electron range relative 
to cavity size increases the infl uence of the                term in Equation (7). In 
bony tissue, where                    this contributes to an overall decrease of  Dmm 
in comparison to Dwm, while in adipose tissue, where                 , there is an 
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increase of Dmm in comparison to Dwm. For larger cavities, where the range of 
secondary particles is smaller or comparable to the cavity dimensions, and 
lower energies, where the predominance of photoelectric interactions is 
increased and highly dependent on the medium composition, the diff erence 
between dose descriptors is enhanced. Hence, the impact of the cavity 
dimensions on estimated Dwm is signifi cant on pre-clinical kilovolt beams.
Local spectrum and mean energy were compared to assess if regardless of 
localization, the conversion factor would remain unique; this consideration 
is only relevant for materials that diff er from water. Diff erences up to 5.1% 
were found between Dmm⁄Dwm  ratios calculated using the local spectrum 
on diff erent regions within the mouse. Th is is a minor eff ect, possibly 
negligible when the uncertainty on the underlying tissue composition is 
considered. It also points to a minor hardening of the beam (the selective 
attenuation of low energy photons) within the small specimens. 
Caution is advised when using the IC theory as there is a lack of consensus in 
the literature on d-parameter deriving methods. Besides the two presented 
here, Burlin-Chan and Janssens theories, several others exist[16,28,29] and may 
be responsible for further discrepancies between dose descriptors. Th is 
study presented a tool to investigate the eff ect of distinct d-values in CT 
phantoms. For the two investigated methods, Dwm in bony tissue diff ered by 
up to 20% for the same cavity size and irradiation energy, while for water-like 
tissues, diff erences were negligible. Mobit et al. used MC to track the dose 
fraction of electrons arising in the cavity. Tedgren and Carlsson presented 
three methods for calculating d, including equations for determining 
the eff ective mass absorption coeffi  cient of electron fl uence penetrating 
the cavity (β). Oliver and Th omson showed fi ve diff erent approaches to 
calculating d and found that agreement between ICT and MC-computed 
values of Dwm was best when Figure 5.1(c), equation (8) was used with β 
calculated using Janssens’ method. 
Janssens theory is more rigorous: while β was somewhat arbitrarily chosen 
by Burlin-Chan, Janssens calculated the attenuation and energy distribution 
of secondary particles including energy degradation due to the slowing 
down of the electrons in the cavity and considered electron backscatter 
at the interface between diff erent media[41], which is possibly the culprit 
for consistently higher d values. Further simulations and measurements, 
explicitly scoring secondary particles are recommended for establishing a 
more generally accepted ICT, and MC calculation of dose in an embedded 
water cavity could bring more defi nitive answers. Additionally, for both 
methods used in this study, the maximum range of primary electrons was 
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taken as CSDA values from the ICRU Report 90[36]. Th is approximation is 
an over-estimate as electron paths are not straight lines. Range values can 
also be calculated using the cross-section database of the MC code. For 
EGSnrc codes, cross-section data is typically generated using the restricted 
stopping power for dose calculations. However, for range estimations, 
cross-section data should be generated with the total stopping power. Th is 
is stressed here as it may cause confusion and impact on d calculations. 
Th e uncertainty over a meaningful cavity dimension should also be 
considered. Besides the conversion between analytical methods and MBDC 
calculations, cavity theory and conversion factors are also relevant for 
the biological dose deposition. Several works[8,10,16,18,42] have discussed the 
water cavity dimensions’ signifi cance with respect to cellular structures 
and biological eff ects, and some have attempted to ascertain links to 
biological eff ectiveness, for example, via comparison with the DNA-bound 
water molecules. However, the biological unknowns, e.g. the infl uence of 
repair mechanisms and composition and geometry of target surrounding 
structures, add another level of complexity, oft en only approached by 
micro-dosimetry techniques. 
Beyond cavity size, improved imaging capabilities, in terms of quality and 
optimized protocols, is fundamental: incorrect tissue assignment can lead to 
diff erences between dose descriptors. Although a necessary MC calculation 
step, CT number to medium conversion is also a source of uncertainty due 
to limitations intrinsic to CT scanners, conversion functions, number of 
materials and lack of pre-clinical specifi c data. It is common[37] to assign 
human tissue compositions[38,43] to small animals due to the absence of 
specifi c data. Th is practice is somewhat supported by recent studies on 
human and mouse tissue compositions as measured by dual-energy CT 
imaging[39]. Nevertheless, it has been shown that mean excitation energy 
variation has a signifi cant impact on              [44]. 
Extensive experimental evidence is another fundamental, yet still lacking, 
aspect of this fi eld. Correlation between dose descriptors and treatment 
outcome could potentially corroborate the choice of one dose descriptor 
over the other. For the ex-vivo male mouse used in this study, dose diff erences 
from -29% to 286% were found (Figure 5.6). Currently, pre-clinical research 
technology, in terms of precise targeted irradiation coupled to on-board 
imaging devices and advanced biological models, would allow the design 
of measurement studies, not feasible before. Nevertheless, as long as 
radiotherapy dosimetry is based on these descriptors, dose distribution 
comparisons should be performed with the same reporting quantity and 

(Sel/ρ)w
m
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caution regarding reported quantity and dose comparisons with pre-
clinical research or the clinical standard is advised. 

5.6 Conclusion

Pre-clinical radiotherapy dose calculations using detailed on-the-fl y MC 
simulations for ICT were presented for a range of voxel sizes (cavities), 
irradiation energies and d-parameter calculation methods. Th e MC code 
modifi cations facilitated rapid investigation of CT phantoms. ICT made 
the infl uence of                and                explicit through the d-parameter: 
smaller cavities presented higher d values, consequently dominated by the 
SCT term, the       , with the inverse being true for LCT and                 
Th e impact of the cavity dimensions on estimated Dwm is signifi cant on pre-
clinical kilovolt beams. At lower energies, for tissues with the elemental 
compositions most divergent from water, e.g. bony and fatty tissues, the 
Dmm/Dwm ranged between 0.68 and 4.4. Th is result can directly impact pre-
clinical research translation as such diff erences are not present in MV 
clinical radiotherapy. Moreover, biological eff ects on bony tissues may aff ect 
the irradiated subjects. From the results of this study, caution is advised 
when using the ICT due to a lack of consensus on d-parameter deriving 
methods. Dose computed using Burlin-Chan or Janssens methods for the 
same geometry, energy and cavity size diff ered by up to 20% for osseous 
tissues. Although Janssens’ method is more rigorous, further simulations and 
measurements, explicitly scoring secondary particles, are recommended for 
establishing a more generally accepted ICT, and an explicit MC calculation 
of dose in an embedded water cavity could bring defi nite answers. For a 
heterogenous geometry, the ex-vivo mouse specimen, diff erences in dose 
descriptors of up to 286% were found. Th is result points to an important 
missing piece of information: the need of measurement-based results, 
which may correlate dose descriptor and biological outcome within a living 
organism represent. Th e advanced small animal precision radiotherapy 
fi eld is likely to provide the ideal platform for such experiments. Finally, 
dose distribution comparisons should use the same reporting quantity and 
caution regarding reported quantity and dose comparisons is advised.
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5.A1 Appendix A1
5.A1.1 Local photon spectra

Th e local photon spectra were generated, using the MC code MCNP6 
(Monte Carlo n-Particle 1.0)[45], as diff erences between Dmm and Dwm may 
be dependent on local photon energy fl uence spectrum, which varies 
throughout the geometry[14]. An additional aim was to evaluate beam 
hardening eff ects (the selective attenuation of low energy photons). Th ree 
irradiation spectra were considered as                   varies with energy and fi ft een 
regions were selected in the mouse CT scan comprising diff erent tissues and 
positions. A suffi  cient number of histories (1-4∙109) was used to achieve an 
overall statistical uncertainty of 0.5%. MCNP6 was used because it was not 
possible to score local photon spectra with the version of DOSXYZnrc used 
in this study. Nevertheless, the codes were benchmarked against each other 
using the same datasets and provided excellent agreement (Dmm diff erences 
on the order of the statistical noise) – data is not shown for sake of brevity. 
Figure 5.A1(a) shows the points where local photon spectra were generated. 
Th ey are located in heterogeneous regions, e.g. P10-14, and uniform ones, 
e.g. P7, P15. Th e shape of the spectra, Figures 5.A1(b-d), remained similar in 
all regions, with prevailing variations in intensity. As the radiation beam 
impinged on the specimen from the bottom, intensity variation throughout 
the geometry is expected. P2 and P7, the farthermost points, presented the 
maximum integral (under the curve) diff erences of 41%, 38% and 32% for 80, 
120 and 225 kV, respectively. Dmm⁄Dwm  ratios were taken at these two points 
using the local spectrum and substituting the local medium by cortical 
bone or water. Diff erences of 2.3%, 3.5% and 5.1% were identifi ed between 
the Dmm⁄Dwm  ratios of P2 and P7 for 80, 120 and 225 kV. Furthermore, a 
decrease in the mean spectral energy of 2.1%, 2.2% and 3.0% was observed 
between P2 and P7 for 80, 120 and 225 kV.

[μen/ρ]
hardening eff ects (the selective attenuation of low energy photons). Th ree 
irradiation spectra were considered as                   varies with energy and fi ft een 
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Figure 5.A1 – (a) The numbers 1 to 15 indicate the points where the local photon spectra were 
generated for the ex vivo mouse CT scan with isotropic voxel sizes of 0.2 mm. b-d) Local photon 
spectra for each of the fifteen points from Figure 5.A1(a) for calculations using 80, 120 and 225 
kV photons. They were grouped in energy bins of 2, 3 and 4 kV, respectively. The solid lines 
represent points 2 and 7 (P2 and P7). The dotted lines represent the remaining points, illustrating 
the spectral shape conservation throughout the geometry. The spectra were normalized by the 
maximum photon intensity for each point and the bremsstrahlung region is in evidence, while 
the characteristic peaks are outside the limits of Figures (b-d), to stress inter-spectral differences.

For small animal irradiations the diff erences between Dmm⁄Dwm  associated 
with local photon energy fl uence spectrum are minor, in comparison to 
clinical kV treatments due to much smaller geometries and treatment 
beams – generally, the cross-section of a mouse does not exceed 3 cm and 
even in a rat the diff erence would be small.
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Abstract

Objectives: To investigate whether the Mevion S250i with HYPERSCAN 
clinical proton system could be used for pre-clinical research with 
millimetric beams.

Methods: Th e nozzle of the proton beam line, consisting of an energy 
modulation system (EMS) and an adaptive aperture (AA), was modelled 
with the TOPAS Monte Carlo (MC) Simulation Toolkit. With the EMS, 
the 230 MeV beam nominal range can be decreased in multiples of 2.1 mm. 
MC dose calculations were performed in a mouse lung tumour CT image. 
Th e AA allows fi elds as small as 5 x 1 mm2 to be used for irradiation. Th e 
best plans to give 2 Gy to the tumour were derived from a set of discrete 
energies allowed by the EMS, diff erent fi eld sizes and beam directions. Th e 
fi nal proton plans were compared to a precision photon irradiation plan. 
Treatment times were also assessed.

Results: Seven diff erent proton beam plans were investigated, with a good 
coverage to the tumour (D95>1.95 Gy, D5<2.3 Gy) and with potentially less 
damage to the organs at risk (OARs) than the photon plan. For very small 
fi elds and low energies, the number of protons arriving to the target drops 
to 1-3%, nevertheless the treatment times would be below 5 seconds.

Conclusions: Th e proton plans made in this study, collimated by an AA, 
could be used for animal irradiation.   

Advances in knowledge: Th is is one of the fi rst study to demonstrate the 
feasibility of pre-clinical research with a clinical proton beam with an 
adaptive aperture used to create small fi elds.
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6.1 Introduction 

Th e number of ion beam therapy centers has been growing rapidly in the 
last decade, making ion beam therapy a possible cancer treatment. To 
advance the understanding of ion beam therapy, pre-clinical research is 
needed combining diff erent tumour models and ion beam irradiation[1]. 

