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0Acronyms &Glossary

Acronyms

ASIC: Application-specific integrated circuit
CSM: Charge summing mode
DAC: Digital to analogue
CT: Computed tomography
ECI: Energy calibrated images
ECI_FFC: Energy calibrated and then flat field corrected images
FFC: Flat field corrected
GaAs: Gallium arsenide
keV: Kilo electron volt
kVp: Peak x-ray acceleration voltage
LET: Linear energy transfer
Mo: Molybdenum
Si: Silicon
SNR: Signal-to-noise ratio
SPM: Single pixel mode
XRF: X-ray fluoroscopy

Glossary

555555µm pixels: Single pixels. There are one or two thresholds.
111111000µm pixels: Four pixels combined to read out one 110µm detector element. There are four or
eight thresholds.
Chip: An ASIC.
Detector: The complete device; a hybrid pixel detector (e.g. Medipix3) combined with a sensor,
such as Si or GaAs.
Hybrid pixel detector: An electronic device where the sensor layer is separated from the pixel
electronics (hybrid), has multiple pixels (pixel) and the detects radiation (detector).
Medipix3: The ASIC used in this work which records the electronic signal from the sensor.
Sensor: The material used to convert ionising radiation to electronic signals which are measured
by the connected ASIC. For example, it could be made of Si, GaAs and others.
Threshold: A configurable voltage which determines if an electronic signal is counted or not. This
voltage is proportional to the measured signal.
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HeyMartin, I’ve found something cool!

Navrit Bal, 2019-2021

1
Introduction

1.1 Context

Cancer is still a leading cause of death globally at a rate of 17% in 2017 despite all of the research
and development (1). In 2020, global oncology drug spending totalled $164 billion, an increase
of almost a factor of two since just 2015 (2). Improvements are constantly being made in both
diagnosis and treatment in terms of speed, cost and ultimately patient outcomes. Technological
developments are a significant component of these improvements.

Novel radiation imaging and radiation treatment technology used in medical contexts is partly
driven by HEP (High Energy Physics) experiments. This includes CERN (European Council for
Nuclear Research) and in turn, the LHC (Large Hadron Collider). In the field of radiation de-
tection, these experiments have the most demanding requirements which forces them to innovate
directly. These requirements include the need to detect single particles, at lower energies and at
higher rates than ever before. The technologies that result from this can be commercialised, poten-
tially leading to off-the-shelf products. These products can then be integrated into clinical work-
flows and improve them accordingly.

The first particle detectors, photographic film and scintillation screens, were developed more
than 100 years ago. The first electronic particle detector was the Geiger-Müller tube. This devel-
oped into strip and gas detectors such as VELO (Vertex Locator) sub-detector andGEMpix. R&D
(research and development) in HEP experiments has directly resulted in an entire family of single
particle counting hybrid pixel chips such as the Medipix and Timepix series and a dedicated devel-
opment group at CERN, the Medipix group.

13



1

1. INTRODUCTION

1.2 X-rays

Photons are fundamental particles, they cannotbe subdivided intoother sub-particles. They are the
quanta of the electromagnetic field, they carry the electric and magnetic fields, they bind electrons
to atomic nuclei, form chemical bonds and they cover everything from radio waves to visible light
and up to gamma radiation. X-rays are relatively high energy photons and are defined as having
energies between approximately 102 to 105 eV with corresponding wavelengths of approximately
10−9 to 10−12 m.

X-rays are well known in both the scientific community and the general public. X-rays were acci-
dentally discovered in 1895 byWilhelmRöntgen. His seminal paper ‘On aNewKind of Rays’ was
published in the following year (3). He detailed various properties of x-rays such as the ‘absorption
by various bodiesmust depend chiefly on their density’. He produced the now famous radiographs
(x-ray images) of both his wife’s hand wearing a ring and the lesser known image of the compass;
the original figures with captions are in figure 1.1.

Figure 1.1: The first published radiographs made byWilhelm Röntgen in 1895.

He started observing x-rayswith fluorescence screenswhich convert x-ray photons to visible pho-
tons. Fluorescence screens only emit visible light for the duration of x-ray irradiation and so cannot
be used to produce a permanent x-ray image. He then moved onto photographic dry plates to pro-
duce permanent x-ray images, such as the compass. These and subsequent imaging methods all
produced greyscale images, intensity distributions.

X-rays have highly energy dependent absorption (cross section). Typical x-ray sources use ac-
celerated electrons which are focused onto a metal target; the electrons interact with the charges
(nuclei and bound electrons) of the metal target with a net result of the incident electron slowing
down, changing direction and emitting a photon. Due to the conservation of momentum, the en-
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ergy of that photon is equal to the energy lost by the electron being deflected. This is known as
bremsstrahlung (braking radiation in German). X-ray sources utilising this effect produce a broad
energy distribution with a maximum x-ray energy matching the acceleration voltage of the incom-
ing electrons, typically 50 to 150 keV. This maximum photon energy is referred to as the peak volt-
age, kVp.

Therefore, the primary method used to change contrast in an x-ray image was to alter the x-ray
spectrum (energy distribution). This can be done in many ways, including using thin metal filters
and changing the electron acceleration voltage. Using metal foils reduces the intensity of the in-
coming beam significantly; more than 90% intensity reduction is common. Changing the electron
acceleration voltage and therefore the peak x-ray energy also alters the shape of the spectrum, result-
ing in a change of contrast in a given image. These techniques are necessary because the methods
for x-ray imaging are not energy sensitive, this is equivalent to black and white photography where
the colour information is reduced to shades of grey.

1.2.1 Light-matter interaction types

There aremany possible interactions between photons andmatter as can be found in textbooks and
in ‘Light-matter interactionswith photonic quasi-particles’ (4). The relevant interactions for x-rays
of the energies used in thiswork (1—100keV) are photoelectric, inelastic (Compton) scattering and
elastic (Thomson / Rayleigh / coherent) scattering. A refresher of these interactions follows.

The photoelectric interaction is where a photon transfers all of its energy to a bound electron
resulting in an ejected photoelectron. The photon must have at least the minimum amount of
energy required to induce photo-emission of electrons for that material, this is referred to as the
work function. The photoelectric effect dominates at low energies.

Inelastic scattering, also known as Compton scattering, is where the incident photon transfers
part of its energy to an electron and is scattered in a different direction with a lower energy (longer
wavelength). The three dimensional angular distribution is dependent on energy as described by
the Klein–Nishina equation. Inelastic scattering becomes dominant above≃ 100 keV.

Elastic scattering is where the photon and electron energy remain unchanged after the scattering.
The incident photon transfers its energy to an electron, which is briefly excited and then relaxes and
re-emits the photon with the same energy as before the interaction with an angular distribution
equal over all angles. Elastic scattering is most significant at lower energies but does not dominate
at any energy in the range of interest for this work. This is shown for copper in figure 1.2.
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Figure 1.2: Thephoton cross section for copper from0.1 to 500 keV.The vertical lines are
various transition energies, also known as absorption edges and a subset of these are plotted.
Absorption edges arewhere the probability of photoelectric interactions (photoionisation)
increases sharply at an energy level just beyond thebinding energy of a specific electron shell
(e.g. K, L, M) of the absorbing atom. These energies are plotted as vertical dashed lines at
0.93, 0.95, 8.04 and 8.91 keV, the first two are L-edges and the second two areK-edges. The
solid lines are listed in the legend in terms of descending average cross section. The library
‘xraylib’ was used for the data (5) via the Python bindings.

For this example with copper in figure 1.2, a photon of at least the K edge energy (8.91 keV) is
required to interact via the photoelectric effect to eject a K shell (principal quantumnumber, n = 1)
electron. Below this characteristic minimum energy, the photon will be absorbed and re-emitted.

The photoelectron proceeds by one of the following three methods:

• The electron absorbs all of the photon energy. It is completely liberated from the atom
and becomes a free electron. Any energy above the binding energy contributes towards the
kinetic energy of the photoelectron;

• ‘Auger effect’: An electron from a higher energy state can occupy the vacancy left from the
photon, which knocks out an outer shell electron, this is an ‘Auger electron’ (6);

• ‘Coster-Kronig’ transition: A special case of the Auger effect where a vacancy is filled by an
higher energy electronwithin the same shell (same principal quantumnumber), for example
from a L3 to L1 state. The orbital angular momentum (ℓ), magnetic moment (mℓ) and
electron spin (ms) quantum numbers can be different.
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The probability for which of these three methods actually occurs varies with the electronic con-
figuration of the atom in question. These are the fluorescence, Auger and Coster-Kronig yields
and contribute to the relative intensities of the fluorescence lines as observed with XRF (X-ray Flu-
oroscopy) measurements.

Since pair production (nuclear interactions) is only relevant at twice the rest mass energy of an
electron (2× 511keV) and above, this is not relevant for this work. At most, 90 keV x-ray photons
are used.

As a rule of thumb, the photon cross section is proportional to the fourth to fifth power of the
atomic number, Z, also known as the proton number, divided by the energy to the power of 3.5, E.
σ ∝ Z 4 to 5

E 3.5 .
Transmission x-ray imaging is the dominant x-ray imaging method used due its simplicity and

highly efficient use of the x-ray radiation. In this case, the photoelectric interaction is the most
dominant interaction. It switches to inelastic scattering after a certain energy. This is widely used
formedical CT (ComputedTomography) scanning in hospitals and for non-destructive inspection
within objects. It is typically limited to≃ 150 keV due to the inelastic scattering becoming domi-
nant around that energy; this scattering effectively introduces blurring to images. Anti-scatter grids
helpwith this phenomenon to some extent. The dominant process depends on the atomic number,
Z, and the photon energy. This is shown in figure 1.3.

Figure 1.3: The dominant interaction mechanisms between photons and matter for a
wide range of energies and atomic numbers, Z, of the matter.

The relative insignificance of scattering enables very high spatial resolution with transmission
imaging. With modern synchrotrons the spatial resolution achievable can reach the nanometre
scale; even enabling nano-tomography (7). Typically, the energy dependent information is effec-
tively discarded. The notable exception is dual energy CT, where the peak voltage of the x-ray tube
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is varied and the alternating images are subtracted from each other. This work explores the infor-
mation available in the energy space and how it propagates to x-ray micro computed tomography.

As a side note, dark field and phase contrast imaging both use the wave properties of photons
to reveal areas of high attenuation variation, such as the interface between lung tissue and the air
within them (8; 9). This is an area of active research for medical applications.

Yet another method to extract information with the photoelectric interaction is x-ray fluores-
cencemeasurements. This is where an incident photon beam interacts with atoms whose electrons
have characteristic binding energies which are material specific, resulting in re-emitted photons of
these specific energies in all directions. This measurement method has low quantum efficiency. In
thiswork, these very specific energies are used for determining the response of every pixel to one very
narrow energy distribution, less than one eVwidth. This is referred to as a threshold-energy calibra-
tion within this work. In terms of other methods to take advantage of this behaviour, scanning a
micro-focused x-ray beam across a sample combined with a high energy resolution detector allows
reconstructions of objects with high spatial and energy resolution. This technique is effectively lim-
ited to synchrotrons due to the excellent spatial resolutions achievable combined with among the
highest available x-ray flux.

Compton back-scattering imaging takes advantage of the inelastic (Compton) scattering allow-
ing the imaging of highly attenuating and thick samples including steel rebar and concrete and even
through a thick anddensewall (8mmof steel) (10; 11). The typical range for thismethod is≃100—
1022 keV. It typically uses collimators and anti-scatter grids and has becomeused in non-destructive
screening in seaports for cargo containers and for explosives, weapons and personnel screening at
airports (12).

1.3 Proton and heavy ions

Hadrons are composite particles of at least two quarks bound by the strong interaction, this in-
cludes protons and ions. Ions are atoms or molecules with a net charge. They are then stripped of
their electrons, resulting in protons and nuclei respectively. These are then accelerated to higher
energies and used for various scientific and medical purposes such as cancer treatment.

Charged particles such as protons and heavy ions interact in many ways with matter. How do
protons andheavy ions deposit energy into amaterial? TheBethe-Bloch equation answers this ques-
tion; it gives the mean rate of energy loss (stopping power) of a heavy charged particle as described
by Bethe and Bloch in 1932 (13):

−

⟨
dE
dx

⟩
= 2πNAr2emec2

Z
A
z2

β2

{
ln
(
2mec2β2γ2Wmax

I2

)
− 2β2 − δ− 2C

Z

}
(1.1)

The definitions of the many terms are:

• NA = 6.022× 1023 →Avogadro’s number;
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• re = e2
4πε0mec2 = 2.8 fm → electron radius;

• me = 511 keV → electron rest mass;

• Z→ atomic number (proton number) of the absorbing material;

• A→ atomic mass number of the absorbing material;

• z→ charge of an incident particle in units of electrons, e;

• β = v
c →The velocity of the particle divided by the speed of light;

• γ = 1√
1−β2

→The Lorentz factor

• δ → density correction - relevant for high energies;

• C→ shell correction - relevant for low energies;

• Wmax →maximum energy transfer in a single collision;

• I →mean excitation energy of the absorbing material.