Also in recent years, specialized image guided irradiation platforms for 
conventional photon radiotherapy were installed in over one hundred 
research departments worldwide, an order of magnitude more than in 
2011 [2]. Such platforms are radically changing the fi eld of pre-clinical 
animal research in radiobiology by using image guided irradiation with 
milimetric beams [3]. Furthermore, specifi c treatment planning systems were 
developed, where the physics of low-energy x-ray beams was modelled to 
deliver accurately the prescribed dose to the target, while considering the 
constraints in dose to the organs-at-risk (OARs)[4-6].

Integrating the existing state-of-the-art photon platforms with ion beams 
will initiate a completely new fi eld in pre-clinical research. Greubel et al[7] 
presented a study where 24 subcutaneous tumours in mice were irradiated 
with 20 Gy using 23 MeV proton beams and tumour growth was evaluated. 
Moreover, Constanzo et al[8] published a radiobiological study, where a 4 
MeV mini-proton beam was used to irradiate tumour cells and survival 
curves were comparable to the ones obtained with x-ray irradiation. In 2017, 
Ford et al [9] demonstrated the feasibility of integrating a 50 MeV proton 
beam with a commercially available x-ray pre-clinical platform. Th e same 
group developed a Monte Carlo (MC) model for a small animal proton 
beamline and investigated the relative biological eff ectiveness (RBE) in 
tissues using fractionated proton minibeams [10]. 

Since it is unlikely that dedicated small animal ion beam therapy facilities 
will be built due to  cost, current clinical and non-clinical ion beam facilities 
look for solutions to adapt their beams for image guided pre-clinical 
research[11-13], while making use of platforms with existing x-ray beams 
for imaging and positioning[2]. For this reason, the work here presented 
investigates the possible use of a clinical proton beam, which has a unique 
adaptive aperture to create small fi elds with sharp beam penumbras and 
low proton energies, for small animal research. Th e study will focus on dose 
calculations with proton beam, and will not consider any eff ects of relative 
biological eff ectiveness at low proton energies. Th is would require extensive 
studies of the RBE in small proton beams in in vivo systems. 
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6.2 Methods and materials

6.2.1 Clinical system 

Th e MEVION S250i with HYPERSCAN proton system (Mevion Medical 
Systems Inc., Littleton, Ma, USA) is a commercially available one-room 
compact system with a   synchrocyclotron proton accelerator mounted on 
the gantry, which rotates in the treatment room around the patient (fi gure 
6.1a). Th e beam line consists of a dual axis scanning magnet, transmission 
ion chambers, a fast energy modulation system (EMS) and an Adaptive 
Aperture TM (AA) for beam collimation (fi gure 6.1b). Th ese components 
are mounted on the Nozzle, that can rotate between -5 and 185 degrees in 
the gantry plane (fi gure 6.1a). Furthermore, the module that contains the 
EMS and AA can be extended towards the isocenter, ranging from 3.6 to 
33.6 cm. 

Th e system produces a pencil beam with a fi xed energy of 230 MeV and uses 
the EMS to decrease the pencil beam energy. Th is device consists of eighteen 
Lexan plates with specifi c thicknesses and air gaps that allow for a decrease 
of the pencil beam residual range in multiples of 0.21 cm in water, covering 
a depth from 32 cm (90% distal fall-off ) to the surface. Th e AA is located 
at the end of the beam line and it consists of two opposing blocks of seven 
leaves made of Nickel[14] moving in a 20x20 cm2 treatment fi eld enabling 
collimation of each pencil beam per energy layer. Th e AA moves as a block 
in the y-direction and each leaf can move in the x-axis direction (fi gure 
6.1b,c). Furthermore, the one nominal proton energy combined with the 
type of EMS, results in Bragg  Peaks with a constant range stragg ling (the 
full-width half maximum (FWHM) in the beam direction of approximately 
27±1 mm measured in integrated depth doses (IDDs)).

6.2.2 Beam model 

Th e beam model of the S250i with HYPERSCAN system was created using 
the MC platform TOolkit for PArticle Simulation (TOPAS )[15] (fi gure 6.1c). 
Th e model was validated with data provided by the manufacturer.  
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6.2.3 Simulation set-up

Th e submillimetric cone beam computed tomography (μCBCT) image of a 
mouse with an orthotopic lung tumour was acquired with the X-RAD 225Cx 
system (Precision X-Ray, North Branford, CT, USA) at a tube voltage of 80 
kVp and with a 0.1 x 0.1 x 0.1 mm3 voxel size. Th e main structures (tumour in 
the right lung, right and left  lungs, spinal cord and heart) were delineated 
by a radiation oncologist. Using a dedicated small animal radiotherapy 
planning system SmART-Plan[6] (research version 1.5, Precision X-Ray) an 
optimal photon irradiation plan was designed to administer a prescribed 
dose of 2 Gy to the tumour (fi gure 6.2a). 

Figure 6.1. (a) treatment room sketch with the synchrocyclotron mounted on the gantry, which rotates 
around the isocentre from -5 to 185 degrees; (b) close view of the adaptive aperture (AA) module in the 
beam’s-eye-view; (c) MC model of the module with the 16 plates of Energy Modulation System (EMS) 
in the beam path, indicating the range shift er plates, the AA and the exit window (the beam goes from 
right to left ) with a representative slice of the micro cone-beam CT of the mouse in front of the nozzle. 
Th e dotted box is zoomed-in on the right.
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For the proton plans, simulations of a single spot proton pencil beam aimed 
at the tumour centre were performed combining two or three treatment 
fi elds (TF), using diff erent energies and fi ve fi eld sizes (table 6.1, fi gure 
6.2b). Th e choice of energy was limited by the EMS discrete steps. Treatment 
scenarios T1 to T6 use treatment fi elds with low energies (29.14 MeV, 32.97 
MeV, 36.46 MeV and 39.72 MeV), in which the Bragg  Peak stops inside the 
tumour, while T7 uses two opposed 158.87 MeV beams to ‘shoot-through’ 
the tumour. Th e minimum fi eld size in the y-direction (axis in fi gure 6.1b) 
is limited by the leaf thickness of 5 mm, however in the x-direction, any 
opening is possible with 0.5 mm resolution. Th e default physics list from 
TOPAS, validated for proton beams[9, 16], was used and dose-to-water-in-
medium (physical dose) was scored in a 0.2 x 0.2 x 0.2 mm3 grid (double 
the original μCBCT voxel size). A primary 230 MeV proton beam with an 
energy spread (standard deviation) of 0.2174 MeV and a virtual source-axis-
distance (SAD) of 185 cm, was simulated with 1.75x109 protons per TF. 

Figure 6.2. (a) Photon dose distribution, micro cone-beam CT image and structure contours for the 
photon plan with two opposed 225 kVp photon beams using a 5 mm circular collimator to deliver a 
prescribed dose of 2Gy to the tumour (statistical uncertainty of 0.1%, equivalent to approximately 108 
histories per beam). Th e tumour is indicated in green in the right lung. (b) Illustration of the three 
proton treatment fi elds (and corresponding inner gantry rotation) used to create seven diff erent proton 
plans.
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T able 6.1. Simulation set-up for 7 diff erent treatment scenarios (T), using two or three treatment fi elds 
(TF1 - TF3) defi ned by the gantry rotation 0°, 90° and 180° (explicitly in fi gure 6.1a), respectively. Th e 
last column shows the four diff erent fi eld sizes created with the adaptive aperture for each TF.

Each treatment scenario resulted in 64 (T1 - T4) or 16 (T5 - T7) dose 
distributions (table 6.2), for each of these the dose volume histogram (DVH) 
metrics D95 and D5 (dose given to 95% and 5% of the tumour volume, 
respectively) were calculated to select the best plan for each treatment. 
Furthermore, the DVH metrics V90 and V10 were used to evaluate 
the volume of OARs that received 90% and 10% of the prescribed dose, 
respectively. Finally, the best dose distributions from the seven diff erent 
scenarios were compared, arriving at the plan that best covers the tumour 
with the prescribed dose. 

TF 1

Treatment 
scenario #

Field size
(mm2)

TF 2 TF 3

Treatment fields (MeV)

39.72
39.72
39.72
39.72
39.72
39.72
158.87

T1
T2
T3
T4
T5
T6
T7 shoot-through

29.14
32.97
29.14
32.97
-
-
-

36.46
39.72
36.46
39.72
36.46
39.72
158.87

5 x 2.5

5 x 3

5 x 3.5

5 x 4
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Table 6.2. Field size for each TF corresponding to each combination number (gray columns), e.g, the 
fi eld size for combination 1 is (5x2.5, 5x2.5, 5x2.5); for combination 2 is (5x2.5, 5x2.5, 5x3). T1 to T4 yielded 
64 combinations of fi eld sizes, whereas T5 to T7, only 16 combinations, since only two TF were used 
(table 6.1).

Combination CombinationTF1(mm2) TF1(mm2)TF2(mm2) TF2(mm2)TF3(mm2) TF3(mm2)

1
2
3
4
5
6
7
8
9
10
11
12
13
14
15
16
17
18
19
20
21
22
23
24
25
26
27
28
29
30
31
32

33
34
35
36
37
38
39
40
41
42
43
44
45
46
47
48
49
50
51
52
53
54
55
56
57
58
59
60
61
62
63
64

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5
5 x 3
5 x 3.5
5 x 4

5 x 2.5 5 x 3.5

5 x 3 5 x 4

5 x 2.5 5 x 2.5

5 x 2.5 5 x 2.5

5 x 3 5 x 3

5 x 3 5 x 3

5 x 4 5 x 4

5 x 4 5 x 4

5 x 3.5 5 x 3.5

5 x 3.5 5 x 3.5
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1 All doses reported in this work are physical doses (Gy) and not RBE-weighted absorbed doses (GyE).

6.2.4 Clinical system output 

6.2.4.1 System’s delivery effi  ciency

Th e EMS can decrease the beam nominal range to zero. However, the use of 
almost all the 18 range shift er plates decreases the number of protons that 
exit the EMS. To quantify the protons lost due to the use of these plates, 
simulations with a single-beam aimed at the isocentre were performed 
with the system’s nominal energy (230 MeV) and the energies chosen for 
treatments T1-7. Th e AA was added to the simulations with the fi eld sizes 
ranging from 5x1 mm2 to 5x5 mm2. Th e number of protons that arrived 
at the nozzle’s exit window (fi gure 6.1c) was scored and compared to the 
number of 107 primary protons generated.

6.2.4.2 Calculation of the dose rate and treatment time

For practical reasons, it is important to assess whether the system would 
be able to deliver the prescribed dose of 2 Gy in an acceptable irradiation 
time[17], since the animal is under deep anesthesia and the common workfl ow 
includes imaging, treatment planning and irradiation. With a maximum 
beam current of 10 nA, the Mevion S250i HYPERSCAN, can produce 6.24 x 
1010 protons per second. From the simulations described in section System’s 
delivery effi  ciency, the time needed to deliver 2 Gy as function of energy and 
fi eld size was estimated.

6.3 Results

6.3.1 Proton plan that best covers the target

Simulations of the seven treatments described in table 6.1 were performed. 
All DVHs were scaled to the prescribed physical dose D90 = 2 Gy1. Figure 
6.3(a) presents the D95 and D5 extracted from each of 64 dose distributions 
from T1. Th e fi eld size that produced the minimum diff erence between 
D95 and D5, i.e. the steepest slope of the tumour’s DVH, is marked with a 
black line and hence chosen as the best combination for each treatment. 
Figure 6.3(b) shows the V10 and V90 for the right lung and heart for the 
64 fi eld size combinations (explicitly in table 6.2), where the horizontal 
lines represent the V90 and V10 extracted from the photon plan. From the 
supplementary data 6.6, Figure 6.S.1, gives the results for T3, T5 and T7. 
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Th e best case for each treatment scenario is described in table 6.3 in terms 
of the AA opening and the DVH metrics: D95, D5 for the tumour, V10 and 
V90 for the ipsi-lateral right lung, and the V10 for the heart. Figure 6.4 
shows the DVHs for the seven proton treatments, including the tumour, 
right lung and heart. Th e DVH extracted from the photon plan is shown 
in black.

F  igure 6.3. (a) D95 and D5 for all fi eld combinations for T1, where the combination with the steepest 
slope between D95 and D5 is indicated with a black vertical line (combination 54). Th e x-axis shows 
the 64 combinations for T1: the fi rst point on the x-axis has the fi eld size (TF1 = 5x2.5 mm2, TF2 = 5x2.5 
mm2, TF3 = 5x2.5 mm2) and the last (TF1 = 5x4 mm2, TF2 = 5x4 mm2, TF3 = 5x4 mm2). All the 64 fi eld-size 
combinations are shown in table 6.2. (b) representation of the ipsi-lateral right-lung V10 and the V90, 
and the heart V10. Horizontal lines show in both panels, as indicated, the D5, D95, V10 and V90 values 
extracted from the photon plan (fi gure 6.2). 
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Table 6.3. Combinations that best covered the tumor found for each treatment scenario, indicating the 
adaptive aperture (AA) size for each treatment fi eld (TF) and the dose volume histograms metrics D5, 
D95, V10 and V90. 

Figure 6.4. Dose volume histograms of the seven treatments for the tumour (solid line), ipsi-lateral right 
lung (dashed line) and heart (dotted line).   

TF 1

Treatment 
scenario # D95 D5

V90 lung
(%)

V10 lung
(%)

V10 heart
(%)

TF 2 TF 3

AA size for each TF

4
4
4
4
4
4
4
-

3
3
4
4
-
-
-
-

T1
T2
T3
T4
T5
T6
T7
Photons

3
3
3
3
3

3.5
3
-

1.95
1.95
1.96
1.96
1.98
1.96
1.96
1.99

2.26
2.27
2.18
2.21
2.2
2.18
2.27
2.07

13
13
12
12
19
19
23
32

69
69
72
72
7

69
8
48

8
8
2
19
5
5
17
0
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Figure 6.5 (a-c) shows the dose distributions for three diff erent types of 
proton irradiation: using three fi elds and low energies, using two opposing 
fi elds and low energies, and using two opposing “shoot-through” fi elds with 
high energies. Dose diff erences between these three irradiations are shown 
in fi gure 6.6 (d-f).

Figure 6.5. Proton dose distributions in transverse, coronal and sagittal planes for the fi eld size 
combinations depicted in table 6.3 from irradiations T3, T5 and T7 (a, b and c panels, respectively). 
Dose diff erences between irradiation T7 and T3 (d), between T7 and T5 (e), and between T5 and T3 (f).



Proton beam with an adaptive aperture for pre-clinical research

6

153

6.3.2 Clinical system output

Figures 6.6(a-f) show the number of protons scored at the exit window 
of the nozzle for diff erent fi eld sizes, using a representative energy of 
39.72 MeV. Th e fraction of protons for each energy that arrive to the exit 
window for an open fi eld is shown in fi gure 6.7a, while fi gure 6.7b gives 
these values as function of the fi eld size. 

Figure 6.6. Number of protons scored at the exit window for a 39.72 MeV beam, with diff erent 
collimations (b-f) and with no collimation (a).
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Considering the number of protons that the system produces per second 
at the exit of the cyclotron (∼6.24x1010 protons for 10 nA beam current), 
the effi  ciency of each beam with respect to its energy and fi eld size (fi gure 
6.7b), the time to cover a 2 Gy target was determined and the results are 
shown in fi gure 6.8. 

6.4 Discussion

Th is work presented a dosimetric study on the feasibility of pre-clinical 
irradiations with the compact proton system S250i with HYPERSCAN. 
Exploring the capabilities of the system EMS for range modulation, and 
AA for collimation, seven diff erent proton irradiation scenarios were 
simulated in a MC platform to irradiate a mouse lung tumour. To perform 
the experiments simulated here, a high precision positioning platform with 
a coupled high-resolution CBCT imager would be necessary to assure a 
sub-millimetric uncertainty of the mouse positioning, while keeping the 
gantry at a fi xed angle (fi gure 6.1a). Th is has already been achieved by 

Figure 6.7. Fraction of protons that arrive at the exit window in an open fi eld (no collimation) as 
function of the energy (a), and as function of the energy and fi eld size (b). Th e fi eld sizes used: 5 mm2, 
10 mm2, 12.5 mm2, 15 mm2, 17.5 mm2, 20 mm2, 25 mm2, correspond to an adaptive aperture opening of 5x1 
mm2, 5x2 mm2, 5x2.5 mm2, 5x3 mm2, 5x3.5 mm2, 5x4 mm2 and 5x5 mm2, respectively.

 (without collimation)

 (with collimation)
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coupling commercially available small animal x-ray imaging platforms to 
a fi xed proton beam line[9]. On a gantry-based system, extra care has to be 
taken to position the beam nozzle in a reproducible fi xed position. 

Th e AA allows the creation of very small fi elds, limited to a minimum 
of 5 mm in the y-direction (axis in fi gure 6.1b), but down to 0.5 mm in 
the x-direction. Considering the size of the tumour and without explicitly 
adding any margin, a range of fi ve AA openings were simulated, resulting 
in 16 or 64 diff erent fi eld size combinations. In the fi eld of pre-clinical 
radiotherapy research, no guidelines are given for margins, which is an 
important study point recommended by the ESTRO ACROP report from 
Verhaegen et al[3]. In this respect, Vaniqui et al[18] published a method of 
calculating the optimal collimator diameter from a set of fi xed diameters 
depending on the parameters of a cost function, especially relevant for 
tumours aff ected by the breathing motion. Such an approach could be 
implemented in a follow-up study to this work, adapting the recipe 
proposed to the constrains of the AA of this system.

Figure 6.8. Beam-on time to deliver 2 Gy as function of the energy and fi eld sizes.

 (with collimation)
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Figure 6.3a plots the DVH metrics D5 and D95 for one scenario (T1), where 
the worst tumour coverage is seen for the smallest fi eld (5x2.5 mm2, 5x2.5 
mm2, 5x2.5 mm2) while generally improving for the largest fi elds. Th e best-
case tumour coverage, taken as the DVH with the steepest slope between 
D5 and D95, for T1 was achieved for a fi eld of (5x4 mm2, 5x3 mm2, 5x3 
mm2). Th e same analysis for all seven treatments resulted in the seven best 
case scenarios that were shown in table 6.3 and in fi gure 6. 4. Th e “shoot-
through” technique, with a similar beam arrangement as in the photon plan 
(fi gure 6.2(a)), would be expected to give a better coverage of the target. 
However, the use of a single spot beam resulted in a non-uniformity of the 
dose distribution in the lateral direction. Using an optimizer and smaller 
side-by-side beams may improve this result. 

For benchmarking, a photon plan (fi gure 6.2a) was made by a commercially 
available treatment planning system for small-animal research. In contrast, 
in this work, single spot proton beams with equal weight were aimed at the 
isocentre. Nevertheless, fi gure 6.4 and table 6.3 show that the proton plans 
could be used for animal irradiation with a less optimal tumour coverage, 
but for most cases with an improved sparing of the OARs. Specifi cally, 32% 
of the right lung volume receives 90% of the prescribed dose in the photon 
plan, which decreases to 12% in T3 and T4 proton plans. Furthermore, in 
fi gure 6.2a it is possible to observe a very high photon dose (three times 
the prescribed dose) in bone tissues, due to the predominance of the 
photoelectric eff ect for low energy x-ray beams. Protons in tissue also have 
a higher mass stopping power for bone, but only a factor 1.6 higher than 
water, in contrast with the factor of about 3 higher mass-energy absorption 
coeffi  cient at low energy photon beams. 

Th e proton treatments designed in this study used two strategies: low energy 
fi elds that stop in the tumour or high energy beams to shoot through. Dose 
diff erences show that the former allows for a decrease in dose to healthy 
tissues observed in the fi gure 6.5 (d, e and f), with respect to the “shoot 
through” strategy. Th is would allow to study potential RBE eff ects[10]. 
Th e latter has the potential interest of performing small animal proton 
CT imaging that could be used for pre-treatment position verifi cation or 
to improve range uncertainty by directly measuring the animal relative 
stopping power maps[19]. 
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A special component of this beamline is the EMS, which is characterized by 
a constant range stragg ling at the Bragg  peak for all energies. Th is might be 
a disadvantage for pre-clinical work, since it prevents the easy production 
of sharper beams. Another eff ect of the EMS is the increase in lateral 
beam spot size with the decrease in energy, caused by the many plates in 
front of the beam. For the low energies used in this work (T1 to T6), the 
beam spot size, taken as the standard deviation of a double Gaussian fi t, is 
approximately 16 mm. Th e AA can collimate the beam, however there is an 
intrinsic loss in effi  ciency by using large spot sizes with small fi elds, since 
most of the beam will be absorbed by the AA, clearly seen in fi gure 6.7b. Th e 
central beam axis also suff ers a decrease in intensity (fi gure 6.6(b-f)), since 
the very small angular defl ections in proton trajectories are not negligible 
for small fi elds. Nevertheless, fi gure 6.8 shows the estimated irradiation 
time needed to deliver a 2 Gy dose with diff erent energies and fi eld sizes. 
For the lowest energy (29.14 MeV) and the smallest fi eld size (5x1 mm2), the 
prescribed dose can be delivered in less than 5 seconds. Th e high dose rate 
of this system allows for 30 Gy to be delivered in less than a minute. 
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6.5 Conclusion

Th e feasibility of the Mevion S250i with HYPERSCAN proton irradiation 
system for pre-clinical research was affi  rmatively tested, using diff erent 
strategies in the choice of energies, fi eld directions and sizes. Moreover, 
the system would be able to give very high doses in a short period of time, 
due to the system’s high beam current. With the use of a movable platform 
equipped with μCBCT imaging and a table with accurate positioning, the 
clinical proton system could be used to perform proton irradiation in small 
animals for a wide range of studies. 
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Figure 6.S.1. Top panels: D95 and D5 for all fi eld combinations for T3, T5 and T7 (left , middle, right, 
respectively), where the combination with the steepest slope between D95 and D5 is indicated with a 
black vertical line. Bottom panels: representation of the ipsi-lateral right-lung V10 and the V90, and the 
heart V10 for T3, T5 and T7. Horizontal lines show in both panels, as indicated, the D5, D95, V10 and 
V90 values extracted from the photon plan (Figure 6.2).

6.6 Supplementary Data
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7.1 Summary and discussion

Th e rise of small-animal image-guided precision radiotherapy platforms 
has been revolutionizing translational and radiobiological research. 
Modern devices and current advanced tumour models have enabled 
fundamental research on irradiation protocols, fractionation regimens, 
adjuvant therapies and established concepts in controlled environments, 
with large (transgenic) animal cohorts and accelerated results. A number 
of biological, physical and technological concerns remain. A recent 
report from the European society for radiotherapy and oncology advisory 
committee in radiation oncology practice (ESTRO ACROP) numbered 
the main challenges to be addressed in this fi eld[1]; it enquires about: 

- the key technologies for downscaling clinical treatments and 
the imaging modalities to be integrated and potentially used in 
treatment planning;

- the treatment of target motion and optimal irradiation margins;

- the accuracy and precision of small fi eld dosimetry and dose 
distribution verifi cation;

- the diff erence between high and low-energy photon irradiation.

Although categorized into diff erent topics, the challenges have a synergetic 
relationship: imaging requires sub-millimetric resolution, aff ects dosimetry 
and is aff ected by motion; and pre-clinically mimicking clinical scenarios 
requires lower energies to avoid large beam penumbras and dose (re-)buildup 
regions which also aff ect dosimetry and might yield diff erent treatment 
outcomes if dose calculations do not consider medium heterogeneities. 

Th is thesis has briefl y introduced the historical evolution of radiotherapy 
and the need for pre-clinical EBRT research (Chapter 1). It presented ways 
to tackle some of these challenges and warned about their drawbacks. In 
the following sections, the research concerning these and additional points 
is summarized, discussed and future perspectives from discussion points 
are canvassed.
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7.1.1 Imaging and dose calculations

In a framework to establish imaging protocols that allow accurate dose 
calculations, Chapter 2 examined the feasibility of using dual energy CT 
(DECT) to extract tissue atomic compositions and assess dose calculation 
accuracy gain. Th e study demonstrated improved accuracy for DECT in 
comparison to SECT. It stressed the arbitrariness of the broadly used SECT 
method: it is not clear which media and how many linear segments should 
be used for generating a calibration curve, and where to place material 
boundaries. Th e latter are oft en selected based on visual inspection, yielding 
inter-individual diff erences. In this study, three main deba table topics were 
analysed: tissue compositions, energy dependence and image quality.