An example relevant to this work follows. Using the NIST (The U.S. Department of Com-
merce’s National Institute of Standards and Technology) PSTAR (Stopping Power and Range Ta-
bles for Protons) database, we can plot the mean rate of energy loss of a 60 MeV proton in silicon
using the Bethe-Bloch equation, see figure 1.4. This shows how the stopping power due to elec-
tronic interactions are at least two orders of magnitude higher than nuclear interactions over the
energy range plotted. The total stopping power is the sum of the electronic and nuclear stopping
powers.
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Figure 1.4: Themean rate of energy loss of protons in silicon using the Bethe-Bloch equa-
tion. The total energy loss is dominated by the electronic contributions over the displayed
energy scale.

As a hadron passes through material, it transfers energy via the electromagnetic and nuclear in-
teractions to the atoms it passes by. The total interaction cross section (probability) increases as the
remaining hadron energy approaches zero. This results in a sudden increase in the rate of energy
deposition per unit length (stopping power, dE/dx) after a relatively constant dose. This is known
as the ‘Bragg peak’, it is the critical feature of how protons interact with matter that makes it useful
for cancer treatment. The dose deposition of x-rays and gamma photons exponentially decreases as
a function of depth. The dose depositions for protons, carbon ions and x-ray photons can be seen
in figure 1.5.
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Figure 1.5: The relative energy depositions of x-rays (photons), protons and carbon ions.
Photons exponentially lose energy whereas protons and ions deposit most of their energy
at an energy dependent range resulting in the ‘Bragg peak’. Protons and ions can therefore
spare surrounding healthy tissue much better than photons. Note that the typical energy
range of the x-rays used for radiotherapy are in the range of 300 keV to 1.5 MeV. Image
from (14).

Due to the nuclear interactions, hadrons can cause radiation damage to radiation detectors via
various mechanisms, which cause microscopic defects. This is an area of active research; it is partic-
ularly relevant for high energy physics, radiation detection in space, industrial andmedical contexts
(15–19). As transistors shrink, they become increasingly susceptible to radiation induced disrup-
tion or damage. This affects the hybrid pixel detectors, the type used in this work, for both the chips
themselves and their sensors.

The Bragg peak allows radiation oncologists to make treatment plans that spare surrounding
healthy tissue far better than with x-ray and gamma photons while still being able to treat tumours.

Linear energy transfer (LET) is a related important quantity, it is the average energy deposition
per unit length along the path of an ionising particle; the units are typically keV/µm. LET is pro-
portional to the particle charge squared and inversely proportional to the particle’s kinetic energy
for non-relativistic particles. It is a relevant quantity for estimating the biological damage per unit
volume.

1.4 Radiotherapy

Radiation therapy, also commonly known as radiotherapy, utilises ionising radiation and is one
of many cancer treatment methods. Typically high energy photons, x-rays or gamma photons, are
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used because they are relatively easy to generate and it is possible to deposit dose anywhere within
a human body without invasive procedures. Dose is defined as the absorption of one joule of ra-
diation energy per kilogram of matter; the unit is ‘Gray’. The most common method to generate
x-rays and gamma photons is with an accelerated and focused electron beam striking a high Z target
resulting in photon emission via
bremsstrahlung.

In clinical practice, treatment plans must bemade with the dose depositions of the particle used
in mind. For photons, there is the exponential decay and for hadrons there is the Bragg peak. The
ideal treatment would only affect the tumour and spare the healthy surrounding tissue entirely.
Actual treatment plans usually target the photon beams at the tumour from multiple angles, this
is known as intensity-modulated radiation therapy (IMRT). While the ratio of dose of tumour to
healthy tissue is favourable, IMRT does deposit dose in healthy tissue. Figure 1.6 shows the differ-
ences between IMPT (intensity modulated proton therapy) and conventional IMRT and the dif-
ferences between them, the ‘unnecessary radiation’. The unnecessary radiation visually indicates
how much healthy surrounding tissue can be spared of irradiation. Note how the IMPT (Proton)
treatment plan hasminimal dose to the brain, brain stem, eyes, nose and spinal column. This is one
major benefit of hadron therapy over conventional radiotherapy using photons.

Depending on the rate of cell division, human tissues have variable levels of radiosensitivity. The
least sensitive are nerves and the most sensitive include bone marrow, lymphatic tissue, sperm cells
and fetal tissue. This results in variable radiation induced side effects for the patient, anything from
manageable to clinically unacceptable.
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Figure 1.6: Two treatment plans using intensity modulated proton therapy (IMPT Pro-
tons) versus intensity modulated radiotherapy (IMRT Photons) and the differences be-
tween the two. The colour scale goes from red to blue where red is the maximum dose and
blue is the minimum. This particular tumour is in the upper part of the throat behind the
nose, the ‘nasopharynx’. This shows how conventional IMRT deposits significantly more
unnecessary dose to surrounding healthy tissue compared to IMPT. Image from (20), ac-
cessed on 07-02-2022.

All methods using high energy photons suffer this effect, often this results in secondary cancers,
cardiovascular disease and fertility complications among others (21). Therefore radiation oncolo-
gists are never able to exclusively irradiate a tumour. This is particularly an issue when it is necessary
to irradiate tissue that is or is near very radiosensitive tissue that cannot be operated on otherwise.

Other types of ionising radiation are used in radiation oncology. These include alpha and beta
emitters, hadrons (protons & heavy ions) and even focused very high energy electrons (VHEE).
They are complementary treatmentmethodsdue to their differentdosedepositionproperties. Hadron
therapy is a growingmodality for cancer treatment using hadrons, which in this context only refers
to protons and heavy ions. Hadrons are composed of protons and neutrons and therefore the in-
teraction mechanisms are not the same as x-rays and gamma photons.

Proton and heavy ion radiotherapy centres are the direct result of high energy particle acceler-
ator research. The requirements for medical accelerators are quite different to those in high en-
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ergy physics research. The precision required is lower, the accelerators must be smaller, the reli-
ability and predictability must be higher and the cost has to be much lower. There is a general
drive to reduce the size, complexity and cost of medical accelerators to ramp up their availability to
the general population. There are three clinical centres relevant for this work, Clatterbridge Can-
cer Centre (CCC) (United Kingdom), Heavy IonMedial Accelerator in Chiba (HIMAC) (Japan)
andMedAustron (Austria). These facilities vary significantly in manymetrics such as age, particles
available, energy ranges and clinical focus. As of September 2021 according to PTCOG (Particle
Therapy Co-Operative Group), there are 112 hadron therapy centres in operation, 41 under con-
struction and 15 in the planning stage. As of 2019, over 220,000 patients have been treated with
protons and nearly 40,000 using carbon ions.

MedAustron is the direct output of a CERN project, PIMMS (Proton Ion Medical Machine
Study) (22) and is a CE (European conformity) certifiedmedical product according to the EU (Eu-
ropean Union) Medical Device Directive, ‘93/42/EEC’. It was realised at a cost of approximately
€ 200 million. An image of the particle accelerator is shown in figure 1.7.

Figure 1.7: A picture of the hall containing the medical particle accelerator used to treat
patients with proton and carbon ions at MedAustron, Austria. Credits for the picture go
to Dr. Thomas Kaestenbauer, 2013.
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Navrit: I’m looking for fresh bugs
Kevin: I’ve got some in my code here.

Navrit Bal & Kevin Heijhoff, 13:37 25-02-2020

2
Medipix3

2.1 Overview

We now move onto the tool which can be used to measure x-ray photons, protons and heavy ions,
Medipix3, a hybrid pixel detector chip.

Figure 2.1: Themost basic hybridpixel detector overview (a) and aplot showing the signal
(voltage) shape over time with the horizontal dashed lines visualising thresholds (b).
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A hybrid pixel detector at the most basic level can be summarised as a device with a sensor ma-
terial coupled to a hybrid pixel detector chip. Ionising particles interact within sensor material via
various mechanisms. The sensor is often coupled to the chip with bump bonds as shown in figure
2.1a. The particle interactions release charge that is collected by the pixel electronics. Inside a pixel,
the electronics convert this charge into a signal of a voltage over time as shown in figure 2.1b. It
is counted if it crosses a configurable threshold, this threshold is illustrated as the horizontal dot-
ted lines in figure 2.1b. If there are multiple threshold counters, it is possible for a signal to cross
the lower threshold but not a higher threshold. In the example from 2.1b, the first and second
thresholds would count once each and the third would not count. This strategy enables binning
(discretisation) of a continuous energy spectrum into a number of bins at relatively high count rates
with precisely the same input signal and noise. It is important to note that noise in the electronics
limits the measurable precision of a given signal amplitude. The same noise also sets a limit to how
low the threshold can be set before random hits due to noise are being measured.

Medipix3 is a hybrid pixel detector chipwhich can be usedwith several sensormaterials. Charge
summing mode (CSM) is the main new feature introduced with this chip, it attempts to address a
fundamental issue with this type of detector. Namely, that the induced charge is often deposited
over more than one pixel. The pixel pitch, number of energy thresholds, readout modes and so on
are all configurable depending on the specific user requirements. In many ways, Medipix3 is like a
Swiss army knife. It is designed to be flexible to addressmany different situations and is not required
to excel in any specific application. This has made it a valuable research chip, which is well placed
to inform spin-off chips for more specific tasks.

The detector used in this work consisted of a two by two layout of Medipix3 chips, with a total
of four chips. An image of the detector without a silicon sensor is shown in figure 2.2. The chip
numbering scheme is shown in figure 2.3, this becomes relevant in section 5.3.
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Figure 2.2: A Medipix3 based detector in a two by two layout without a silicon sensor.
Each square is a single Medipix3 chip. They are mounted on a ‘chip board’ - the PCB
(polychlorinated biphenyl) board with a red silkscreen and a gold coloured rim.

0 1
3 2

Figure 2.3: The chip numbers of a Medipix3 based detector in a two by two layout as
decoded and saved by the Dexter readout and control software.

2.2 Technical specifications

An overview of the technical specifications follows:

• Number of pixels: 256×256 (fine pitchmode, FPM) or 4× 128× 128 (colourmode, CM)
= 65536 per chip;

• Pixel pitch: 55 µm (FPM) or 110 µm (CM);

• Energy thresholds: one or two for FPM and four or eight for CM;

• Electronic noise (design specification): 70—150 electrons, 253—542 eV with a Si sensor at
room temperature;
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• Typical operational temperature: +10— +60 ◦C;

• Readout modes: Sequential R/W (Read/Write) and Continuous R/W. Sequential R/W
takes time to readout every frame but can use both counters, so two or eight thresholds are
usable. Continuous R/W uses both counters in 1, 6 and 12 bit modes to enable zero dead
time readout and so one or four thresholds are usable;

• Bit depth: 1, 6, 12 and 24 bits. 24 bit readout mode uses both counters and so one 24 bit
frame can be readout in that mode.

2.3 Pulse processing chain

When an x-ray photon hits the sensor and travels through the sensor bulk, if it interacts via the pho-
toelectric effect, it deposits all of its energy into an electron, part of that energy is used to overcome
the binding energy (as mentioned earlier) with the remaining energy left for further ionisations.
The high energy electron excites electron-hole pairs, which drift to the front and backside of the
sensor due to an applied electric field. The moving charge induces a current (Shockley-Ramo theo-
rem) through thepixel pads (collection electrodes), which are reverse biased, depleted ‘pn’ junctions.
The measured charge is proportional to the energy deposition of the particle. This is the start of
the pulse processing chain within one pixel.

Amember of theMedipix group, Rafael Ballabriga-Suñé goes into great detail on this subject in
his thesis (23), it contains the most detailed and complete technical information including circuit
block diagrams.

Depending on the chip configuration, the following chain varies. This example goes through the
simplest case: Fine PitchMode (FPM, 55 µmpixel pitch) with Single Pixel Mode (SPM).When in
SPM, every pixel is independent of all surrounding pixels. SPM involves no inter-pixel communi-
cation unlike Charge SummingMode, CSM.

The following paragraph is a summary of section 3.3 in (23). The charge pulse enters the pream-
plifier (charge sensitive amplifier, CSA). It outputs a voltage pulse (V)with amagnitude equal to the
charge (Q) divided by the pixel capacitance (C); this comes from rearranging the equationQ = CV.
The preamplifier output is then processed by a first order semi-Gaussian shaper, which means that
it takes that voltage pulse and outputs an exponentially decaying voltage pulse whose magnitude is
proportional to the charge collected in that pixel.

This is then fed to twodiscriminators (low andhigh), whichhave configurable thresholds, which
are set by their respective DACs (digital to analogue converters). Once a signal pulse rises above the
set threshold, the discriminator outputs a digital voltage pulse to the pulse processing logic block.
The implementation of this block is not publicly disclosed; it acts as an ADC (analogue to digital
converter). This leads to two counters (low and high) which can increase by zero or one per count
depending onwhether the signal amplitude is above the threshold set for the low and high counters.
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One can select an energy window by setting the high threshold above the low threshold and sub-
tracting them from each other. In Charge SummingMode (CSM) and/or Colour Mode (110 µm
pixel pitch), there is inter-pixel communication within this chain. Four of these signal processing
chains, from four pixels, are connected to the one active pixel input amplifier, resulting in a large
pixel with eight thresholds. For the readers who seek electronic block diagrams, figure 2.4 helps to
digest this section.

Figure 2.4: Figure seven from the Medipix3 manual (24). It is the circuit block diagram
of the Medipix3 front-end electronics when the chip is in SPM (Single Pixel Mode) and
Fine PitchMode (FPM, 55 µm pixel pitch).

2.4 Charge SummingMode (CSM)

Anoverview ofCharge SummingMode (CSM) follows. This includes an explanation of the advan-
tages and disadvantages of CSM. After that, there is a discussion of the specific conditions under
which CSM is preferable over SPM for different sensor materials and energies.

CSM is one of the main design improvements over Medipix2. CSM is an on-chip solution to
reconstruct and assign charge to the correct pixel over a 2× 2 pixel area.

When an ionising particle enters a sensormaterial (e.g. silicon), electron-hole pairs are produced
and charge drifts towards the pixel implants on the sensor which flows through the pixels in the
chip. Focusing on photons now, if the photon interacts via the photoelectric effect, the photon
is absorbed resulting in an electron with the photons’ energy minus its binding energy. Most of
the binding energy is released as auger electron (local energy deposition) or another fluorescence
photon. The latter may be absorbed at a larger distance (contributing to charge sharing) or even
escape. If the photon interacts via Compton scattering, not all of the photon’s initial energy would
have been deposited in the sensor and so the information about the photon’s energy before the
interaction is lost. Depending on the electric field either electrons or holes will drift towards the
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chip. It is likely to deposit charge over more than one pixel. This particularly affects thicker sensors,
high Z sensors and high LET particles such as electrons, protons, and ions. This is shown in Figure
2.5.

CSM aims to improve key imaging quality metrics (MTF (Modulation Transfer Function) and
DQE (Detective Quantum Efficiency)) and the measured energy spectrum at the expense of in-
creased power, increased front-end noise, lower gain and higher minimum detectable charge.

Figure 2.5: An overview of how ionising particles can interact with the sensor material
via the photoelectric effect in hybrid pixel detectors. The electrons and holes drift to the
cathode and anode depending on the polarity of the induced electric field.

CSM is implemented within the pulse processing logic using an arbitration network between
adjacent pixels. The algorithm is described in the Medipix3RXmanual v1.4 as follows (24):

“
• The lower threshold in every pixel (or cluster) is compared to the locally deposited signal;

• The arbitration circuitry suppresses the pixels with a lower signal, identifying the pixel (or
cluster) with the largest energy deposit. The information of the hit pixel after the allocation
algorithm is stored in the lower counter (this information is referred to as “Single PixelMode
Arbitrated” because the information is based on the local charge deposited in the pixel);

• In parallel, the charge has been reconstructed and compared with the highest threshold in
the four adjacent summing nodes with respect to the pixel;

• The pixel with the highest charge checks the adjacent summing circuits to see if at least one
of them exceeds the highest threshold.
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”
CSM can be used with sequential RW readout mode only, not continuous RW mode. This is

because both counters are needed for full event reconstruction for CSM due to a deficiency in the
chip design.

CSMgain is 50%of SPM (Single PixelMode) gain. In this work, gain is defined as the number of
thresholdDACunits per energy unit, keV.This is because in SPMand SPMa, two current branches
are routed to their respective comparators, ‘threshold low’ (THL) and ‘threshold high’ (THH). In
CSM, four additional current branches are routed to the four summing nodes in the corners for
every pixel.

‘Single pixel arbitrated’ means that for a given hit, the counter associated to THL increases if the
signal is above THL and the signal is the largest in its neighbourhood. This is different from the
traditional Single Pixel Mode whereby the counter increases only if the signal is above THL.

This is demonstrated directly in section 5.4.
The minimum detectable charge is also higher than SPM because the front-end noise is higher

due to the noise components from four pixels adding in quadrature. For detecting x-rays with a
silicon sensor in CSM, the minimum detectable photon energy is reported to be approximately
6—7 keV (25).

Count rate linearity is also affected with CSM since it takes time for the arbitration network to
process events, whilst processing, it is effectively paralysed. Therefore, the counting rate for a given
number of photons becomes non-linear earlier than it would for SPM. For CSM, it was found that
the upper linear limit is approximately 8 × 106 counts/sec/mm2 (26). This is completely indepen-
dent of the frame rate.

ForCSMand FPM, the pixel spacing during equalisation should be at least three not to interfere
with the CSM algorithm which also operates on two by two pixel grids.

The differences between SPM and CSM have been studied with a GaAs sensor in detail (27) .

2.5 Energy resolution

The following subsection is intended to refresh the more experienced reader and to give a brief
introduction to the rest.

When an ionising particle such as an x-ray photon enters matter, it can interact by a number
of mechanisms, as explained in section 1.2.1. The interacting particle’s energy is at least partially
transferred to electrons, holes and phonons (quasiparticles / lattice vibrations) within the sensor
material. The resulting electron-hole pair cloud starts to diffuse in all directions and since there
is an electric field applied (bias voltage), the cloud splits into two components. The holes drift in
one direction and the electrons drift in the other direction, along the applied electric field. Charge
recombination of the holes and electrons is not a significant factor in solid state sensor materials
until very high radiation levels due to their high charge carrier concentrations.
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In the case of purely photoelectric interactions where all energy of the incoming particle is trans-
ferred to the fully depleted sensor, a certain number of electron hole pairs, N, are produced. The
number of electron-hole pairs created is the ratio of the incident particle’s energy to themean energy
required to produce one electron-hole pair.

N =
E

Epair
(2.1)

Epair is approximately proportional to the material dependent band gap energy,
Eband gap (28).

Epair ≈ 2.8× Eband gap + 0.6 eV (2.2)

The Fano factor is defined as the ratio of the variance to the mean as described by Ugo Fano in
1947 (29). µ is the mean and σ is the standard deviation of the statistics ofN.

FN =
σ2N
μN

(2.3)

This factor appears in particle detection due the fact that the energy loss process is not purely
statistical due the discrete electron shell energies and therefore there are a finite number of possi-
ble transitions between those states. A better energy resolution is therefore measured compared
to the predicted value using Poisson statistics exclusively. Poisson statistics alone would predict
unity. It is important to note that the Fano factor for particle detection can be quoted with a de-
pendence on temperature, this is because the mean energy required to generate one electron-hole
pair is a function of temperature because the band gap changes. For Si, the Fano factor was mea-
sured to be 0.118 ± 0.004 with an electron-hole pair energy of 3.73 ± 0.09 eV with a gradient of
−0.0131 ± 0.0004 % K−1 between 80 and 270 K (30). In summary, due to the discreteness, the
statistics becomemore favourable and which is summarised in the Fano factor; it is oftenmuch less
than 1. This leads to a much more narrow distribution (better sigma/mean ratio).

The intrinsic energy resolution is related to the Fano Factor as follows as defined in (28), this
definition will be used throughout this work. It becomes relevant from section 5.1. Where the
intrinsic energy resolution is EFWHM, FWHM is the Full Width at Half Maximum, Epair is the
material and temperature dependent mean energy required to produce one electron-hole pair and
E is the mean measured energy deposition (28).

EFWHM = 2.355×
√
FN · E · Epair (2.4)

The intrinsic energy resolution,EFWHM, is shown infigure 2.6 for a silicon sensor at 300K; this is
the lowest achievable energy resolution as a function of photon energy. At a relevant energy for this
work, 10 keV, the intrinsic energy resolution is 154 eV; the relative energy resolution is therefore 1.54
%. As mentioned in subsection 2.2, the design value of the Medipix3 electronic noise is 253—542
eV with a Si sensor at room temperature. Under these conditions, the electronic noise is multiples
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of the intrinsic energy resolution. In this configuration, the electronic noise therefore dominates
the effective energy resolution.

Figure 2.6: The intrinsic energy resolution, EFWHM, as a function of photon energy in
keV. This assumes room temperature (300 K), a silicon sensor, with a Fano factor (F) =
0.118 and mean electron-hole pair generation energy, Ei = 3.62 eV.

In general, to optimise energy resolution one should minimise the Fano factor, use the semi-
conductor with the smallest band gap energy and minimise the incident particle energy. In reality,
there are further considerations to be made; there are few semiconductors in existence with high
quality and widespread manufacturing. There are material R&D efforts in progress to improve
this situation. CVD (chemical vapour deposition) diamond research has been taking place in the
RD42 collaboration for the HL-LHC (High-Luminosity LHC) (31) and other developments us-
ing Timepix3 (32). In Russia, GaAs:Cr (Chromium compensated Gallium Arsenide) has been
progressing with multiple ASICs, the Medipix2 (33), HEXITEC (34), and a 1000 µm thick sen-
sor bonded to Medipix3 chips, which I tested at Nikhef. This detector suffered from poor bump
bonding but was better than the previous attempts.

Anoverview for the process ofmeasuring the energy resolutionwithMedipix3 is shown infigure
2.7, it shows where terms derive from such as energy resolution, threshold dispersion and energy
resolution variation. Ultimately, it reduces down to measuring a single energy input with a thresh-
old scan, ideally this is an error function. One then numerically differentiates this distribution and
calculates the FWHM. The FWHM (FWHM = 2.355 × σ, where σ = standard deviation) en-
capsulates all effects mentioned and all other effects, such as electronic noise, charge sharing and
background x-rays from any non-target material and so on. This is the number that is referred to as
the energy resolution.
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Figure 2.7: An overview of energy calibration measurements from the source to the final
terms.
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2.6 Figures ofMerit

2.6.1 Signal to noise ratio (SNR)

The signal to noise ratio has many definitions depending on the field. Since this work is focused
on imaging performance, the definition used is the ratio of the mean signal squared to the standard
deviation of the signal squared:

SNR =
μ2

σ2
(2.5)

In imaging, the signal would be pixel values within an area of constant input. For example, with
x-rays this could be imaging a thin foil of equal thickness and composition perpendicular to the
detector and source.

One may ponder at this point - how high does the SNR need to be for a ‘good’ image? One
interpretation of that question is: how high does the SNRneed to be for an object to be detectable?
The answer to this question is the Rose criterion, which states that the SNRmust be at least 3–5 to
reliably detect an object (35). While it is a limited metric, the Rose criterion is used in the medical
imaging field.

2.6.2 Count rate linearity

An ideal detector always counts exactly once per particle. In real photon counting detectors, this is
not the case due to how the pixels in counting detectors have dead-time where they cannot count.

Suppose a single particle deposits all of its energy into one pixel and the deposited energy is above
the minimum threshold. After a very short time, that one pixel counts once.

As the particle flux is increased, the pulses created by single particles begin to overlap each other.
This overlapping both distorts the energy spectrum (pulse pile-up) and changes the relationship
between incident particles and measured counts to be increasingly non-linear. After a certain flux,
pixels will actually count less than the number of incident particles. The fraction that can be tol-
erated to be lost due to pile up sets the upper count rate limit for counting detectors. Paying close
attention to count rate linearity is therefore critical to measuring an undistorted energy spectrum
and a linear relationship between incident particle flux and counts.

This effect is ideally measured by using a radiation source which knows precisely how many
particles it emits, can be focused down to a single pixel and has a wide flux range. Fortunately,
synchrotrons are quite close to the described perfect source. X-ray tubes can also be used to esti-
mate this effect, the main issues with using them is the lack of precise current measurements for
the tube, untrustworthy and low precision current readings through the x-ray control software and
they cannot be focused to single pixels. These deficiencies could of course be addressed by using an
appropriate secondary x-ray detector as a cross check.
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All counting detectors are affected by count rate linearity limitations, including the nuclear de-
tection gold standard, HPGe (High Purity Germanium) detectors. Medipix3 offers a software con-
figurable method to change the front-end response which can extend the upper linear count rate
limit at the expense of noise and therefore energy resolution. For example, this is very useful if one
is measuring a high flux of particles and the energy resolution is not relevant for that measurement.
The method is a DAC for the Krummenacher current, I_Krum, which is proportional to the fall
time of the signal at the expense of higher noise and controls the leakage current compensation.
This is part of the Charge Sensitive Amplifier (CSA) as described in the Medipix3 manual (24).