Segmenting a specimen using only a single dense bone material with 
elevated eff ective atomic number caused high absorption, resulted in less 
photoelectric interactions in soft  tissue, higher dose deposition in osseous 
tissues and underestimation in the organs at risk (OARs) in proximity 
of bone. On the other hand, the choice of multiple bone types, using 
DECT, resulted in lower dose values for the diff erent tissues occupying 
the same volume and minimal assignment of (human) cortical bone (1.9%). 
It was recommended to segment mice using bony tissues with decreased 
density and eff ective atomic number values considering that their bones 
are fl exible and possibly closer to human cartilage in composition. 
Additionally, incorrect material segmentation was shown to be agg ravated 
with a decrease in beam energy due to the intensifi ed role of photoelectric 
cross-sections, causing materials with diff erent eff ective atomic numbers 
to absorb increasingly diff erent fractions of energy. Th ese two subjects, 
energy dependence and tissue compositions, are echoed throughout this 
thesis and have a deterministic relationship in this fi eld. 

Although necessary for MC dose calculations, tissue compositions have a 
marginal impact on clinical EBRT photon treatments, where incoherent 
interactions are predominant and dependent on tissue electron density[2]. 
Th eir infl uence is higher on clinical proton EBRT and kV techniques such 
as brachytherapy and small animal radiotherapy. For clinical protons 
beams, they infl uence the mean excitation energy used to calculate the 
proton stopping power ratio and aff ect range verifi cation techniques. 
For kV techniques, although Compton interactions are still important, 
photoelectric probability is signifi cant and this eff ect is strongly dependent 
on the atomic number of the medium (Z3  ̴4). Th e mass-energy absorption 
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coeffi  cients, a quantity closely related to absorbed dose, may diff er by more 
than a factor of six for low energies[3]. 

Th e assignment of tissue compositions is a bottleneck in radiotherapy. In 
pre-clinical EBRT, human tissue compositions are predominantly used 
due to the scarce literature on animal ones. A small number of studies 
has presented quantitative data on animal tissues[4-9], albeit unspecifi c for 
radiotherapy or focused on trace-elements. Th e increased biological interest 
on molecular or cellular entities rather than atomic ones and the practical 
diffi  culties in establishing atomic compositions are possible culprits. 
Clinical radiotherapy uses human tissue reference data listed in reports 46 
of the International Commission on Radiation Units and Measurements 
(ICRU) and report 23 from the International Commission on Radiological 
Protection (ICRP) [10-12].

Mann-Krzisnik has published a thorough study, which describes how the 
human reference data was established[13]. It reports that measurements were 
taken between 1940 and 1960. Lighter elemental composition (hydrogen, 
carbon, nitrogen and oxygen) was extrapolated from gross proportions 
of water, fat, proteins and carbohydrates while heavier elements were 
derived from spectrographic analysis of ashed and dried tissue samples 
extracted from cadavers. A number of issues was observed, e.g. some tissue 
compositions did not sum up to 100% or did not contain carbon, which is 
considered impossible for a biological tissue. Data was later rendered by 
several sources and renormalized, which may have added inconsistencies 
as individual studies started from diff erent premises (e.g. distinct levels 
of hydration or manipulation methods). Additionally, lighter elemental 
composition derivations may have neglected variations in chemical 
composition of fats, proteins and carbohydrates and the method employed 
for heavier elements possibly lacked precision. All measurements were 
derived from ex vivo samples, which might diff er from in vivo ones in terms 
of tissue compositions, hydration and densities. Moreover, akin to elemental 
composition, ICRU and ICRP density reference data is connected to the 
same studies, rendered from several publications and prone to similar 
issues. Diff erent from elemental compositions, density is typically derived 
from CT scans rather than reference data, hence the importance of this 
reference parameter is decreased.

Dosimetric implications of using human tissue compositions in mice 
have been investigated with DECT and diff erences between human and 
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murine elemental compositions led to dose errors of up to 20.1% for bones 
in addition to a large spread in mass-energy absorption coeffi  cients for 
diff erent tissues[14]. Th ese results stress the need of research on reference 
data or, minimally, establishing a relationship between human and animal 
tissues; for murine studies (and for other specimens used for radiotherapy 
research), population samples should include diff erent strains, genders 
and ages as concentration of certain elements vary within these categories. 
Moreover, the large spreads indicate that assigning one mean reference value 
to a whole organ is not realistic as there is a distribution of compositions. 
New technologies should be explored to derive updated quantities both in 
invasive and non-invasive ways. Th is topic is revisited in section 7.2.1.

Finally, Chapter 1 raised an image quality discussion motivated by extensive 
artefacts and noise on the CT scans. For the former, partial volume eff ects 
can explain the high source of errors on the boundary regions. For the 
latter, rather than uniform, the bulk of the phantom displayed a texture-
like appearance, with irregular CT numbers (42±62 and 16±57 HU for 50 
and 90 kVp scans) possibly due to noise; moreover the DECT material 
image, eff ective atomic number (Zeff ) image, was noisy and presented a 
mean Zeff -value encompassing several soft  tissues (mean of 8.0±0.4, ranging 
from 6.0 to 10.7). As the CT projections were reconstructed with a simple 
Feldkamp-Davis-Kress (FDK) back-projection algorithm, it was presumed 
that the usage of iterative reconstruction algorithms with artefact 
correction kernels could improve the eff ect of noise and provide superior 
DECT material segmentation.

7.1.2 Iterative methods for image reconstruction

To analyse the eff ect of diff erent image reconstruction techniques on image 
quality and DECT metrics, Chapter 3 presented a soft ware platform for 
pre-clinical CBCT image reconstruction. Pre-processed projections were 
reconstructed using the analytical fi ltered back-projection (FDK) or the 
iterative reconstruction (IR) algorithms, e.g. iterative FDK, simultaneous 
algebraic reconstruction technique (SART), simultaneous iterative 
reconstruction technique (SIRT) or Conjugate Gradient (CG). A cupping 
correction was included, a polynomial pre-correction to the attenuation 
data for linearization. Imaging metrics were quantitatively assessed with a 
quality assurance phantom and DECT analysis was performed to determine 
the infl uence of each reconstruction technique on the relative electron 
density (ρe) and Zeff  values. 
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IR methods proved computationally costly due to the large matrices and 
small pixel sizes chosen for the study but presented satisfactory results with 
smaller grids, typical of pre-clinical practice. Nevertheless, reconstruction 
times were longer when compared to analytical methods as these algorithms 
use multiple repetitions. With increased computational power and the use 
of graphical processing units (GPUs), both with current technology, this 
diff erence can become negligible and not represent a limiting factor for 
online iterative reconstruction: time is of the essence in this fi eld as animals 
are imaged while restrained under sedation and long anaesthesia times 
might impair the fi tness of the specimen and the integrity of the study; this 
topic is further discussed in section 7.2.2. 

Th e cupping artefact correction provided accurate CT numbers and 
could benefi t larger subjects and applications that require increased 
image accuracy. Th e workfl ow needs improvement, as reconstructing an 
object a number of times to derive a polynomial, which will correct a 
fi nal reconstruction, is a lengthy and impractical process. Either a fi xed 
polynomial order could be chosen in advance according to the object size 
or diff erent algorithms could be applied. Regarding DECT, IR showed 
signifi cantly smaller spread for each material in the ρe-Zeff  space and lower 
Zeff  and ρe residuals (on average 24% and 25% lower, respectively). Th is is an 
important result as it indicates that imaging noise was reduced and the IR 
methods provided tissue composition distributions closer to the reference 
values. Th us, IR could benefi t DECT tissue segmentation as the spread in 
ρe-Zeff  space could be closer to the spread in tissue values, and less aff ected 
by errors intrinsic to the imaging modality. A myriad of iterative methods 
exists and provide diff erent degrees of accuracy and computational times. 
Th is study showed the development of the soft ware and a fi rst application 
to small animal CBCT. Other algorithms, and back-projection, forward-
projection and window type fi lters, already foreseen in the soft ware, 
should be further characterized and additional artefact kernels further 
implemented to expand the reach of these techniques.

Considering the image quality aspect, the analysed reconstruction 
techniques provided acceptable and similar geometric accuracy, uniformity 
and CT number results. SART provided improved contrast-to-noise ratio 
(CNR) but lower resolution for some media, when compared to the other 
techniques. Accuracy on image metrics is crucial for dose calculations, as 
the contours of anatomical structures can suff er from reduced resolution, 
abundance of noise or non-uniformity. Geometric accuracy and contrast 
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are also important for spatial targeting and measurements of anatomical 
structures, which can determine how a tumour or an OAR is responding 
to treatment. Th e infl uence of the scanning parameters in terms of 
current, frame rate, rotational speed, gain and exposure were adopted 
from established protocols and could be revisited. It would be benefi cial 
to investigate if lower exposure times associated with IR methods would 
present similar CNR and noise levels at lower imaging doses. High imaging 
doses from cumulative scans may change the animal immune response and 
other biological pathways that may alter the experimental outcome[15-17]. 
Th us, quantifi cation of imaging dose is an important part of system 
commissioning and operation, especially for longitudinal studies. Th e use 
of imaging techniques that provide no radiation dose is also advised, when 
possible. 

Furthermore, an image quality assurance (QA) program should be in eff ect, 
following guidelines, which should provide tolerances for normal operation 
tests, and take corrective actions such as imaging system recalibration if 
tolerance levels are not met when recommended imaging protocols are 
used. Th e QA tests should happen periodically. Currently, due to the lack of 
specifi c recommendations, several research institutions have diff erent QA 
approaches, ranging from extensive tests to the absence of this practice. Th e 
4th Conference on Small Animal Precision Image-Guided Radiotherapy, 
Lisbon, March 2018, held discussions concerning this topic. Several experts 
agreed on the need for recommendations and that meanwhile users should 
design ways to ensure the calibration of their systems. It is possible to 
fi nd publications with acceptable QA tests[18, 19]. Beyond imaging, the QA 
program should also include the dosimetry of system, on an annual basis, 
to estimate the dose rate of the x-ray tube, using an appropriate ionization 
chamber and correction factors. Following the American Association of 
Physicists in Medicine (AAPM) Radiation Th erapy Committee Task Group 
61[20], or similar recommendations[21-23], for reference dosimetry of low- and 
medium energy x rays for radiotherapy and radiobiology. 

7.1.3 Irradiation margins

As mentioned on section 7.1, the treatment of target motion and optimal 
irradiation margins constitutes a challenge for small animal EBRT. In 
an attempt to confront these issues, the research presented in Chapter 4 
analysed the eff ect of respiratory motion on irradiation margins for murine 
lung tumours. Four-dimensional (4D) mathematical phantoms with 
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diff erent lung tumour locations and extreme breathing curves were used 
for dose calculations of a 360° arc treatment plan. A time-resolved dose 
was derived, considering the irradiator gantry rotation and the breathing 
motion. From diff erent radiotherapy metrics, it was understood that the 
eff ect of respiratory motion is dependent on the breathing pattern and 
the tumour position. Ultimately, a recipe, which considers the irradiation 
collimator size, was proposed to derive tumour margins and spare OARs 
by respecting constraints on user-defi ned metrics. Moreover, the addition 
of a target margin, especially on sites where movement is substantial, was 
recommended. 

Extreme breathing scenarios were used to represent the possible range 
where the actual breathing pattern would fall. It varies according to the 
anaesthesia protocol and the respiratory and cardiac rates. A sedation 
scenario with minimal motion while physically restraining the specimen 
is ideal. Th is study generated a few recommendations to avoid sub-optimal 
pulmonary treatments. Regarding the orthotopic tumour implantation, 
when possible, it is recommended to avoid the diaphragm region, as it is the 
region most aff ected by motion. Implantations on the superior lobe of the 
right lung are advised, as the left  lung is closer to the heart, an important 
OAR. Th e use of motion tracking and gating techniques for imaging and 
irradiation allow physiological heart and lung motion to have a decreased 
impact on imaging artefacts and dose heterogeneities [24, 25]. 