This has been studied in some detail using x-rays at synchrotrons (36; 37) and with standard
x-ray tubes, see section ‘6.7 Count Rate Linearity of the Medipix3 Detector’ (26). These studies
yield numbers in the range of ×105—×106 counts per second per pixel and are consistent with
each other. An example figure showing measurements of this effect comparing 55 and 110 µm
pixel pitches with SPM and CSM is shown in figure 2.8 from (36).

Figure 2.8: A ‘comparison between the 55 µm and 110 µmdetector’ for count rate lineari-
ties with various configurations: different dead times, I_KrumDAC settings, pixel pitches,
with SPM and CSM. Figure 3 from (36).

2.6.3 Threshold-energy calibration

For any energy dependent study, it is important to know the mapping between the thresholds
set in DAC units and energy. Medipix3 was designed to have a linear relation between threshold
and energy. The threshold is a DAC set for each chip and depending on the chip configuration,

36



2

2.6. FIGURES OFMERIT

there are either one, two, four or eight thresholds per chip. Since pixels have different gains (slopes
[keV/DAC]) and noise baselines (intercepts [keV]) as functions of threshold, they can also be cali-
brated.

For each individual pixel and each threshold a straight line calibration from threshold (DAC
units) to energy (keV) can be determined. With that set of calibrations, one arrives at a relatively
high number of straight line fits. The number depends on the chip configuration (colour mode or
fine pitch mode) and the number of thresholds which are read. These combinations are shown in
table 2.1.

After equalising, the basic threshold-energy calibrationmethod is to only calibrate the chips, this
tells at whatmean energy the threshold(s) are set at. The pixel response distribution is therefore not
known beyond the mean value.

Table 2.1: The number of straight line pixel calibrations given all possible combinations
of the Medipix3 chip configuration

Thresholds
Pixels 1 2 4 8

CM, 128× 128 16384 32768 65536 131072
FPM, 256× 256 65536 131072 N/A N/A

Since it is not possible to change the individual gains of each pixel with Medipix3 but just the
noise baseline, it is not possible to improve the detector response uniformity at this point. The
measurements to get to this point are relatively trivial and this level of knowledge is often sufficient,
therefore this is often the end of the threshold-energy calibration story.

If one wishes to further improve the detector energy response uniformity, a per-pixel energy
calibration is necessary. The requirements for such per-pixel calibration measurements are higher;
the number of points to be calibrated on is about three orders of magnitude higher than for a chip.
Instead of averaging the response of 128 × 128 = 16384 or 256 × 256 = 65536 pixels, each
pixel is treated as an independent counting detector. This per pixel energy calibration is a post-
acquisition step and is discussed in detail later in chapter 5.5. Such calibrationmeasurements allow
for significantly more information to be extracted per pixel, such as threshold dispersion, energy
resolution, energy resolution variation and so on.

In either case, the calibration source requirements are the same. The ideal source can inject
single energies into each pixel with zero bandwidth (the Dirac delta distribution), be easily varied
over energy, have very high count rates, can provide uniform input andbe stable over time. Yet again
synchrotrons are close to this ideal source, except that they are not easily accessible. Other options
are x-ray fluorescence (XRF), gamma emitting radioactive sources and test pulses from the pixel
front-end. XRFmeasurements are used for calibration in this work exclusively because they are the
best source overall given equipment availability during thiswork. This is summarised in table 2.2. A
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method using the tube peak voltage (38) is not included in this overview due to the lack of accuracy
and information acquired from this method and so it is not comparable to the other methods in
Table 2.2.

Table 2.2: Qualitative comparison of sources for energy calibrations. A✓ indicates that a
source is sufficient in themetric displayed,× indicates insufficiency and∼ indicates a state
somewhere between insufficient and sufficient.

Sources
XRF γ sources Test pulses Synchrotron

Energy bandwidth ✓ ✓ ∼ ✓
Energy distribution quality ∼ ✓ ✓ ✓
High count rates ✓ ∼ ✓ ✓
Stability ✓ ✓ ✓ ✓
Variable energy ✓ ∼ ✓ ✓
Uniform irradiation ✓ ∼ ✓ ✓
Sensor effects ✓ ✓ × ✓
Ease of access ✓ ✓ ✓ ×

This is further studied with experiments in section 5.3.

2.6.4 System stability

Any device measuring a constant input and does not output a constant response means that the
measurement device is not absolutely stable. All systems exhibit this to some degree, the relevant
points are how unstable the device is and can it be compensated for. Compensating for such effects
could be attemptedwith various levels of complexity; several approaches used for hybrid pixel detec-
tors follow. Basic approaches include averaging multiple measurements and using separate devices
to independently cross-check the primary device (39). Finally, more advanced options include chip
and pixel characterisation and calibration, using prior knowledge tomodel the system response and
deconvolute signals (40) and various pixel and chip level corrections (39).

There is a compromise to bemade between the duration of ameasurement and photon statistics.
The longer the measurement is, the more photons can be measured which means that the relative
error from photon counting statistics decreases over time, with the relation

√
N
N , where N is the

number of photons. This relation (
√
N
N ) comes from how photon counting is well described by

Poissonian statistics at large numbers of counts (N). The Poisson function has a variance equal to
themean and for a largemean, the Poissondistribution approximates aGaussian distribution. Both
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the mean and variance of this Gaussian distribution are equal to N (and thus with a sigma of
√
N).

Therefore the fractional error is simply
√
N
N .

Imagine a drift in count rate over time and that it is linear with some white (flat frequency dis-
tribution) noise added. If this effect was detector-wide then it is likely that it can be corrected for
as well. If the individual pixels are changing response over time, that poses a ‘moving target’ prob-
lem. It is not feasible to correct for something that is constantly changing without additional in-
formation and/or an additional control loop. This means that pixel response stability relative to
measurement times is critical for the maximum achievable precision with a given detector.

Figure 2.9: The relative error in percent as a function of time with various realistic values
for the count rates per pixel and various example drift rates. The dark grey shaded area is
excluded due to the maximum count rate per second per pixel for anyMedipix3 chip. The
x axis (time) is from 0.1 to 24 hours and the y axis (relative error) is from 0.0001 to 1%.
3.6× 108 counts per hour per pixel (100 kHz per pixel) is the approximate upper limit for
the linear counting regime for singleMedipix3 pixels. No drift was assumed for the various
count rates plotted for the solid lines.

The relative error as a function of time is illustrated with figure 2.9 with realistic values of the
count rates per hour for a single pixel and various drift rates. The dark grey shaded region shows
the lower limit of precision that one could attain based on the approximate maximum count rate
that aMedipix3 pixel can handle while still having good count rate linearity. In other words, count
rate linearity at design specification in SPM and CSM (36).

39



2

2. MEDIPIX3

Count rate linearity is discussed in section 2.6.2 and the upper limit of approximately 105 counts
per second per pixel (100 kHz per pixel) has been validated experimentally. The points at which the
dashed lines (drift rates per hour) meet the solid lines (

√
N
N , relative error) indicate how long it takes

to achieve the ultimate precision for a specific count rate and drift rate combination. After this
time, the drift exceeds the relative error and the measurement will only degrade beyond that time.

Thedriftmodel presentedof a linear increasewithwhite noise overlaid is correct to the first order
for the Medipix3. There are second order effects, such as an additional low frequency component
and how the direction of the drift oscillates over a long timescale. Modelling beyond first order
effects is not within the scope of this analysis.

Method

For this analysis aMedipix3 inCM(colourmode) is used; the pixels are 110×110µmsquares. There
are eight thresholds available for operating in Single Pixel Mode (SPM). The lowest threshold was
set just above the pixel base-line noise (approximately minimum 4 keV in x-ray energy). Four to
five DAC units correspond to approximately 1 keV in energy. For this measurement, no energy
calibration is used and energy levels are expressed in units of DAC units.

After a perfect equalisationprocedure, all pixelswouldhave the same response to the same energy
input. For this analysis we are imaging an open beam so all pixels receive the same energy spectrum
at the same intensity. As a result, ideally, the only differences in counts between pixels would be
due to photon count statistics. Photon counting statistics follow a Poisson distribution. For large
numbers (N > 100) the Poisson distribution approximates to a Gaussian distribution. With an
average of N photons the variance also is N, resulting in a sigma (σ) =

√
N. This is presented as

noise in an image and sets a limit to the best contrast to noise ratio that can be achieved.
As discussed, inter-pixel count variation should ideally be photon counting fluctuations,

√
N

only. However, due to the limited number of adjustment bits, the precision of the result is limited,
so there will be a dispersion between pixels. Ideally, the solution would be to simply add more
bits. This is not feasible because the adjustment bits are implemented per physical pixel. In the
55 × 55µm2 area available, everything that cannot be in the chip periphery must be in this small
3025µm2 area. The number of adjustment bits per pixel is therefore a direct compromise between
equalisation precision and space for all other digital, analogue and routing components required
per pixel.

The limited number of adjustment bits presents as differences in inter-pixel sensitivities and
therefore in systematic differences in the counted number of photons. Since there is a variation in
the values of N, the distribution width will be larger than

√
N, which adds in quadrature to the

photon counting statistics. If the differences in sensitivities between pixels are constant, then the
corresponding differences in number of counts could be compensated for with a combination of
addition and/or multiplication. In that case, the statistical fluctuations in photon counts will scale
with this multiplication factor, causing it to deviate from

√
N
N . For deviations of N with less than
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√
N this effect is considered to be negligible, this is because the contribution will be less than the

intrinsic uncertainty of
√
N.

Photon count rates are expected to vary over time due to drift in various subsystem components.
There canbefluctuations in thepixel electronics that propagate as fluctuations in threshold voltages,
resulting in the average count rate changing over time. Temperature changes may cause baseline
levels in analogue circuitry to drift, radiation induced effects can influence the noise baselines and
random telegraphic noise (RTN) may cause sudden jumps in signal levels. X-ray tube output can
also change over time due to drift in tube voltage and/or tube current. Such voltage and current
drift results in count rate changes common to all pixels. To first order, this will only affect the
average number of counts for each pixel by the same amount. This only affects the signal to noise
ratio through the

√
N
N . In this case of common drift across the detector, the signal to noise ratio

would improve by increasing x-ray intensity and/or acquisition time.

If there are fluctuations in the count rate that are not shared by all pixels, there is yet another
source of uncertainty which adds to the statistical lower limit. This will be visible in differences
between images as an excess to the expected statistical contribution. This depends on the drift rate
relative to the frame rate. For example, if the drift rate is consistently much slower than the frame
rate then the drift would become negligible between consecutive frames. This therefore sets a lower
detectable limit for drift rate.

Measurements

Several measurements were run at low, medium and high frame rates and acquisition
lengths to characterise system stability as described in section 2.6.4. The various frame rates were
chosen to sample the frequency space at several time scales and to keep the overall measurement
size manageable at less than 100 Gb per measurement. Measurement details are summarised in
table 2.3.

Table 2.3: An overview of the system stability measurements of all the key parameters.

Run Duration
Number
of images

Shutter
open

time (ms)

Shutter
closed

time (ms)

Tube peak
voltage
(keV)

Tube
current
(µA)

1 82 s 4635 16 1.6 25 200
2 2 hr 7000 16 1000 25 200
3 2.7 days 23693 500 9500 40 10
4 2 hr 28076 0.01 200 40 1

41



2

2. MEDIPIX3

Analysis 1/2 - mean drift rates and random telegraphic noise (RTN)

System stability canbe evaluated atmultiple levels. This analysis has two angles of attack. Thefirst is
split based on logical units of the detector system - the whole detector (multiple chips), single chips
and finally pixels. This breakdown was chosen to tell a more complete story about the detector-
wide drift rate, focusing on how random telegraphic noise (RTN) impacts each logical unit. The
second is a statistics driven approach. It gives insight into the optimum acquisition time for photon
counting detectors in terms of count rate and drift rate.

An idealmeasurement consists of a constant signal inputwith identical pixels, a perfectly equalised
and stable detector. If one plots the mean counts of a such a measurement, this would result in a
normal distribution with a sigma equal to the statistical uncertainty (

√
N, where N is the number

of counts).
In reality, detectors will not be perfectly equalised, pixels have different gains and noise baselines

and the response of pixels will not be absolutely stable over time. All of these effects result in devia-
tions from the expected normal distribution, both in terms of the distribution mean and standard
deviation. These deviations give us information about how the detector actually responds.

For example, the average counts could change over time, indicating a net drift effect over all pixels.
It is possible to attempt to indirectly infer the cause of the variation from its properties. An example
of this for run three (see table 2.3) is displayed in figure 2.10.

Figure 2.10 contains a 2D histogram without error bars due to the relatively high density of
data points in the x axis (time). For many measurements, there will be fluctuations in the number
of counts between measurements corresponding to photon counting statistics. In this case, the
number of counts are the total number of counts of all pixels, divided by the number of pixels,
with sigma corresponding to the chip wide total number of counts. The width of the distribution
matches this for short time scales. In this case N is the total number of counts of all pixels in one
frame divided by the number of pixels. As a result,

√
N
N is the ratio you would expect for the sum of

all counts of all pixels. As shown in the green pop-out rectangle, there are 359 points/hour.
The drift values for all runs are shown in table 2.4. Figure 2.10 shows an average (mean) drift of

0.01%per hour over the entiremeasurement timeof 2.7 days (64.8 hours) for run three. Clearly, this
metric does not tell the full story. Local variations can be very different in magnitude and direction.

Table 2.4: The full detector drift rates for all runs over the entiremeasurement time. Note
that run one only lasted 82 seconds. The values are displayed to two decimal places.

Run Drift rate (%/hr)
1 0.00
2 0.15
3 0.01
4 -0.08
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Figure 2.10: The upper plot shows how the average counts per frame for all pixels for run
three data is relatively stable over time in absolute terms. The run numbers can be found in
table 2.3. The lower plot is a 2D histogram of the same data as the upper plot, the y axis is
zoomed into the data range. There is a straight line fit in blue showing the long term drift
of 0.317 counts/hour and 0.0123 %/hour. Each bin contains a number of points in both
axes, this number is shown using colour in the lower plot and the colour bar in the lower
right. Zooming into a one hour timewindow,we see the underlying data in the highlighted
green rectangle between 30 and 40 hours. NoRTN (RandomTelegraphicNoise) is visible
here.
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We nowmove onto the the next logical unit of this system, theMedipix3 chips. Using the same
analysis as for the whole detector, it can be observed in table 2.5 that the chips always drift in the
same direction and there is no correlation between runs for the same chip. Since the signs of the
chip and detector-wide values are always equal, it is expected that the underlying cause of the drift
is some combination of detector electronics variation and the x-ray tube current variation.

Table 2.5: The chip-wide drift rates for all runs over the entire measurement time. Note
that run one only lasted 82 seconds. The values are displayed to two decimal places.

Drift rates (%/hr)
Run Chip 0 Chip 1 Chip 2 Chip 3
1 0.00 0.00 0.00 0.00
2 0.12 0.17 0.20 0.99
3 0.01 0.01 0.01 0.01
4 -0.05 -0.13 -0.03 -0.09

All of the underlying plots for table 2.5 look very similar to 2.10 and so are not included, except
the following in figure 2.11.

Figure 2.11 shows the outlier, which is run two, chip zero. In this figure, it is observed that there
is a square wave with a seemingly random period and similar amplitude overlaying the signal. This
is referred to as Random Telegraphic Noise (RTN), Random Telegraphic Signal (RTS) or burst
noise’. RTN is a noise source which randomly jumps between two or more discrete levels and is
found increasingly more in Si transistors as they shrink in size. It is most commonly caused by
charge trapping and liberation events at the Si/gate insulator interface; this is a quantum process,
hence the discrete nature of the signal jumping.

An investigation by the chip designers at CERNdetermined that ‘the origin of all of these prob-
lemswas found to be related to degradation of the integrity of the thin gate oxide during fabrication
resulting from an absence of tie-down diodes at Metal-1 on the analog matched pairs. In fact, the
layout was fully consistent with the antenna design rules provided by the foundry but did not fol-
low a recommendation related to tie downs formatched pairs. This effect became visible due to the
downscaling of the gate oxide thickness from∼5 nm (for Medipix2 and Timepix) to∼2 nm and
also the large number of pixels in the chip.’ (41).
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Figure 2.11: The upper plot shows how the average counts per frame for chip zero for run
two data is relatively stable over time in absolute terms. The run numbers can be found in
table 2.3. The lower plot is a 2D histogram of the same data as the upper plot, the y axis
is zoomed into the data range. There is a straight line fit in blue showing the long term
drift of 2.66 counts/hour and 0.117 %/hour. Each bin contains a number of points in
both axes, this number is shown using colour in the lower plot and the colour bar in the
lower right. Zooming into a one minute time window, we see the underlying data in the
highlighted green rectangle between 1 and 1.5 hours. RTN (Random Telegraphic Noise)
is visible here. It manifests itself as the sudden increases and decreases in the y axis.
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Finally, we discuss the behaviour of individual pixels.
Pixels are observed to be behaving differently to the chips or the detector as a whole. As seen in

table 2.6, four arbitrarily selected neighbouring pixels in chip zero have both positive and negative
drift rates. The magnitude of the variation also varies significantly more than at chip or detector
level.

Table 2.6: The drift rates for all pixels for all runs. σ is the standard deviation of the drift
distribution.

Pixel drift rates (%/hr)
Run Mean (%/hour) 3σ (%/hour)
1 -2.79 219.5
2 0.14 2.3
3 0.01 0.1
4 -0.09 35.3

For example in run two, the absolute ratio of the least tomost stable pixel drift rates is |−2.32
0.0626 | =

37.1. Evidently, some pixels are significantly more stable than others when subject to the same
irradiation.

The stability variation over time can also be seen between runs in table 2.6. The variation be-
tween runs for the same pixels is mostly within the same order of magnitude, but not always. Run
1 had 90 pixels beyond the mean±3σ range, these significantly increase the standard deviation of
the distribution to 219.5 %/hour. The cross pixels have slightly lower drift rates for run 2. Run 3
had high drift rates for central pixels, negative drift for the other cross pixels and elevated drift of
neighbouring to cross pixels. Finally, run 4 had very low drift rates for some central pixels.

For example, the drift rates per pixel and the accompanying histogram are shown for run two in
figure 2.12. The plots for the other runs are included in appendix B.

No obvious correlation between pixels was observed and the drift rates of individual pixels were
approximately normally distributed. These data-sets show that the mean drift rate decreases as the
measurement duration increases. This is consistent with the random walk hypothesis. Further
detailed studies would be required to make an attempt to isolate the exact causes of the observed
variations and make further conclusions.

In this analysis, the determined drift rate was effectively the mean drift rate. This is due to the
simple linear regression used which uses all data points, clearly it is not a good fit to the data. RTN
introduces significant short-term variation in the count rate for what is assumed to be a constant
input. Themore relevantmetric may be the drift rate over a typical single measurement time or col-
lection of measurements. For microCT (micro Computed Tomography) scans, a single projection
is typically between one second and one minute with approximately as many projections as pixels
(> 256 projections); resulting in a total scan time of between 10 minutes and 10 hours.
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(a) A 2D visualisation of the mean pixel drift rates in %/hour. Note the
slightly lower drift rates in the ‘cross’ pixels. Green indicates dead pixels.

(b) The distribution of mean pixel drifts as a histogram with the mean plus/minus three
standard deviations marked with the red vertical lines. Note the log scale on the y axis.

Figure 2.12: The mean drift rates of all pixels for run two in %/hour.
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Qualitatively, the conclusion is that the optimummeasurement time & the drift rates limit the
maximum accuracy. It is possible to determine the optimummeasurement time using a very simple
protocol for each individual experimental setup. This protocol simply involves measuring many
frames in the same conditions and similar measurement times as the specific experimental setup
demands. If a shorter measurement time is required, the maximum achievable precision decreases
for a fixed count rate. The maximum achievable precision for a given measurement time can be
quantified with this approach. This directly translates into what the system can resolve and thus
the system can be optimised given the trade-off between time, particle flux and required precision.

Analysis 2/2 - statistics and measurements

The second part of the analysis approaches system stability from a different angle where the stability
per pixel is characterised.

This is a statistical analysis supported by three data-sets. The threemeasurements were taken on
different days using typical microCT conditions in the Nikhef cabinet. Unless otherwise specified,
the data-set used is from 4 November 2021. The same equalisation and configuration was used as
for the rest of this thesis.

The relevant parameters were:

• Number of frames = 40,000;

• Number of thresholds recorded = 8;

• Number of images = 40,000× 8 = 320,000;

• Image type = 16 bit unsigned integer, TIFF (Tagged Image File Format) file;

• Data-set size = 42.0 Gb;

• Threshold mean energies, from threshold zero to seven = 5.0, 9.0, 10.5, 13.2, 16.1, 19.0,
22.0, 24.0 keV;

• Shutter open time = 88.4 ms;

• Shutter closed time (readout time) = 1.6 ms;

• Total measurement time = 1 hour;

• Tube peak voltage = 30 kV;

• Tube current = 200 µA;

• Source to detector distance = 385± 5 mm;

• Detector = Medipix3 110 µm pixel pitch, 500 µm silicon sensor biased to +150 V, leakage
current≃ 1—10 µA.

The following analysis uses a one hour measurement - typical microCTmeasurement time.
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The difference between two consecutive frames of a set of pixels with approximately the same
count rate, should be zero on average. The difference between two consecutive frames is now re-
ferred to as a ‘delta frame’. The standard deviation of a delta frame, σfn−fn−1 , should be the quadratic
sum of the standard deviation of the two frames, equation 2.6, where N is the number of counts.

σfn−fn−1 =
√

σ2frame_n + σ2frame_n−1 =
√
2N (2.6)

This is illustrated in the lower half of figure 2.13. The mean is very close to zero at -0.58 counts.
The expected value for the standard deviation in this case is:

√
2183.894+ 2183.313 = 66.08

counts.
Themeasured value is slightly lower at 65.1 counts as also seen in figure 2.14. This indicates that

there is a correlation between counts which means that the counting rate is slightly too high. This
is very close to the expected value.
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Figure 2.13: Two histograms, the upper subplot is the histogram of the count values of
the first frame. The lower subplot is the standard deviation of the first delta frame, the
first frame (f0) minus the second frame (f1). The mean and standard deviation values are
shown in the legend for both subplots. Due to variations in pixel gains, pixel offsets and
systematic offsets between the four chips, the upper subplot is not expected to be normally
distributed. Therefore the standard deviation of the upper plot should not be equal to the
square root of the mean.
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A distribution width more than
√
2N indicates an uncertainty in addition to photon counting

fluctuations; this is effectively the sum of all non-photon counting statistics. A width of less than√
2N indicates a correlation between photon counts which is likely due to using a count rate that

is too high (pile-up effects), this is observed in figure 2.14.

Figure 2.14: The standard deviation of delta frames over time. Themean value of the data
is slightly less than the expected value (

√
2N of f0, where f0 = 2183.89 counts) indicated

by the horizontal solid blue line at 66.08 counts.

For the sake of reasoning we assume all pixels in consideration to have the same mean number
of countsN, unless otherwise noted. The standard deviation of a delta frame is:

σfn−fn−1 =
√
2N+ σ2others (2.7)
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σothers is the extra uncertainty from all non-photon counting related sources. Of course this is
ideally zero, however in reality this is not the case as seen in figure 2.15. The relative uncertainty
including both photon counting and all other sources uncertainties will be characterised:

σ
N

=

√
2N+ σ2others

N
(2.8)

Figure 2.15: The standard deviation of the difference to the first frame, σ(fn − f0),
is shown on the top. This is the photon counting statistics combined with all other
contributions. The standard deviation of the difference with the first frame, σothers =√
σ(fn − f0)2 −

√
2N, is shown on the bottom. This is just non-photon counting con-

tributions.

Figure 2.16 shows the fit parameters in the upper half and the fit residuals in the lower half.
The fit residuals indicate how the model appears to fit the data well because the slope (a) and the
intercept (b) parameters are very close to zero. The first bin in time is consistently lower than the
fit would suggest, given that this feature is observed over multiple data-sets, this likely indicates a
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deficiency in the fit model and not RTN.

Figure 2.16: The standard deviation of the differences to the first frame minus photon
counting statistics contribution with a fitted function with the form of a

√
t + bt + c on

top. The residuals are plotted below.

As stated in equation 2.7, the standard deviation of a delta frame is:

σfn−fn−1 =
√
2N+ σ2others

There appears to be no knowledge about the underlyingmechanisms of pixel drifting behaviour.
It happens that for different data-sets with significantly varying timescales, frame rates and count
rates, this equationwas found to fit relativelywell for all cases. Further studies are required to under-
stand the mechanisms and optimise the model. This is a first approach to quantify the additional
uncertainty on top of photon counting statistics.

It is therefore hypothesised that based on the behaviour of σothers in figures 2.15 and 2.16, the
model in equation 2.9 is a reasonable approximation; where a, b and c are fit parameters and t is
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time.
σothers =

√
σ2total − 2N ≃ a

√
t+ bt+ c (2.9)

At this point, one may wonder about the physical meaning of these fit parameters (a, b& c). It
was expected that σothers would vary due to a random walk type effect. Therefore it should scale
with the square root of time and indeed we see that there is a a

√
t term. It was also expected that

there might be a linear drift component which is encapsulated by the second parameter, b. This
covers the bt term. The final parameter, c, would ideally pass through the coordinates (0, 0) because
at t = 0, the drift should also be precisely 0. All data-sets indicate that a small offset is actually
present - there is a relatively sharper rise in σothers in the first bin consistently. Without this offset,
the predicted value of σothers at t = 0 would be too high consistently.