Diff erent gating approaches have been documented and rely on the type of 
scanner, the specimen and the research in question. In prospective gating, 
data acquisition is trigg ered by a motion signal. Prospective methods are 
used in scanners that operate under step-and-shoot conditions. Th e x-ray 
tube is trigg ered by a user-supplied signal based on the animal physiological 
motion. Respiratory and cardiac trigg er signals can be generated, e.g., 
with a mechanical ventilator at a selected point in the respiratory cycle, 
from real-time measurements of a pneumatic cushion positioned on the 
diaphragm, optical measurements of diaphragm motion, measurements of 
the heart rate or electrocardiogram (ECG) signal[26-33]. Retrospective gating 
is performed continuously and all motion correction is applied during 
post-processing. It can be performed both under continuous rotation or in 
step-and-shoot mode. Projection images and cardiac and respiratory signals 
are simultaneously and uninterruptedly recorded. Post-processing includes 
projection sorting based on the recorded physiological phase of the animal 
at the time each projection was acquired. Projections acquired in the same 
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phase are reconstructed[34-36]. Image-based gating determines the portion of 
the breathing or cardiac cycle in the projection space[37-39]. Diff erent x-ray 
shutter subsystems have been developed for both commercially available 
small animal irradiators[40-42], although only one subsystem is in commercial 
stage. Th ey allow beam gating during treatment, with irradiation only taking 
place during the breathing cycle when tissue movement is minimal. Th ey 
facilitate dose delivery during animal movement and are particularly well 
suited for irradiation of targets within the chest and abdomen. Although 
not used for the research of Chapter 3, gating techniques contribute to the 
treatment conformality and are likely to be implemented in most precision 
irradiators in the near future.

Finally, the use of margins is recommended. Th is study used a cost function 
based on dose-volume histogram (DVH) parameters and the available 
collimators. However, the recipe can be adapted according to adjustable 
constraints or collimation devices and is independent of the breathing curve; 
it could be applied for other respiratory or irradiation regimens. A thorough 
recipe for establishing the concept of planning target volume (PTV) should 
consider additional parameters such as setup and fractionation errors, 
when applicable. An important conclusion from this study is the need of 
considering anatomical and physiological characteristics during clinical 
to pre-clinical translation, or vice-versa. Although margins are sometimes 
extrapolated from clinical experience, they might not be representative for 
certain small animals. 

Independently of the margin function, the investigation of an interpolation 
function for dose accumulation from diff erent anatomic phases to a 
reference phase using a rigid grid (direct dose mapping) was proposed for 
speeding up the dose calculation process, as a fi rst approximation: tissue 
deformation and the cardiac motion were not modelled. Calculation 
times at least 10 times faster are promising for further development of the 
technique. However, results may depend on the targeted site and surrounding 
anatomy. Moreover, as the fi rst time point was considered the reference 
phase, the dose map derived from the CBCT scan could be subject to noise 
and blurring. Th is point was investigated through simulation of the full 
breathing cycle and eff ect of respiratory motion on the CT scan blurring 
was considered minimal while tumour shape was highly preserved. Th e 
presented technique could potentially be used for adaptive radiotherapy, 
which may require the daily delivered dose to be accumulated.
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7.1.4 Dose reporting

Another topic highlighted by the ESTRO ACROP report, mentioned in 
section 7.1, is the treatment (or lack thereof) of diff erent dose reporting 
quantities generated by the various dose calculation algorithms. 
Conventional and rather simpler dose calculations methods, which 
considered the human body as water-equivalent and reported dose to water, 
have evolved towards sophisticated model-based algorithms e.g. MC. Th e 
latter transports radiation through heterogeneous media and report the 
absorbed dose to a reference medium embedded in a surrounding transport 
medium. Diff erent dose reporting quantities have been derived using the 
cavity theory: they are dose-to-medium-in-medium (Dmm), dose-to-water-in-
medium (Dwm) or dose-to-water-in-water (Dww), which acknowledge the dose 
scoring and the surrounding media as arbitrary or water. Th ese quantities 
coexist to date and it is debatable which one to favour in detriment of the 
other. While Dmm is more likely to correlate with biological response, clinical 
experience on tumour, healthy tissue response and dosimetry protocols were 
built on Dwm. Moreover, changing between quantities may yield an additional 
level of uncertainty.

Th e study presented in Chapter 5 analysed the relationship between Dwm and Dmm 
on small animal irradiation energies, considering the dependence of Dwm with 
the dose calculation approach using the intermediate cavity theory (ICT). ICT 
corresponds to a sum of small (SCT) and large (LCT) cavity theory contributions 
weighted by the parameter d. In other words, it is the weighted sum of electronic 
stopping power (SCT) and mass-energy coeffi  cient (LCT) ratios between medium 
and water,                   Th e parameter d was calculated using two 
diff erent methods, which considered the exponential attenuation of primary 
electrons as they enter a cavity with secondary particle transmission of 1%[43] 
or 4%[44]. A set of mathematical phantoms was designed with diff erent voxel 
sizes, considering the pre-clinical practice and extreme scenarios, and a 
selection of materials, broad enough to include the range of densities and 
elemental compositions conventionally used in radiotherapy, as well as an 
ex vivo mouse chest case with highly heterogeneous regions were included. 
Local photon spectra were generated in diff erent regions of the chest case. 
Depending on the energy and the size of the cavity, Dmm presented lower or 
higher values, a factor of 0.68 to 4.37 times Dwm. 

ref
m[μen/ρ]

w
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For soft  tissues, except adipose, the relationship between reporting 
quantities was found equal or close to unity for all diff erent scenarios, an 
expected behaviour in consequence of the similarities in terms of atomic 
composition and density amongst the media and water, and small cross 
section variations. Results for adipose and bony tissues diff ered as their 
composition diverges from water. For larger cavities, where the range of 
secondary particles is smaller or comparable to the cavity dimensions, and 
for lower energies, where the predominance of photoelectric interactions 
is increased and highly dependent on the tissue-equivalent material 
compositions, the diff erence between dose descriptors was amplifi ed. Hence, 
the impact of the cavity dimensions on estimated Dwm was signifi cant on 
pre-clinical kilovolt beams up to 225 kVp. Diff erences up to 5.1% were found 
between Dmm⁄Dwm  ratios, calculated using the local spectrum on diff erent 
regions within the chest case. Th erefore, the application of one single 
conversion factor between quantities for the whole phantom might not 
be appropriate. Large diff erences on d values between the two d-deriving 
methods implied that one should be cautious when using the ICT as there 
is a lack of consensus on which method to use. Further simulations and 
measurements, explicitly tracking secondary particles are recommended 
for establishing a global ICT. Th e abiding debate over which quantity to 
favour is foreseen to linger while it is not clear which quantity correlates 
better with the biological eff ects of ionizing irradiation; this topic will be 
revisited in section 7.2.4. Finally, dose distribution comparisons should use 
the same reporting quantity and caution regarding reported quantity and 
dose comparisons is advised.

Cavity theory was originally proposed for the determination of absorbed dose 
in the sensitive volume (a cavity) of a detector, e.g. an ionization chamber. 
Th e conversion of absorbed dose in an air-fi lled cavity to absorbed dose in 
water was formulated by Bragg  in 1912 and Gray in 1936 and later revisited by 
Spencer, Attix and Burch in 1955 and Nahum in 1978[45-50]. Th e conditions of 
the Bragg –Gray (BG) theory with Spencer–Attix–Nahum stopping-power 
ratios formed the basis of radiation dosimetry protocols widely adopted 
to MV photon and electron beams[51, 52]. If the dimensions of a cavity are 
large relative to the range of secondary electrons e.g. for low energy kV 
beams, the BG conditions do not hold, and the mass-energy absorption 
coeffi  cient ratios for cavity and medium are normally used. Although 
several other formalisms were proposed[53-56], including the weighted sum 
used in Chapter 5, their application remained marginal as treatments with 
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kV energies are not mainstream and MC methods emerged as a solution 
to the radiation transport problem allowing accurate estimation of the 
electron spectra within media. Revisiting this topic, regardless of powerful 
MC codes that calculate energy deposition in heterogeneous media, has 
two main justifi cations. First, not all small animal dose calculation engines 
use MC models to calculate Dmm: some algorithms[57-59] calculate Dwmand use 
conversion factors to Dmm. Secondly, besides dose to a water voxel (or a 
voxel composed of water-like tissue) in medium Dwm has been extrapolated 
to a biological representation of the target where energy is deposited 
within an organism, such as DNA-bound water molecules or a subcellular 
compartment whose elemental composition is closer to water than medium. 
As Dwm depends on the cavity size, the signifi cance the water cavity size in 
relation biological eff ects becomes of interest. 

Th e cellular eff ects of radiation are not completely understood and the 
defi nition of radiobiological target has changed over time. Goodhead[60] 

indicated that microdosimetry theories have presented putative targets on 
the scale of 1 nm up to several μm. Th e current evidence points to 3–10 
nm (initial DNA damage), 0.1–0.5 μm (subsequent interactions), ≈10 μm 
(intracellular non-targeted eff ects) and millimetres or more (inter-cellular 
bystander eff ects and infl uences of the tissue microenvironment)[60]. 
Detailed track-structure simulations have assumed targets of 10–30 nm, 
the DNA molecule dimensions and extra space for free radicals released 
in water, and have correlated a quantity corresponding to linear energy 
transfer (LET) with RBE[61, 62]. Enger et al.[63] assumed μm-sized cell nuclei as 
the most important quantity with respect to biological eff ects and Th omson 
et al.[64] showed that doses to μm-sized targets depend on the composition 
and geometry of surrounding structures. Oliver and Th omson[65, 66] found 
that Dmm in small volumes (≈10 μm) is dependent on the composition and 
structure of the surrounding media, potentially rendering Dwm clinically 
meaningless until the eff ects of tissue composition are better understood.

Beyond the dose-reporting quantities currently employed, and besides 
their proportional relationship with biological eff ects, radiotherapy 
treatments and fundamental radiation knowledge could benefi t from 
a quantity more tightly related to RBE, e.g. cell death probability, 
biological endpoint or treatment outcome, rather than radiation dose[67, 

68]. From radiobiological and physical perspectives, as a number of factors 
infl uence the eff ect of radiation on cell-death (e.g. cell and radiation type, 
oxygenation, tissue composition, etc) it is important to understand their 
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underlying relationships to be able to consider their collective impact in 
a clinical setting. Although in vitro testing can provide some insight, the 
dynamic biological characteristics of a complex living organism require 
well designed pre-clinical experiments to separate eff ects; this topic will be 
revisited in section 7.2.4. 

7.1.5 Proton beam irradiation

In a venture into the light ion irradiation world, Chapter 6 presented an 
investigation on the capabilities of a clinical proton system, which features 
a unique adaptive aperture (AA), concerning the generations of fi elds 
small enough for pre-clinical in vivo irradiations. Th e in silico research 
was developed through a MC model of the proton beam line nozzle, which 
consists of an energy modulation system (EMS) and an AA. Th e EMS 
enables the 230 MeV beam nominal range to be decreased in multiples 
of 2.1 mm and the AA allows irradiation fi elds as small as 5 x 1 mm2. 
Irradiation treatment plans were tested with a set of discrete energies, 
fi eld sizes and beam directions, later compared to photon plans. Although 
the number of protons which hit the target drops to 1-3%, treatment 
times below fi ve seconds were found, with good tumour coverage and less 
damage to the OARs than in photon plans. Th is study contributed to a 
deeper understanding of the implications regarding the degradation of the 
nominal 230 MeV proton beam to low energies, the eff ect on spot size, dose 
homogeneity and dose rate. 

Proton treatments in Chapter 6 were designed either using low energy 
fi elds that stop in the tumour or high energy beams to shoot through. Th e 
former allows for a decrease in dose to healthy tissues and might be used to 
study RBE eff ects. Th e latter could be used for small animal proton imaging, 
for pre-treatment position verifi cation or to improve range uncertainty 
by directly measuring the animal relative stopping power maps. Th ese 
two topics will be readdressed in section 7.2.4. Th e EMS, characterized 
by a constant range stragg ling at the Bragg  peak, poses a disadvantage 
for pre-clinical research: it prevents an easy production of sharp beams. 
Furthermore, it presents an increase in lateral beam spot size for decreasing 
energies caused by the many plates in front of the beam. Although the 
AA collimates the beam, there is an intrinsic loss in effi  ciency when using 
large spot sizes with small fi elds: the beam is mostly absorbed by the AA. 
Th e intensity is also decreased in the central beam axis, as small angular 
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defl ections in proton trajectories are not negligible for small fi elds. 