We do not have detailed knowledge of the implementation and exact manufacturing process
used to fabricate theseMedipix3 chips. Therefore, we also lack the knowledge regarding the under-
lying cause of the drifting observed. The exclusive aims of this analysis were to reliably quantify
these effects and to optimise the acquisition protocol. Fixing the drift problem would require sig-
nificant attention from the chip designers and semiconductor fabrication plant staff; it is therefore
out of scope of this work. This drift behaviour is not expected to be the same withMedipix4.

As a side note, the SNR and change in SNR over time for all pixels as plotted in figure 2.17.
Firstly, it shows yet another example ofRTN.More importantly though, it can be observed that the
change in SNR between adjacent frames over time is relatively stable and flat over one hour. The
horizontal lines plotted are the mean =−2.8 × 10−5 ± 3σ where 3σ = 0.614. This is consistent
with figure 2.15.
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Figure 2.17: The SNR (signal to noise ratio) and the change in SNR for all pixels over a
one hourmeasurement. The blue horizontal line is the straight line fit with the two param-
eters (a and b) listed in the legend. The two red horizontal lines are the mean value±3σ to
indicate the small number of points outside that range. Note the logarithmic colour scale.
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2.6.5 Summary

In summary, this is not a perfectly stable system and is therefore not only limited by photon count-
ing statistics. This system instability is quantified at system, chip and pixel levels. Therefore, there
are optimum measurement times which will depend on count rate and drift rate. The count rate
can be varied with tube current settings, the distance from source to detector and filters.

Part one discusses the breakdown of the drift rate analysis to the three logical components (de-
tector, chips and pixels), resulting in a more complete picture. While the detector as a whole may
drift, the individual chips also drift in the same direction by similar amounts. The chips do some-
times show RTNwhich affects the short term variations greatly but not the longer term drift rates
so much. The pixels have significant variations in drift rates and are also affected by RTN. Since
both single pixels and chips are affected by RTN, there is evidence that RTN likely has two causes
in Medipix3, this is consistent with Ballabriga et al. (41).

Moving onto part two, the photon counting drift contributions are shown to be dominant for
the count rates we work with. The non photon counting drift contributions in figure 2.16 only
contribute to less than three counts over one hour. Given that we typically have a flux between 1—
100 kHz per pixel, the non photon counting drift is six to eight orders ofmagnitude lower than our
typical flux. For a low flux, precision measurement, this presents a lower achievable relative error.
MicroCTmeasurements are relatively very high flux and are limited by photon counting statistics,
not pixel drift.

The minimum relative error is limited by the drift rates and their associated uncertainties. This
property is shared between photon counting detectors. In astronomy for example, where the goal is
often tomeasure the faintest objects, the measurement time can be extended tomatch the required
sensitivity level partly because they are able to achieve very high system stability.
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If something can go wrong, it will.

Sod’s law

3
Protons and heavy ions

This chapter explores the possibility of usingMedipix3 within hadron therapy and involves signifi-
cant collaboration with colleagues.

A relatedwork not included in this thesis was submitted for the proceedings of the International
Particle Accelerator Conference (IPAC) 2021. The title was ‘Tracking and LET Measurements
with the MiniPIX-TimePIX Detector for 60 MeV Clinical Protons’. It was included in Jacinta
Yap’s PhD thesis (42). We measured the LET (linear energy transfer) of 60 MeV protons using a
Timepix based detector at several angles. LET distributions have been challenging tomeasure until
now due to detector limitations. These LET distributions are useful for hadron therapy treatment
planning and formodelling radiobiological effects (43). Ideally these distributionswould have been
measured in water or water equivalent material instead of silicon. These distributions could be
integrated into Monte Carlo frameworks used for treatment planning such as FLUKA (44; 45).
My contributions included data analysis, experimental planning and execution, interpretation of
data, data acquisition and detector operation.

3.1 Ion identification and the volcano effect atHIMAC, Japan

This section determines the upper limit in terms of energy per particle that could bemeasured, John
Idarraga did the measurements and I produced the text and figures.

TheMedipix3 chip has been tested in a highly ionising environment with protons, 4-He, 40-Ar
and 58-Fe at HIMAC (Heavy IonMedical Accelerator in Chiba, Japan) (46) in collaboration with
Dr John Idarrága-Muñoz. A silicon sensor was used with a thickness of 500 µm, bump bonded to
four Medipix3 chips. An overview of the particle species and energies and other relevant informa-
tion can be found in table 3.1.
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Table 3.1: Quantities involving the particle species and their respective energies and LET
(linear energy transfer)

Particle Proton Helium Argon Iron
Nucleon number, A (nucleons) 1 4 40 56
Energy per nucleon, E (MeV/A) 100 100 650 250
Linear Energy Transfer, LET (MeV/µm) 0.0012 0.0053 0.1466 0.492
LET in 500 µm Si (MeV) 0.6 2.65 73.3 246

In these measurements, the amount of energy deposited in a single 55 × 55µm pixel can go
up to 10 MeV (corresponding to 2.76 × 106 electrons in silicon), this is more than four orders
of magnitude above the minimum detection energy in Si of 4 keV (approximately 1100 electrons).
The so-called ‘volcano effect’ (47; 48) is observed in the Medipix3 chip as in other Medipix detec-
tors at approximately 7 MeV. This finding informs chip designers and users of the upper limit of
the amount of energy which can be deposited in the Medipix3 front-end before encountering the
‘volcano effect’.

Single particle counting detectors are intended to count once per particle. For the radiation
species and energies that this is designed for, that is mostly accurate. However, since this is using
relatively high energy protons and heavy ions, this assumption breaks down. This is because the
energy deposition of 100 MeV scale protons is three orders of magnitude higher than keV x-ray
photons. With such a high input charge, the pixel front-end electronics are far out of design speci-
fication and do not produce an accurate output. It is hypothesised that this effect is due to under-
damped oscillations in the front-end electronics which produce multiple counts where only one
should have been registered*.

The ‘volcano effect’ refers to the phenomenon that occurs in an image where the input charge is
high enough to cause an artefact. This can be observed when looking at a cross section of a group
of pixels that detected the charge cloud. The number of counts steadily rises until they peak, then
subsequently rapidly falls to zero (or near zero) and then rises up to the previous peak and steadily
decreases to zero; see figure 3.1.

*This was discussed with chip designers, mainly Rafael Ballabriga-Suñé
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Figure 3.1: Example profile of the volcano effect.

This effect places the upper practical limit on the maximum LET (linear energy transfer) par-
ticles that can be used with the Medipix3 chip in the current configuration and without any com-
pensation for this effect, which constrains the possible applications. Attempts to compensate for
this effect have been made (47). Within design parameters, the charge collected in a given pixel is
linearly proportional to the output of the front-end of that pixel within approximately five percent.
There is an upper limit to this linearity which is far beyond the design specification. Above this
limit, the front-end response of the chip is very non-linear, it suddenly drops to zero or near zero
output.

This does not mean quantitative measurements are not possible, one could use Medipix3 for
heavy ion measurements even though the chip is operating far beyond nominal design conditions.
More measurements would be necessary to investigate the stability of these responses and how
counts are related to the amount of deposited charge or energy. The focus here is the usability
for ion identification measurements.

Table 3.2 shows single particle hits with 100 MeV protons, 100 MeV/AHe-4 ions, 650 MeV/A
Ar-40 ions and 250 MeV/A Fe-56 ions at 90, 45 and 10 degrees between the beam and and the
detector plane. Note the non-constant scaling of the images; each pixel is a square. The scale of
each subplot varies significantly between the 100 MeV proton at zero degrees (top left) and 250
MeV/A Fe-56 ions (bottom right); the top left is only showing a cluster of nine pixels whereas the
bottom right is showing more than 200 pixels.
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3.2. BEAM PROFILEMEASUREMENTS ATCLATTERBRIDGECANCER
CENTRE -WIRRALNHS (NATIONALHEALTH SERVICE), UK

The volcano effect is observed starting at Ar-40 ions. The related Timepix (49) family of chips
observe the same effect at a similar LET of 2.2 MeV (50). This is unexpected because Timepix
chips are very different to Medipix, even though they have been designed by the same team using
the same techniques and processes. The volcano effect is not observed for light ions and protons.
Charge sharing proportional to the deposited charge between pixels is observed as expected.

These data were measured during the same beam-time as a complementary study into heavy ion
spectroscopy using Timepix3 which found that the volcano effect was observed at around 500 keV
for Timepix3 (51).

These measurements show the upper limit of LET that Medipix3 can handle without post-
measurement compensation. Additionally, it shows that one could useMedipix3 for ion identifica-
tion through analysing the various cluster properties. This has been done for Timepix previously
for NASA (National Aeronautics and Space Administration) on the ISS (International Space Sta-
tion) (17; 19; 52).

3.2 BeamprofilemeasurementsatClatterbridgeCancerCentre -Wirral
NHS (National Health Service), UK

The beam profile measurements at Clatterbridge Cancer Centre demonstrate the first use of the
Medipix3detectorusing a clinical proton therapy cyclotron. JacintaYap and Ihad an approximately
equal contribution towards this section. I contributed all Medipix3 content, Jacinta contributed
all of the EBT3 film content and Andrzej Kacperek with his team at the CCC facilitated this work
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: Charged particle therapy (CPT) is an advanced modality of radiation therapy which has
grown rapidly worldwide, driven by recent developments in technology and methods of delivery.
To ensure safe and high quality treatments, various instruments are used for a range of different
measurements such as for quality assurance, monitoring and dosimetry purposes. With the emergence
of new and enhanced delivery techniques, systems with improved capabilities are needed to exceed
existing performance limitations of conventional tools. The Medipix3 is a hybrid pixel detector
able to count individual protons with millisecond time resolution at clinical flux with near instant
readout and count rate linearity. The system has previously demonstrated use in medical and
other applications, showing wide versatility and potential for particle therapy. In this work we
present measurements of the Medipix3 detector in the 60 MeV ocular proton therapy beamline at the
Clatterbridge Cancer Centre, U.K. The beam current and lateral beam profiles were evaluated at
multiple positions in the treatment line and compared with EBT3 Gafchromic film. The recorded
count rate linearity and temporal analysis of the beam structure was measured with Medipix3 across
the full range of available beam intensities, up to 3.12 × 1010 protons/s. We explore the capacity of
Medipix3 to provide non-reference measurements and its applicability as a tool for dosimetry and
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beam monitoring for CPT. This is the first known time the performance of the Medipix3 detector
technology has been tested within a clinical, high proton flux environment.

 Hybrid detectors; Instrumentation for hadron therapy; Instrumentation for particle-beam
therapy; Beam-line instrumentation (beam position and profile monitors, beam-intensity monitors,
bunch length monitors)
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1 Introduction

The use of particle beams for radiotherapy is expanding worldwide, led by developments in related
technologies, growing clinical practice and reported improvements in treatment outcomes. The
physical advantages offered by ions as demonstrated by the characteristic ‘Bragg Peak’, translate to
a higher possibility of delivering a more precise amount of radiation with greater radiobiological
effectiveness. The exploitation of these benefits have progressed significantly in recent years:
advanced delivery techniques and modalities such as proton beam therapy (PBT) are well established.

To ensure the safe and effective delivery of charged particle therapy, it is essential that the
characteristics of the beam are accurately and reliably measured. Various systems are used for
different measurements for beam monitoring, quality assurance as well as dosimetry under reference
or non-reference conditions. Procedures may vary across facilities as they depend on accelerator
type, delivery method, vendor, regulations and other parameters. Dosimetry practices are well
defined as the determination of dose must be precise and reproducible. The recommended protocol
for absolute, relative, reference and non-reference measurements adopted for CPT are detailed in
reports [1, 2]; the general standards for existing detectors are discussed extensively in literature and
summarised in [3–7]. Each detector has certain advantages and disadvantages given the measurement
application and no single tool can characterise all the necessary beam parameters: multiple detectors
for different measurements are required in the workflow. For dosimetry and beam monitoring,
the fundamental technology of conventional tools have remained relatively unchanged for the past
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10–20 years [6]. In contrast, limitations are becoming more pronounced as new techniques are
emerging, particularly with the evolution of accelerators and the shift to higher ‘FLASH’ dose
rates [8, 9]. These performance requirements surpass current instruments [10], driving research and
development into detector systems with improved capabilities.

Silicon based detectors have been utilised mainly due to their high spatial resolution and
sensitivity but the typically used diodes and commercially available systems exhibit issues with
energy dependence and a poor response at higher dose rates, along with other disadvantages [11].
Nevertheless, there are many recognised beneficial properties and solid state devices have been
widely investigated, resulting in developments into several novel instruments [12–16] for a range
of applications in radiotherapy. Similarly, the use of hybrid pixel detectors has demonstrated great
versatility and has been successfully applied for a broad range of areas such as astrophysics, dosimetry,
electron microscopy, life sciences, etc. The Medipix detector technology was originally developed
for particle tracking at the LHC and then used for radiation imaging and x-ray detection [17]. The
newer generations have further progressed its specific use for medical applications and suitability for
CPT [18, 19].