Pre-clinical studies are important means to understand the radiobiological 
properties of ion therapies to eff ectively realize their potential benefi ts. 
Although some aspects, such as the eff ects of cell survival and proliferation-
based RBE values, have been well documented[69], there is a lack of in vivo 
studies. Th ey could be useful for diff erent radiobiological hypothesis, 
e.g. RBE dependence on fractionation, diff erential immune eff ects with 
respect to photon beams[70, 71] or, more generally, biological dependence 
on high LET. Ford et al.[72] have pointed out that irradiation technologies 
to study these eff ects are underdeveloped and that there is an urgent 
need for high-precision image-guided proton radiation delivery systems 
relevant to animal models. Currently, there are 158 clinical ion beam 
centres in operation, construction or planning stage[73]. Due to the high cost 
associated with these facilities, dedicated small animal ion beam systems 
are unlikely to be developed to a same extent as the photon beam ones. Th e 
proper adaptation of clinical facilities for small specimens, including image 
guidance, fi ts ideally into this context. However, challenges are expected, 
such as the acquisition of beam time in the clinical environment. 

7.2 Future perspectives

7.2.1 Tissue compositions

As emphasized in section 7.1.1, tissue elemental composition reference 
data, heavily used on clinical and pre-clinical dose calculations, are based 
on a few dated studies. Novel estimation techniques could potentially 
increase accuracy and add information on diff erent populations, gender 
and age. Th e non-destructive techniques particle induced x- and gamma-
ray emission (PIXE and PIGE) have been sugg ested to be complementary 
used to detect heavy element trace quantities and the mass proportions 
of the lighter ones, respectively. In both approaches, charged particles are 
accelerated towards a sample of interest: they may cause ionizations and 
subsequent x-ray emissions, PIXE, or, they may interact with nuclei within 
the sample and cause gamma-ray emissions, PIGE. Detection of these 
emissions may reveal the elemental composition of a sample. Additionally, 
destructive analytical methods include chromatography combined 
with mass spectrometry, infrared spectroscopy or thermal conductivity 
detection[13]. Other techniques ex vivo such as neutron activation analysis, 
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laser-induced breakdown spectroscopy (LIBS), secondary ion mass 
spectrometry (NanoSIMS), laser ablation-inductively coupled plasma mass 
spectrometry (LA-ICP-MS) have all been used for elemental composition 
analysis in diff erent scopes[74, 75].

In vivo techniques can facilitate tissue identifi cation, based on individualized 
data acquisition instead of reference data. Th ere is a multitude of techniques 
for composition estimation, divided into levels of increasing complexity: 
atomic, molecular, cellular, tissue system, and whole body[76]. Th ey range 
from simple skinfold measurements to bioimpedance analysis, dual energy 
x-ray absorptiometry, MRI, DECT and in vivo neutron activation analysis 
(IVNA) methods, such as delayed-γ, prompt-γ and inelastic neutron 
scattering. In IVNA methods, a subject is placed in a neutron fi eld, its 
atoms might undergo nuclear reactions and release gamma rays, which 
are simultaneously measured by scintillation detectors and correlated to 
elements. Although IVNA measures whole-body compositions, tissue values 
can be extrapolated through empirical rules. DECT and MRI methods are 
more convenient and available on an individual basis and yield lower or 
no radiation dose. Th e DECT principle is mentioned in Chapter 2. MRI is 
based on the interaction between hydrogen nuclei (protons) and magnetic 
fi elds. Briefl y, during a scan, protons absorb energy due to radiofrequency 
(RF) and release the absorbed energy when RF is ceased: the time it takes 
for protons to return to their original positions, dependent on interactions 
with the surrounding medium, can be exploited to yield diff erences between 
tissues.

Validation phantoms, human and animal studies for DECT and MRI 
have been compared to ex vivo data and showed good overall agreement 
within a distribution[77-82]. Th ese studies support the validity of tissue level 
estimates and may be considered in vivo reference standards[83]. Yet, there 
are many sources of uncertainty, such as instrument calibration, stability, 
subject participation and observer variation. Infl uence of image quality 
parameters also play an important role. Aft er the contribution of these 
factors is weighted, a distribution of values for diff erent tissues and organs 
is more likely to represent anatomical structures rather than a unique mean 
value, producing a sound representation of tissue heterogeneity, closer to 
reality. It would be rather advantageous to adapt MC calculations to spread 
out or clustered values.
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7.2.2 Image quality and dose

Section 7.1.2 showed that a myriad of imaging protocols and algorithms 
could be characterized to improve image quality and possibly add more 
value to DECT. However, the benefi ts would be rather small as current CT 
imaging technology has inherent limitations, which yield poor intrinsic 
and soft  tissue contrast. Although image quality is suffi  cient for skeletal 
topology, the application of contrast agents is typically necessary to visualize 
diff erences in soft  tissues. Th is practice has its caveats as it is associated 
with higher experimental complexity, larger cost and dose calculations 
eff ects. To overcome these limitations, relatively new semiconductor x-ray 
photon counting detectors are expected to bring CT imaging to a new 
technological generation. 

A number of photon counting detectors are commercially available 
(Medipix and Timepix[84], PILATUS[85], Eiger[86], XPAD[87] and PiXirad[88]) 
and include a large-area option[89] suitable for small animals[90]. Th ey operate 
diff erently from current scintillation-based systems, which detect x-ray 
photons indirectly through conversion into visible light and integrate the 
charge from the incoming photons, whereby high energy photons end up 
with a stronger weight than low energy ones. Th e semiconductor detectors 
process incoming photons at the pixel level as single events and weight all 
photons equally, thus off ering higher SNR. Th ey feature adjustable energy 
thresholds which allow counting incoming photons with dedicated energy 
for multispectral x-ray imaging. Th ey are practically noiseless and CNR 
is limited by the number of detected photons. Consequently, soft  tissue 
structures, with low diff erences in attenuation, can be visualised with high 
CNR[91]. Figure 7.1 shows images created this technology.

Moving towards this technology has been proven feasible[90] and would 
allow for the acquisition of improved information of morphological 
and structural changes of individual organs or tissue structures. It can 
provide multiple quantitative parameters for distinguishing malignant 
from benign tumours[92] and improve material analysis through the 
image-based extraction of tissue compositions, discussed in the previous 
section. Medipix detectors have been combined with mass spectrometry 
imaging to demonstrate spatial correlation of molecular and 3D structural 
information[93]. If used in place of DECT they can provide reduced motion 
artefacts and radiation doses, and would not require image registration. 
IR techniques should also be implemented for image reconstruction using 
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this technology. Currently, the lack of a commercial system developed with 
hardware and soft ware for these detectors, limit their scope to fundamental 
research and a few commercial applications. 

In addition to hardware, image reconstruction techniques are likely to 
undergo substantial developments. In Chapter 3, a soft ware platform for 
image reconstruction was presented. Briefl y, the soft ware received CBCT 
projections, encoded as an intermediate representation of the object in the 
detector domain, and reconstructed them into an image by the invertion of 
the encoding function. Analytically, it gradually solved the Radon inversion, 
and iteratively it used a cost function, which considered prior knowledge 
of projections or the image and noise properties. Image reconstruction 
is a challenging process: projections are acquired by imperfect and noisy 
detectors; iterative techniques have simplistic noise models and involve 
time-consuming steps. Artifi cial intelligence (AI) methods have been used 
for the entire image reconstruction process or to act on specifi c artefact 
and noise corrections.

Data-driven supervised learning frameworks have recently been proposed 
for image reconstruction. Th e automated transform by manifold 
approximation, AUTOMAP[94], learns a mapping between the detector and 

Figure 7.1 – (a) Image of a cockroach taken by the WidePIX detector. Th e zoom detail shows veins 
and a tick parasite in the inset. Reproduced with kind permission from Jakubek et al. 2014[89]. (b-d) 
Th e use of these detectors in artworks. (b) Th e painting of La Crau with a View of Montmajour, with 
the signature Vincent, was subject to material-sensitive X-ray radiography. (c) the fi gure of a female 
nude from behind was found underneath the painting, similar to other van Gogh works. (d) Th e X-ray 
images are able to show the distribution of individual pigments across the image and the way they were 
applied. Using energy channel separation to achieve individual layers and materials the materials that 
are only related to a target layer of paint become evident. Th is method allows a completely new way of 
working with X-ray radiography using advanced pixel detectors. 
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the image domain, derived from training data. It is implemented with a 
deep neural network, which learns diff erent reconstruction transforms for 
various imaging acquisition strategies, using similar network architecture 
and parameters. It generates images with reduced noise and artefacts when 
compared with conventional methods. As AUTOMAP does not handle large 
reconstruction matrices, the Radon inversion approximation, RAINAP[95], 
was proposed by a diff erent group. It represents a unifi ed framework 
for Radon inversion using neural networks. Th e algorithm fi rst applies 
fi ltering and back-projection operations with two learnable appropriative 
network layers to perform the domain transform. Subsequently, it uses a 
convolutional neural network to refi ne the reconstruction performance. 
Besides algorithms targeting the reconstruction problem, several deep 
learning methods, including neural networks have been proposed to act on 
image quality parameters. For example, deep learning techniques have been 
used to minimize the mean-squared error between an artifi cially denoised 
CT image and the ground truth under generic penalties[96]; denoising based 
on the generative adversarial networks, which focus on migrating the noise 
distribution from statistically strong to weak, have also been proposed[97] 
and convolutional neural network (CNN) or deep neural networks for 
sparse-view artefact reduction.

AI applied to medical imaging has been exponentially expanding and is 
likely to change several aspects of this fi eld[98, 99]: it is a suitable candidate for 
solving ill-posed inverse problems, and, as CT scans are routinely collected, 
large data sets are readily available. Current commercial soft ware does not 
treat image artefacts with machine learning (ML) techniques, although it is 
expected to happen in the near future, ML requires massive computational 
resources, including state-of-the-art GPUs for data training with adequate 
and representative data. Pre-clinically, it is expected to yield advantageous 
results as small animals share more similarities than humans. A proper 
image database is necessary and still represents a drawback as most research 
institutions lack an organized database. Machine learning techniques have 
also been proposed for noise reduction in low-dose CT, therefore reducing 
the subject imaging dose. 

Imaging dose is a concern and a potential limiting factor if successive 
CT scans would infl uence experimental outcome. Pre-clinical irradiators 
have recently been adapted to support bioluminescence imaging (BLI) 
integrated in the same frame of reference of the CT scanner. BLI is a type 
of molecular imaging, where a sensitive optical camera in a light-tight 
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environment records weak light sources originating up to a few centimetres 
deep in tissues[100]. It has a high signal-to-noise ratio, fast acquisition times, 
it is easy to use and cost-eff ective. Optical imaging has become increasingly 
attractive due to the availability of targeted probes, probes activated due 
to enzymatic reactions or probes that can be produced by cells themselves 
in the form of bioluminescent enzymes[101]. It does not present additional 
radiation burden to the animals and can be used to evaluate longitudinal 
tumour growth and to estimate tumour size. However, due to low spatial 
resolution, typically 1-2 mm, it is not suited for morphological and 
somewhat suited for functional imaging[102]. It generates a two-dimensional 
(2D) planar image. Recent eff orts have been put on 3D image reconstruction 
of this technique, which is also expected to benefi t from AI techniques[103].

7.2.3 From target margins to treatment adaptation

Th e research on target margins could spawn a couple of prospective 
studies. Firstly, the recipe described in Chapter 2 used DVH metrics to 
yield radiotherapy treatment margins. A thorough investigation on the 
radiosensitivity of diff erent murine OARs based on current irradiation 
technology, considering dose rates and dynamic treatments could promote 
margin recommendations for diff erent sites. And secondly, the eff ect of 
respiratory motion on the CT image blurring could be fully investigated 
through projection based 4D-CBCT simulation, using the MC code GATE, 
as it provides good capabilities for imaging simulation.

Another topic mentioned at the end of the discussion regarding Chapter 
4 was adaptive radiotherapy. A verifi cation system to quantify possible 
discrepancies between planned and delivered dose could bring extensive 
benefi ts to this fi eld. Discrepancies with respect to planned dose can occur 
due to motion between imaging and treatment and due to anatomical 
changes in the course of treatment. Th e clinical practice with photon 
beams has adapted the imaging panel, also called electronic portal imaging 
device (EPID), to be a verifi cation tool for diff erent scenarios: before, 
during or aft er treatment and with or without the subject present during 
the verifi cations. Th ere are four main scenarios [104] presented in Figure 7.2. 
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Treatment verifi cation implementation requires a framework for image 
prediction and comparison, fl uence back-projection, dose reconstruction 
and the conversion of image into dose. Furthermore, a number of 
measurements and calibrations are necessary to act on possible sources of 
errors inherent to the image detector, such as warm-up time, radiation dose 
history eff ect, stability and short- and long-term reproducibility, gantry 
angle dependency, output factor and response linearity. Other sources 
of dose delivery errors rely on operator- and system-related factors that 
can individually or cumulatively contribute to dosimetric errors, such 
as incorrect fi lter selection, gantry sag and wobble, couch rotation, and 
collimator misalignment. Pre-clinically, dose delivery has been investigated 

Figure 7.2 – Verifi cation scenarios: (a) detector level with subject: an image is acquired and compared to 
a pre-calculated one, based on the treatment plan; (b) at subject level with subject: the photon fl uence is 
measured at detector level aft er its passage through the subject and is back-projected upwards through 
the subject; an independent dose calculation is performed and the 3D reconstructed dose distribution is 
compared to the planned dose; (c) at detector level without subject: an image is acquired and compared 
to a pre-calculated one, errors related to the subject cannot be detected but it can be verifi ed if the 
planned image corresponds to the delivered one and (d) at subject level without subject: fl uence is back-
projected without the subject and photons are subsequently forward propagated for a dose calculation 
in the CT image, which is compared to the planned dose.
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using dosimeters, such as oxide semiconductor fi eld eff ect transistors 
(MOSFETs) surgically implanted in mice or Gafchromic fi lm for narrow 
kV beams[105, 106]. Regarding the use of EPIDSs, Granton et al.[107] investigated 
the accuracy of the treatment plan delivery using a MC model to simulate 
the fl at panel image. Simulation was compared to measurements to verify 
that intended treatment dose agreed with the delivered treatment dose. 
Dose delivery errors resulting from intrafraction motion were also assessed. 
Anvari et al.[108, 109] quantifi ed the dosimetric characterization of the EPID 
at kV x-ray energies in a year-long period and, in a subsequent study, they 
converted EPID images into 2D dose maps at the detector plane and used 
these maps to calculate 2D dose distribution at the exit surface in phantoms. 
Accuracy of transit and exit dose distributions were independently 
validated with ion chamber and fi lm measurements. Further development 
of these techniques, including 3D or 4D models could increase treatment 
conformity and add more value to the comparison with or the translation 
to clinical practice.

7.2.4 Dose reporting

Previously mentioned on section 7.1.5, the debate over which dose 
reporting quantity to favour in radiotherapy Dmm or Dwm lacks quantitative 
radiobiological data. Th is information could potentially establish which one 
best correlates with biological damage. Precise radiotherapy experiments 
on complex living systems have only recently become feasible through 
novel pre-clinical irradiation platforms. Considering the opportunity 
to investigate a fundamental scientifi c question on highly controlled 
experimental conditions, the most immediate future work following the 
discoveries of this thesis should be to investigate the infl uence of the 
physical aspects on cell death caused by radiation dose, particularly the 
impact of dose prescribed using diff erent quantities. A study protocol has 
been designed along with the radiobiology department. Th e aim is to analyse 
acute radiation eff ects from doses prescribed with Dmm and Dwm. Several 
essays are foreseen, e.g. clonogenic survival, gut toxicity, blood profi le and 
bone marrow leucocytes and lymphocytes. A range of kV energies should 
be applied, as RBE is expected to increase for lower energies, yet not 
excessively low as dose-rate eff ects should not interfere. Greater radiation 
damage diff erence is expected for lower energies. Gaining insight in this 
will provide essential data towards a fundamental understanding of how 
living tissue interacts with radiation.
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7.2.5 Light ions

Similar to photon platforms, clinically relevant pre-clinical proton research 
requires image guidance. Chapter 6 and section 7.1.5 showed the feasibility 
of a clinical set-up used pre-clinically and concluded that high energy beams 
can be used to shoot through the specimens and enable proton imaging or 
range verifi cation. Proton imaging typically off ers limited spatial resolution 
due to Coulomb scattering: on their way through matter, protons are slowed 
down in interactions with atomic electrons and defl ected from their initial 
direction in electromagnetic interactions with atomic nuclei, resulting in 
an angular spread from many defl ections. Sophisticated methods, such as 
single particle tracking or magnetic optics can improve image resolution[110]. 
Muller et al. sugg ested a method for dual-energy proton radiography using 
enhancement of residual energy distribution for diff erent proton energies. 
Th e images show structures dominated by energy absorption or scattering 
of protons in the object. Although their images lack spatial resolution, 
they are suffi  cient for position verifi cation, provide low imaging dose, use 
same frame of reference of the treatment beam and the absorption images 
allow range verifi cation within the animal. Th is technique can be further 
exploited into proton-CT imaging.

Chapter 6 also concluded that lower energy proton treatments, designed 
to stop at the tumour could be used to study RBE eff ects. In comparison 
to photons, light ion beams produce increased energy deposition with 
penetration depth and intensify biological eff ectiveness with enhanced 
ionization density in individual particle tracks, where DNA damage 
becomes clustered and more diffi  cult to repair. Radiobiological and 
biophysical studies have improved the RBE understanding of light ions 
and dose-localizing properties. However, in a recent review, Paganetti[111] 
has challenged the whole concept of the proton RBE value of 1.1. He 
considered it “generic, spatially invariant within tumours and normal 
tissues [which] disregards the evidence that proton RBE varies with LET, 
physiological and biological factors, and clinical endpoint”. He further 
analysed the relationship between RBE and dose, biological endpoint 
and physical properties of proton beams and concluded that there are 
considerable uncertainties in RBE values, where additional radiobiological 
data is necessary to reduce uncertainties to clinically acceptable levels. 
Besides uncertainties in RBE, proton treatments could benefi t from 
advanced research on fractionation schemes, radioresistance and adjuvant 
therapies[112]. 
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In parallel, there has been a crescent development of targeted 
radiopharmaceutical therapies using alpha, beta, Auger and positron 
emitters, due to a higher availability of isotope production. Here, instead 
of an external hadron beam, a pharmaceutical labelled with a radioisotope 
binds to specifi c target cells and may allow fatal dose delivery to malignant 
structures while sparing the majority of healthy tissue. For clinical feasibility, 
a radionuclide must have a suitable emission at a reasonable branching 
ratio, suitable chemical properties to allow attachment to relevant ligands 
and an appropriate half-life. Th is fi eld largely relies on pre-clinical research 
as a pipeline for phase I clinical trials and the dosimetry is heavily based 
on imaging, using functional techniques such as SPECT/CT, PET/CT and 
autoradiography. Especially for rare radionuclides, which show promising 
results in animal models, such as Actinum-225[113, 114] and Astatine-211[115], it 
should be advantageous to research the correlation of these new techniques 
with standard external beam irradiation regarding treatment outcome. 
Moreover, research on targeted radionuclide therapy as adjuvant technique 
can also be benefi cial.
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7.3 Final remarks

Regardless of the immense possibilities pre-clinical radiotherapy off ers, it is 
unavoidable to acknowledge that small animals are not humans. Frequently, 
their unique characteristics favour research, e.g. ability to manipulate 
their phenotype and genotype. However, the vast majority of studies are 
not replicated in humans[116]. In a recent review, Koontz et al.[117] pointed to 
some issues in successful pre-clinical translation to standard treatments, 
summarized in Table 7.1. Besides the diffi  culties in matching human and 
mice biology, radiation delivery and physical properties of the irradiators 
are oft en diff erent from the clinic. Considering strategies to increase 
pre-clinical research productivity, they encouraged the use of orthotopic 
models, biomarkers, pharmacodynamic read-outs, robust imaging and 
computational modelling. Th ey concluded that the selection of mice should 
favour “a direct bilateral link (…) to the molecular characteristics of the 
human condition and that of the appropriate mouse strain” and pre-clinical 
and clinical research should work as a cycle “considering the biology 
which needs to be represented in the model, tailoring the physics of the 
irradiation as close to the human situation as possible and acknowledging 
the limitations that cannot be overcome”. 

Finally, for successful pre-clinical research from physical and biological 
standpoints, the multidisciplinarity of this fi eld cannot be forsaken. 
Progress can only be achieved through the combined eff orts and wisdom 
inherent of diff erent fi elds. 
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Table 7.1 – Considerations with small animal radiotherapy models. Reproduced with kind permission 
from Koontz et al.[117]

CONCERNS EXPLANATION

biological

phys ical

Treatment naıve animals

Immune status

Inherent biology diff erences

Field Size

Radiation dose/
fractionation/dose rate

Irradiator energy 
diff erences

Animal setup

Radiation QA procedures

Mutational stress caused by heavily pre-treated human cancer

Immune system part of radiation response

Molecular biology diff erences between mouse and human

Dose accuracy
similarity to human anatomical borders
Radiobiology diff erences

kV planning soft ware for accurate dose prediction

OAR
Anesthesia: air mix

Frequency of testing
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LIST OF ABBREVIATIONS

3D  Th ree-dimensional
4D  Four-dimensional
AA  Adaptive aperture
AAPM  Th e American Association of Physicists in Medicine
AI  Artifi cial intelligence
AP  Anterior-posterior
BG  Bragg -Gray
BLI  Bioluminescence Imaging
C3-C8  Circular collimators with diameters ranging from 3-8 mm
CBCT  Cone-beam computed tomography
CG  Conjugate gradient
CNR  Contrast-to-noise ratio
CPE  Charged particle equilibrium
CSDA  Continuous slowing down approximation
CT  Computed tomography
CTV  Clinical target volume
D5/90/95 Dose to the 5%/90%/95% of the tumour volume
DECT  Dual energy computed tomography
DECT7,8,9 Dual-energy CT segmented with seven, eight or nine materials
δ  cut-off  energy of an electron that has a range just suffi  cient to  
  cross the cavity
δ-eqm  δ-ray equilibrium
DICOM  Digital imaging and communications in medicine
Dmm  Dose-to-medium-in-medium
DNA  Deoxyribonucleic acid
DVH  Dose-volume histogram
Dwm  Dose-to-water-in-medium
Dww  Dose-to-water-in-water
EBRT  External beam radiation therapy
ECG  Electrocardiogram
ECUT  Electron cutoff  energy
EGSnrc  Electron Gamma Shower (National Research Council of Canada)
EMS  Energy modulation system
EPID  Electronic portal imaging device
ESF  Edge spread function
ESTRO ACROP European society for radiotherapy and oncology advisory   
  committee in radiation oncology practice
FBP  Filtered back-projection
FDK  Feldkamp-Davis-Kress (algorithm)
FFDL(R) Feet fi rst decubitus left  (right)
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FFP(S)  Feet fi rst prone (supine)
FWHM  Full-width half maximum
GATE  Geant4 Application for Tomographic Emission
GPU  Graphics processing units
GTV  Gross target volume
HFDL(R) Head fi rst decubitus left  (right)
HFP(S)  Head fi rst prone (supine)
HU  Hounsfi eld unit
HUH  High-energy scan
HUL  Low-energy scan
ICRP  International Commission on Radiological Protection
ICRU  International Commission on Radiation Units and Measurements
ICT  Intermediate cavity theory
IDD  Integrated depth doses
IR  Iterative reconstruction
IVNA  In vivo neutron activation analysis
kV  Kilovolt
kVp  Kilovolt peak
LA-ICP-MS Laser ablation-inductively coupled plasma mass spectrometry
LCT  Large cavity theory
LET  Linear energy transfer
LIBS  Laser-induced breakdown spectroscopy
LSF  Line spread function
mA  Miliampere
mAs  Miliampere-second
μen ⁄ρ  Mass-energy absorption coeefi cient
MBDC  Model-based dose calculation
MC  Monte Carlo
MeV  Megaelectronvolt
MHA/MHD Insight Meta-Image (MetaHeaDer All-in-one)
ML  Machine learning
MOBY  4-D Mouse whole body
MR(I)  Magnetic resonance (imaging)
MTF  Modulation transfer function
MV  Megavolt
NA  Avogadro's number
NanoSIMS Nano-secondary ion mass spectrometry
NTCP  Normal tissue complication probability
NURBS  Non-uniform rational basis splines
OAR  Organ-at-risk
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P1-4  (tumour) Positions 1-4
PCUT  Photon cutoff  energy
PET  Positron emission tomography
PIGE  Particle induced x-ray emission
PIXE  Particle induced gamma ray emission
PTV  Planning target volume
QA  Quality assurance
RBE  Relative biological eff ectiveness
RF  Radiofrequency
ρ  Mass density
ρC  calculated relative electron density
ρe  relative electron density
ρR  reference relative electron density
ROI  Region of interest
RS  Reconstruction soft ware
RT  Radiotherapy
RTK  Reconstruction toolkit
SA  Spencer-Attix theory
SAD  Source-axis distance
SART  Simultaneous algebraic reconstruction technique
SCT  Small cavity theory
SE  Single energy
SECT  Single-energy computed tomography
SECT3,4,7 Single-energy computed tomography segmented with three,  
  four or seven materials
SECT50,90 Single-energy computed tomography at 50, 90 kilovolts
SIRT  Simultaneous iterative reconstruction technique
SNR  Signal to noise ratio
SPECT  Single photon emission tomography
SSD  Source-to-surface distance
(Sel (E))⁄ρ Electronic stopping power
t1-6  Treatment scenarios 1-6
TCP  Tumour control probability
TF1-3  Treatment fi elds 1-7
TG  Task group
TOPAS  TOolkit for PArticle Simulation
TPS  Treatment planning system
V10,90  Percentage of tumour volume which receives a dose equal or  
  higher than 90% of the prescription dose
VOI  Volume of interest
VOXSI  VOXelized CT SImulator
Z  Atomic number
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ZC  Calculated eff ective atomic number 
Zeff   Eff ective atomic number
ZR  Reference eff ective atomic number
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Social impact and valorisation