The Medipix3 is a hybrid pixel detector which comprises a single quantum counting chip and a
SPIDR (Speedy PIxel Detector Readout) readout system, enabling direct measurements by individual
particle counting with relatively high count rate and good radiation hardness [20]. The chip is
capable of high flux operation, thus making it appropriate for the characterisation and measurement
of ion beams. In this paper we present test results of the system within a clinical PBT environment
for the first time, to examine the potential and applicability of the Medipix3 detector as a tool for
dosimetry and monitoring for CPT beams.

2 Materials and methods

Measurements were performed with the 60 MeV clinical proton therapy beam at the Clatterbridge
Cancer Centre (CCC), U.K. The Medipix3 system was placed at three different locations in the
treatment beamline and irradiated simultaneously with GAFchromicTM EBT3 film [21] using
beam currents ranging from 0.012–1.97 nA. The transverse beam profiles obtained with film were
determined and compared with the hit distribution recorded by the detector. The average count rate
for each run was also examined to determine the count rate linearity of the response of the detector.

2.1 Clatterbridge proton beam

The Clatterbridge facility is the world’s first hospital based particle therapy centre and has been
successfully treating patients for ocular cancers since 1989 [22]. The accelerator and beamline was
originally built and commissioned for fast neutron therapy trials but was converted shortly after into
a proton therapy service, specifically for the treatment of eye tumours. Given its pioneering and
historical operation, many of the treatment line components and quality assurance (QA) equipment
were constructed in-house. Several modifications to the accelerator and transport line were necessary
and performed over time, resulting in differences to characteristics and properties of the beam
reported initially at commissioning. The current state of the facility has been studied in detail in [23],
general characteristics and treatment beam parameters are mentioned; for this study, dose rates below
and within the clinical range were used.
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As the facility operates a busy patient schedule, the delivery system is optimised and designed
in such a way to consistently deliver a beam constrained by clinical requirements. Basic beam
measurements and dose monitoring are performed within the treatment beamline itself: the integrated
charge is provided by the electrometer attached to the second scattering foil, a pair of ionisation
chamber dose monitors (F) give the converted dose in monitor units and a set of tungsten cross-
wires (G) are used for patient positioning (imaged with x-ray panels). An X-Y diode scanner (not
shown), placed after the treatment nozzle, is used to check the dose uniformity in both directions
in the transverse plane before each treatment fraction. As shown below in figure 1, a resulting
conformal dose distribution is delivered by several beam shaping elements in the passive scattering
system: (A) two tungsten foils and a brass stopper moderate the shape and fluence of the beam, (B &
C) range shifters vary the depth, (E) multiple beamline anti-scatter collimators restrict the transverse
spread and a patient specific collimator constructed to match the tumour shape in the axial direction,
can be placed within the (H) brass treatment nozzle.

Figure 1. Schematic of the CCC treatment beamline with diagnostic components (electrometer, dose monitors
and cross-wires) and delivery elements (A-H; scattering foils, modulators, nozzle etc.) labelled.

The CCC treatment line provides unique clinical conditions which are not common by modern
standards; the passive delivery system as well as resulting uncertainties associated with the beam
parameters and quality presented both a challenging and promising environment for testing with
the Medipix3 system. In addition, these measurements also provide further information about the
behaviour and parameters of the Clatterbridge beam. It is noted that there are ongoing experiments
and simulation studies being performed on the beamline [24–26]. Information on the transverse beam
profiles, beam divergence and lateral spread are also useful for model verification and validation.

2.2 Medipix3 detector

The Medipix3 is a versatile and fast hybrid pixel application specific integrated circuit (ASIC).
Among its features are configurable pixel pitch between 55 μm and 110 μm, relatively high count
rates of up to ∼ 100 kHz per pixel (∼ 6.5 GHz over one chip if evenly distributed) and it can use
many different sensor types of various thicknesses. Common sensor options include high-resistivity
silicon (Si), gallium arsenide (GaAs), cadmium telluride (CdTe), CVD (chemical vapor deposition)
diamond and even certain gases.

As illustrated in figure 2, when a 60 MeV proton impinges on the sensor and travels through the
sensor bulk, it produces many electron-hole pairs by electronic and nuclear interactions where the
mean rate of energy loss is described by the Bethe-Bloch equation. The generated electron-hole
pairs drift to the front and back-side of the sensor due to an applied electric field. The moving
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Figure 2. An overview of a hybrid pixel detector when a high energy proton enters the sensor bulk and
transfers energy mainly by ionising sensor atoms producing electron-hole pairs which drift to the cathode and
anode depending on the polarity of the induced electric field.

charge induces a current (Shockley-Ramo theorem) through the pixel implants (collection electrodes)
which are reverse biased, depleted p-n junctions. This starts the pulse processing chain within
one pixel. The measured charge is proportional to the energy deposition of the particle. Since
the mean range of a 60 MeV proton in Si is CSDA range

�𝑆𝑖
=

3.94 g/cm2

2.33 g/cm3 = 16.93 mm and the detector is
500 μm thick, the Bragg peak does not occur within the silicon bulk of the detector if the detector is
perpendicular to the beam. If the detector is positioned parallel to the beam, the Bragg peak for
60 MeV protons would then be within the width of the detector; the feasibility to perform depth-dose
profile measurements also presents a further avenue to explore in future.

Nevertheless, at this proton energy, it is likely that the deposited charge will be collected by
more than one pixel. This effect is called ‘charge sharing’ [28]. It results in the detector counting an
average of more than once per 60 MeV proton. A detector mode exists to address charge sharing
called the ‘charge summing mode’ which sums the collected charge over an arbitrary 2 × 2 pixel
grid. The penalty is a reduction of approximately one order of magnitude in count rate along with
double the electronic noise.

In addition to simple geometric effects, it is likely that the charge cloud generated by the protons
will also not be centred on the pixels and therefore cause an increased count in comparison to the
number of protons which actually pass through the sensor. Charge summing mode was not used in
this work due to the significant count rate penalty.

CSDA proton range in Si is from the PSTAR database, NIST [27].
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A detailed description of the Medipix3 chip can be found in [20]. For this study, the ASIC
was bump-bonded to a 500 μm silicon sensor with a pixel pitch of 55 μm. This detector is made of
four 55 × 55 μm2 chips in a 2 × 2 arrangement, where each chip consists of 256 × 256 = 65,536
pixels. Therefore with 4 chips, the total number of square pixels is 262,144 and the active area
covers 28 × 28 mm2.

These measurements were performed with a Medipix3 based detector using a SPIDR readout
system [29, 30] from Nikhef, with the experimental layout as shown in figure 4. The detector was
biased with +100 V and configured to collect holes. The sensitive area of the detector was held in an
aluminium cooling block and connected to the readout system by fibre cables. A small assembly
was designed to securely hold a piece of film 3.5 cm in front of and parallel to the sensor and was
clamped onto the edges of the block (figure 3).

Figure 3. Medipix3 chipboard affixed to an aluminium cooling block with the red SPIDR readout system
behind. The 10 GBit/s fibre cable takes the data from the detector to the readout computer and a power cable
is also attached to the SPIDR (not in view).

2.3 Experimental setup

The Medipix3 detector was placed at three locations throughout the treatment beamline and irradiated
under varying beam conditions (table 1). In the integration zone, downstream of the scattering foils
and modulation box (aluminium drift pipe removed) and two positions downstream of the treatment
nozzle. Sections of EBT3 Gafchromic film were also positioned in front of the detector (figure 4)
and irradiated simultaneously for direct comparison.

Prior to the experiment, the estimated dose and fluence were calculated to determine the range of
measurements and expected number of registered events. The Medipix3 chip can tolerate relatively
high amounts of radiation (still functional after irradiation by 1 MeV neutron equivalent fluence of
5 × 1014 cm−2 [31]) and hence was also situated in the beginning of the integration zone. At this
position, the beam FWHM was determined to be smaller than the sensor sensitive area however
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Figure 4. Experimental setup with measurements performed at three different locations (1.8 cm in the
integration zone, 6 cm and 26.5 cm after the treatment nozzle) with the Medipix3 detector and EBT3 film
simultaneously. A clamp assembly holds the film 3.5 cm directly upstream of the detector face.

Table 1. Overview measurement parameters of detector position, acquisition time and beam currents.

Run (#) Beam current (nA) Time (s) Distance from nozzle (cm)
2 0.012 97.2 9.5
3 0.052 99.8 9.5
4 0.35 49.8 9.5
5 0.69 44.9 9.5
6 0.27 32.6 9.5
7 0.27 29.5 30.0
8 1.35 75.0 30.0
9 1.35 68.9 9.5
10 1.97 66.4 9.5
11 0 9.0 9.5
14 2.2 103.0 Integration zone
15 2.1 285.3 Integration zone

diverges significantly along the beamline. A 20 mm collimator was placed within the treatment
nozzle for the downstream measurements, to ensure complete beam coverage across the sensor.

A minimum stable beam current of 0.012 nA was attained on the day and then ramped up to
higher currents for subsequent measurements. This is measured by the electrometer connected to the
second scattering foil and is listed in table 1 for each run for consistency: the dose monitors could
not provide readings whilst the detector was placed within the integration zone. The foil currents
have a linear relationship with the ion chamber monitor units.
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2.4 EBT3 film

EBT3 GAFchromic film is a standard radiochromic film dosimeter commonly used for quality
assurance in radiation therapy to analyse the geometrical beam characteristics (i.e. uniformity, shape
and size) and measure the 2D or 3D dose distribution [32, 33]. For patient specific or machine
verification, it is essential to be able to perform checks with high accuracy and reliability, prior
to delivering a course of treatment. In proton beam therapy, the use of Gafchromic EBT3 for
film dosimetry to determine beam performance and quality is well established [34–36]. EBT3
Gafchromic film is made of a 28 μm layer of Lucite, enclosed by 125 μm of polyester substrate on
each side (figure 5).

Figure 5. Sketch of the composite layers in EBT3 film, a 28 μm active region is surrounded by two thicker
substrate layers.

Exposure to ionising radiation results in polymerisation of free radicals within the active layer,
inducing the film to darken [37]. EBT3 self develops and the dark colouring or optical density
(OD) is proportional to the extent of irradiation, increasing with absorbed dose. The geometrical
beam distribution is provided as a function of the dose, evaluated by converting the grey value
of each pixel to an OD value. The high spatial resolution and low energy dependence enables
measurements of the transverse dose profiles. However, the use of EBT3 film in CPT is limited
due to significant quenching effects and saturation at points of high linear energy transfer, such
as at the Bragg peak [32, 38]. These effects were not experienced as these were transmission
measurements. It is also noted that there are multiple considerations and associated sources of
uncertainties [39]. Calibration measurements must be performed under specific conditions: there
are established methods and standard protocol for the OD to dose conversion process as widely
reported in literature [32, 35, 40, 41]. These measurements were carried out in accordance with
these methods; the OD value for each pixel results in a corresponding dose (Gy) and is determined by
establishing a correlation with known quantities of radiation. This is done by exposing a calibration
set of film (figure 6) to well defined quantities of radiation under standard conditions, with reference
to the dose measured by the ion chambers.

The calibration set of film was placed downstream of the nozzle and irradiated individually with
doses ranging from 4–25 Gy to generate a calibration curve. For the film attached to the detector
system (figure 4), a single piece was cut into several equivalent segments and labelled to ensure that
the direction and orientation remained consistent. Following complete development (> 24 hours),
the irradiated film pieces were scanned using an EPSON 750 scanner and saved as 48-bit TIFF (Tag
Image File Format) images with no colour corrections at 150 dots per inch (DPI). All film analysis

– 7 –

3



2
0
2
1
 
J
I
N
S
T
 
1
6
 
T
1
1
0
0
1

Figure 6. Calibration set of film irradiation with 4–25 Gy.

was done using the image processing software ImageJ [42]. A circular region of interest (ROI) was
selected such that it was encased inside each beam spot and duplicated for each film. ImageJ was
used to generate the ROI intensity metrics for each colour channel to obtain a calibration curve,
providing a correlation between the OD and dose.

2.5 Film calibration and image analysis

The calibration curve is obtained by evaluating the net OD values [41] across the full dose range,
where the film response to the measured dose is expressed as the difference between transmission
intensities:

net �� = ��exp −��unexp = log10


�unexp − �bckg

�exp − �bckg


, (2.1)

where exp refers to whether the film was irradiated (unexp, unexposed) and bckg is the zero-light
transmission quantity. This is the pixel value related to the white light value of the scanner used.
� is the respective intensity value and is taken across each colour channel (red, green, blue). The
uncertainties and possible errors can be calculated as similarly found in [41], where:

�net OD =
1

ln(10)


�2

unexp + �2
bckg

�unexp − �bckg
2 +

�2
exp + �2

bckg
�exp − �bckg

2


. (2.2)

The net OD values are plotted against the corresponding irradiated doses to determine the
response curve as shown in figure 7. A calibration curve for each colour channel is obtained and
given standard protocol, only the red channel is considered for this case. A curve fit was applied
which enables the grey values from the irradiated films to be converted to dose and plotted against
position to obtain the transverse beam distributions. Several scripts were developed in Matlab to
automate this conversion process which are documented and accessible from [43].