1. Relevance: societal impact

Cancer is a leading cause of mortality and morbidity worldwide: one 
in fi ve men and one in six women develop cancer during their lifetime 
[GLOBOCAN, 2018]. Th e aff ected population can be much higher if 
besides the patient, the family and social circle are considered to be 
dealing with the disease. Th e main therapy options consist of surgery, 
chemotherapy, radiotherapy or combination strategies. For many cancer 
types, such strategies succeed in prolonging life, but survival remains poor 
due to disease relapses and treatment failure. Radiotherapy, the focus of 
this thesis, aims to deliver a suffi  ciently high dose of ionizing radiation to 
the tumour while sparing surrounding healthy tissues as much as possible. 
Chapter 1 describes how, historically, therapies evolved in an urgent fashion: 
as novel treatment strategies were critical, they were not always based on 
randomized clinical trials, biological models or epidemiological studies 
and, currently, as technology evolves swift ly and yields probable patient 
benefi t, the shift  towards sophisticated conformal therapies has also not 
been thoroughly validated on animal models or human trials.

In this scenario, pre-clinical research platforms provide a cost-eff ective 
experimental pipeline for timely validation of new treatment modalities or 
interpretation of clinical experience on large cohorts. Th is link is essential 
for innovation in cancer care and to unravel fundamental questions 
of radiotherapy, thus, directly impacting a vast fraction of the society. 
Investing on high quality pre-clinical radiotherapy amplifi es research 
scope, minimizes study costs, animal usage and increases the likelihood of 
clinical translation. 
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2. Products and innovation

In this thesis diff erent strategies for increasing quality and value of pre-
clinical radiotherapy were shown. 

Imaging 

Imaging is pivotal in radiotherapy as treatment plans are developed 
based on information retrieved from CT scans. Particular to small animal 
irradiation is the requirement for decreased spatial resolution due to size of 
the specimens investigated. Our group pioneered the development of dual-
energy CT techniques for pre-clinical radiotherapy. A simple and eff ective 
method to retrieve atomic composition from CT images was developed and 
thus generated another layer of information on top of the regular tissue 
densities present on CT scans. Th roughout this thesis the added value of 
this technique resonates: it improves tissue segmentation, decreases dose 
calculation errors and ultimately helps to ensure that the simulation and 
treatment doses coincide. Th e latter is a crucial point as the translation of 
research to the clinic is dependent on precise irradiation regimens.

A soft ware platform for pre-clinical cone-beam CT image reconstruction 
using analytical and iterative techniques is an important product of this 
research. Th is soft ware has been developed based on open-source libraries 
and published algorithms. While commercial solutions provide only 
limited analytical reconstruction soft ware prone to noise and artefacts, our 
platform allows for image reconstruction using diff erent algorithms, fi lters, 
artefact reduction kernels and it is likely to produce images of superior 
quality. Th e soft ware can potentially be distributed or commercialized 
among other small animal irradiator users and contribute to improving 
image quality throughout this fi eld.

Irradiation

A tool for defi ning optimal irradiation collimators for lung tumours is 
another product of this research. Soft ware was developed to determine 
irradiation margins, based on the specimen breathing function and the 
available collimators of the machine. Although the concept of irradiation 
margins is essential for clinical radiotherapy, in the pre-clinical fi eld it is still 
incipient. Th is was the fi rst research to challenge this concept and propose 
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a solution in the shape of a recipe, considering anatomy and hardware. As 
this research was fi rst presented at the 4th Conference on Small Animal 
Precision Image-Guided Radiotherapy, in Lisbon, 2018, it was awarded a 
prize, which is an important measurement for its relevance.

A contribution has been given to the light ion fi eld, following the great 
expansion of this radiotherapy technique in the Netherlands and worldwide. 
Although proton therapy can potentially decrease short and long term 
secondary eff ects of radiation in the human body there is still little 
evidence favouring proton in comparison to photon therapy. As building 
costs for dedicated research facilities are prohibitive, the adaptation of 
a clinical set-up for pre-clinical irradiation was investigated and proved 
feasible within very short irradiation times. Th is is an important result 
as it enables research on biological eff ects of proton beams, comparison 
between treatment strategies and adjuvant therapies, development of new 
imaging modalities and gathering of evidence regarding the benefi ts of this 
technique.

Dose concept

A fi nal contribution of this research challenges diff erences between 
analytical dose calculation algorithms (clinically and pre-clinically 
available), Monte Carlo techniques and the concept of dose to water and 
dose to medium. Using the two quantities, for kilovolt energies, large 
dose diff erences were found for tissues which diff er from water in terms 
of elemental compositions e.g. adipose and bone. Because the diff erent 
calculation methods coexist in practice and for the last two decades the 
scientifi c community has not agreed on which quantity should prevail, this 
research brings evidence to pursue in-vivo experiments as ultimately one 
dose quantity brings a higher biological damage. Th is research has a direct 
clinical eff ect as worldwide thousands of patients are treated daily with 
kilovolt treatments.
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3. Market & target groups

Th e last decennium saw the rise of two pre-clinical radiation research cabinet 
vendors, Precision X-Ray Inc (USA) and XStrahl ltd (UK), which brought 
unprecedented image guidance and enabled precise animal irradiation. 
Currently, there are over 130 irradiators from both companies worldwide, 
each of which may cost well above half a million euros. Despite the lavish 
prices, these irradiators were not initially supplied with commercial 
soft ware, forcing users to limit their potential scope or to invest in in-house 
solutions. Th us, in parallel, a spin-off  company was established to act on 
these shortcomings, providing solutions to users of diff erent backgrounds, 
e.g. SmART Scientifi c Solutions BV (Maastricht, the Netherlands), and 
have since expanded their sphere of infl uence. Lastly, partially due to the 
expansion of pharmaceutical and clinical research organizations into the 
pre-clinical fi eld, imaging modalities with a clinical analogue e.g. MRI, 
CT, PET, SPECT, optical fl uorescence or modalities unique to pre-clinical 
studies e.g. optical bioluminescence, intravital microscopy and phase 
contrast optical imaging have incorporated the most recent advances in 
technology to e.g. provide sub-millimetre resolution and quantifi cation. 
Th e cost associated with these techniques can range from tens of thousands 
for fl uoroscopy to over a million for a state-of-the-art MRI facility. Th e 
small animal imaging market is estimated to reach 2.5 billion dollars by 
2025 [source: iHealthcareAnalyst, Inc., Sep. 9, 2019].

Th e pre-clinical market is in expansion which increasingly aff ects diff erent 
medical and pharmaceutical fi elds. On the irradiation side, so far, research 
has mainly focused on radiation therapy for cancer treatment using 
photons. It is a broad fi eld which continuously absorbs new technologies 
and requires experimenting to unfold underlying physical, chemical and 
biological mechanisms. Th e irradiators are also a platform for research on 
radiation as a therapy agent for diseases other than cancer, such as brain 
malformations, epilepsy, aneurysm and regenerative medicine and, in the 
pharmaceutical fi eld, to test the benefi t of agents from chemotherapy, 
immunotherapy, gene therapy or targeted therapy in combination with 
or compared to radiotherapy. Th e imaging segment is an invaluable 
component of modern biomedical research due to its clinically translatable, 
non-invasive and quantitative nature. It provides means of serially assaying 
biological structure and function, from oncological (or cardiovascular, 
neurological, etc.) disease inception to progression, and monitoring 
treatment eff ectiveness. It is employed in several fi elds, for treatment 
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monitoring, novel therapeutic strategies evaluation and drug development. 
Quantitative imaging is likely to accelerate drug discovery and provide 
earlier and more clinically meaningful assays of therapeutic response, 
thereby avoiding unnecessary toxicities, expense and loss of time.

As photon irradiation may not be the ideal option for many cases, there 
are ongoing major investments into proton and ion irradiation clinical 
treatment centres. In July 2019, there were 162 particle therapy facilities 
worldwide (44 under construction, 23 planned and 95 operational), however 
very few pre-clinical commercial (or in-house) solutions. Th is fi eld requires 
extensive pre-clinical investigation to prove and promote the added benefi t 
of particle therapy thus, it is expected to present substantial growth in the 
next decade. 
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4. Future

Th e irradiation cabinet vendors who transformed the last decade of pre-

clinical research with novel precision techniques did not however continue 
to invest or inject new technologies into the fi eld. Despite the elevated 
costs, the cabinets are bulky and relatively simple: an X-ray tube and a fl at 
panel detector with the dual purpose of imaging and irradiation. Using 
these machines for testing new therapy strategies, such as dose-painting, 
despite technologically feasible is however impractical due to a cumbersome 
process. Hence there is still a large gap between clinical and pre-clinical 
radiotherapy research possibilities.

A new generation of devices is expected to arise in the following years 
to tackle the current defi ciencies of the market. Th e integration of novel 
hardware and soft ware to the existing irradiators and the rise of original 
concepts is forecast to shorten the distance to the clinical practice. Th e 
incorporation of photon counting detectors to irradiation and imaging is 
the major predicted innovation in the near future. Such solid-sate detectors, 
mentioned in Chapter 7, are able to acquire individual photon information 
regarding the point of entry, energy, orientation, and time of fl ight, which 
allows for several imaging techniques e.g. spectral CT, X-ray fl uorescence, 
PET, SPECT from a range of beams e.g. photons, protons, ions, within the 
same device. 

A rise of commercial solutions for ion beam therapy, as dedicated or 
modular devices to be linked to the clinical setups is currently necessary for 
particle therapy biological evaluation and also heavily expected in the near 
future. Moreover, simple approaches to daily issues as motion mitigation, 
dose guidance, position verifi cation and automatic collimation techniques 
are expected to be more broadly implemented. Finally, artifi cial intelligence 
techniques for imaging, segmentation, planning, dose calculation and dose 
verifi cation are expected to fi nd a favourable environment in the pre-

clinical world as similarities among animal specimens are increased when 
compared to their human counterparts and as such techniques are likely 
to contribute to the philosophy of replacement, reduction and refi nement, 
promoting animal welfare.
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