The Medipix3 images were obtained by integrating the counts over all frames for each run and
also evaluated using ImageJ. Minor artefacts in the central and cross pixels are observed from the
interface between the four chips resulting in a larger than average effective pixel size for the cross
pixels. Changes for the different grey value range and conversion of pixel size to mm were also
made. Minimal post-processing was performed for the Medipix3 data, outlying pixels (noisy and
dead) were interpolated from neighbouring pixels, the images summed and then a Gaussian blur of
sigma equal to 1 pixel is applied in order to reduce pixel-to-pixel gain variations. The pixel values
correspond to the number of times a pixel received charge above a low threshold of 5 keV. Due to
charge sharing over multiple pixels, each proton produces more than one count on average.
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Figure 7. Calibration curve for conversion of net OD (optical density) to dose (Gy).

For simplicity, we directly converted the counts to dose by scaling the pixel values to the
calibrated film values in Gy by radial distance across the transverse plane, for each section irradiated
at the same experimental location as the detector face. This preserves the linearity of the grey values
as the grey pixel intensities correspond to numbers of hits and also correlate the magnitude of hits to
a determined quantity: dose. These were scaled to the dose measured by the film and not directly
calculated from counts or the resolved beam current recorded by Medipix3 due to the uncertainties
with the electrometer. These were further perturbed by beam instabilities, particularly at the low
currents during moments where there was a complete loss of beam. This was presumed to be caused
by a dropout in the RF supplied to either one of the ‘dees’ of the cyclotron, resulting in a loss of the
accelerating field between the two electrodes and therefore a disruption to the beam. Additionally,
this may be related to the deflector which has deteriorated with use or from changes to the ion source
when the facility concluded neutron therapy trials and was repurposed as a proton therapy clinic [23].
Maintenance cleaning of the cyclotron tank can also influence beam operation, resulting in changes
to the beam characteristics.

2.6 Detector activation & temporal analysis

Activation is the process whereby incident particles transfer energy to target materials via nuclear
interactions which results in a different nuclear energy state to before the interaction. These new
nuclear states are typically unstable and go on to transition to a lower energy state by emitting energy
in the form of gamma photons or can even fission into multiple fragments.

During irradiation with protons and heavy ions, any detector will become activated to some
extent. Depending on the detector technology, flux and radiation type, this can result in radiation
damage to the detector. This could be observed as variations in gain or noise baselines or the number
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of unresponsive pixels. It may be possible for the detector to partially or fully recover from such
changes with software compensation, by simply leaving the detector for a long time, annealing the
sensor material at a higher temperature or other hardware level interventions.

The mean count rates for each run and between successive runs were calculated by averaging
counts over frames where the beam was not active, to get an indication of the levels of activation
within the high flux environment. Furthermore, due to the time resolved nature of the Medipix
measurements as opposed to integrated over an entire measurement with film, it was possible to
assess the beam current stability across a single measurement. This was further investigated by
computing the Fourier transform in order to determine the frequency components of the mean counts
over time. If the mean count rate purely varied randomly over time, the frequency component
distribution would be flat. However, the distinct narrow peaks demonstrate that the mean counts and
therefore the beam current oscillated non-randomly over time.

3 Measurements and results

3.1 Beam profiles

Beam profiles for each run were obtained and comparisons between both methods are shown for
runs 6, 7, 14 and 15. Figure 8 shows the transverse distributions measured with the film (blue) and
Medipix3 (red) within the integration zone for a standard (run 14, figure 8a) and at a much higher
level (run 15, figure 8b) of accumulated dose.

At this location in the beamline, the beam distribution exhibits a double peak. This is caused by
the beam stopper attached to the second scattering foil (figure 1) which attenuates a large proportion
of the fluence in order to produce a flat, uniform beam at isocentre. For these runs, there is
observable correspondence between both methods however the asymmetry of the distributions is
distinct. Irradiating the film to a higher accumulated dose (figure 8b) appears to dilute the film beam
distribution toward the directly measured profile by Medipix3. This may be attributed to a smaller
range and less variation between the pixel intensity ranges. A corresponding smoothing effect can
be seen for the Medipix3 profile.

The tilt seen in both plots suggests that the whole system was not precisely aligned at the centre
of the beam axis but slightly translated. This results in skewed profiles and marked differences
between the maximum dose at each apex. For both cases events were detected right through to the
edges of the Medipix3 (28×28 mm2) sensor, reflected by the clipped tails along the orthogonal plane.
The comparative variations between the two different methods are reasoned to be a consequence of
the differences in the position, analysis procedure and fundamental detection processes. In these
plots, the Medipix3 measures wider profiles due the 3.5 cm gap between the film and detector. At
this midway point in the beamline, the beam has yet to be significantly collimated and therefore is
largely divergent: this is reflected in the differences between the penumbra regions.

Measurement runs 6 and 7 with the system placed at 9.5 cm and 30 cm after the treatment nozzle
are shown in figure 9. A slightly wider profile was attained at 30 cm as the beam spreads out further
downstream. Better agreement between the distributions was achieved for these cases, particularly at
the lateral penumbra. A tilt in the same direction is also observed here, although the resulting profiles
are less imbalanced. A flat, rectangular distribution is expected here but evidently, even a slight
angular deviation results in an asymmetrical profile which is easily detectable by both methods.
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(a)

(b)

Figure 8. Beam profiles obtained with film and Medipix3 for (a) run 14 and (b) run 15 in the integration zone.

There are several considerations for these irregularities which are related to the image analysis,
beam stability and quality on the day, as well as unknowns within the delivery system. It was found
that the selection of the ROI in ImageJ was important and can affect the shape and resolution of the
profile. As the beam distribution at the first position differs considerably to measurements after the
nozzle, a rectangle ROI was chosen. This was specified such that there was total horizontal beam
coverage and sufficient height to generate a smooth profile: the profile smears out if the ROI is too
large. These ROI settings were kept the same for all images.

For all of the film profiles (figures 8–9) the tail regions do not extend to 0 Gy, this is due to the
chosen fit for the calibration curves. We did not correct for this as primarily the central regions and
highest points of dose were considered for comparison with the Medipix3 detector. Furthermore, at
these lower levels of dose (< 5 Gy), there is a small margin of difference given the exponential fit
derived from the calibration curve (figure 7).
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(a)

(b)

Figure 9. Beam profiles obtained with film and Medipix3 at (a) 9.5 cm and (b) 30 cm after the treatment
nozzle.

Nonetheless, the film provided an intermediary means to correlate dose at all these positions
to the ionisation chambers: these are indicative doses rather than precise measurements due to
operational uncertainties described in section 2.5. The limitations surrounding the analysis and
conversion process are indicated by the error bars in the calibration curves. A way to mitigate these
would be to proceed with a more robust process, by strictly monitoring the film protocol to maintain
uniformity with the film irradiation, development, scanning and analysis; or to attain profiles using
well established or commercial methods. For example, using commercial software and hardware to
determine the beam profiles from the irradiated film or by direct measurements with standard profile
monitors or ionisation chambers. The possibility of determining the dose from counts is further
described in section 3.2.
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In addition to any misalignment of the system, it is also possible that small beam offsets at the start
of the treatment line or aberrations with the shape or positioning of the beam stopper could impact the
resulting beam distributions. This is less of an issue for the actual delivery of treatment as the beam is
well conditioned to operate within the stable clinical currents with acceptable parameters, maintained
by the QA diagnostics. Furthermore, due to the design of the delivery system and drift distance
(∼1.5 m) to the nozzle, further fluctuations are moderated by operational changes with the transport
line optics. For these measurements, several issues were encountered as the beam currents requested
were lower than the clinical range and the beam itself was not regulated as required for treatment.

3.2 Detector response

The comparative profiles demonstrate similar capabilities to provide spatial measurements, particu-
larly at the penumbra regions. However, these measurements could be considered to be a ‘worst
case’ scenario for the detector due to the relatively thick silicon sensor and the charge sharing effect
contributing to a guaranteed increase in count rate. Both effects increase the difference between
expected and measured count rate.

An estimation of the magnitude of effective charge sharing for single protons was made by
using the ImageJ Shape Filter plugin which uses the ĲBlob library [44]. This identifies clusters and
returns many cluster properties such as area, aspect ratio, circularity etc. At the beginning of the
measurements (between runs 2–3) using 967 identified clusters, the mean cluster area was 7.6 pixels,
the mode area was 4 pixels with 187 counts and the minimum area was 3 pixels. The central part of
the image was excluded for this first analysis because the beam was approximately centred on the
detector which would have skewed the analysis. By the end of the measurement (run 11) using 1874
identified clusters, the mean cluster area increased to 9.3 pixels, the mode area decreased to 3 pixels
with 348 counts and the minimum area stayed at 3 pixels.

This is evidence that the measured count rate by the Medipix3 could be corrected for by dividing
the count rate by a factor between 3–9.3. In order to arrive at a more precise and reliable correction
factor, dedicated measurements with very low flux of protons with precisely known energy would be
necessary.

The minor detector artefacts observed in the central and cross pixels are due to a larger than
average effective pixel size for those pixels, approximately a factor of 3 times larger. This varies
depending on the exact manufacturing process which improves over time by shrinking this gap. In
order to compensate for the larger pixel size with x-rays, a first order correction is to divide the raw
counts by 2.8. However, the response of cross and central pixels cannot be very well corrected for by
a linear scaling since there are non-linear effects including the count rate linearity. Therefore, only a
basic linear scaling was applied to approximately match the counts of neighbouring pixels.

Figure 10 shows that the detector has a linear response across the entire tested range of beam
currents from 0.012 to 1.97 nA. There is relatively large uncertainty of the average count rate due to
the electrometer beam current measurements, dominated by the infrequent, manual readings. This is
included in the residuals of the data and the variation in beam current which are both approximately
in the order of 10%. Further measurements with improved beam current control would significantly
reduce the count rate uncertainty and thus provide a reliable demonstration of count rate linearity
with the Medipix3 detector. Nevertheless, the ultra low beam currents from runs 2 and 3 would not
be possible to measure with other commonly used instruments with the precision of single protons;
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Figure 10. Count rate linearity over all active pixels recorded at 10 FPS (frames per second) for 6 beam
currents between 0.012+13%

−9% and 1.97+4%
−7% nA.

this detector therefore enables semi-destructive beam current measurements from single events to
1010 protons per second with the possible temporal resolution down to 0.5 ms.

The Medipix3 detector appears to have sufficient count rate linearity and sensitivity for beam
characterisation and quality assurance measurements. Once cross-checked with another detector
for accurate verification of the beam current, the impact of the ‘charge sharing’ effect on absolute
dosimetry could be quantified accurately. A first order correction would be to simply divide the
counts by the average cluster size, for these measurements this value would be 3–9.3 as mentioned
in section 3.2. It is also anticipated that the Medipix3 chip configuration could be optimised
significantly for high flux, clinical energy protons from the default x-ray (4–30 keV) settings. For
future tests, if the count rates are low enough, it would be relevant to use the ‘charge summing mode’
on Medipix3 for furthering detector characterisation and possible mitigation of charge sharing. This
has been shown to work as intended with relatively low energy x-rays [28], however the energy
deposition from these 60 MeV protons is significantly higher, and so needs verification. Further
work in this area could determine the energy deposited in the sensor and obtain definitive conversion
factors to determine absorbed dose directly from the induced charge. This would also enable direct
comparison with the dose distributions obtained by the film.

3.3 Detector activation

An overview of five background measurements during and between measurement runs is shown
in table 2. These quantify how much the detector was activated over time, including the standard
deviation, start and end count rates. The main count rate with the beam off is shown to increase over
the course of the measurement day from 0 counts per second before the beam irradiation commenced
to 1.3 counts per second at the end. The final measurement (run 15) was taken during a proton beam
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interruption lasting 94 ms and so is different to the other measurements. The average count rate
of 1.3 counts per second for this run is therefore indicative of the instantaneous detector activation
between full beam intensity at 2.1 nA. This is relevant as a number of excited states have short half
lives in the millisecond to second range which would not be evident in the other 4 measurements
shown in this table.

Table 2. Overview measurement parameters of detector activation in counts per second with acquisition times
and run ranges or numbers. The rows showing ranges of run numbers indicate the measurement was between
run numbers.

Run (#) Time (s) Mean (counts/s) Standard deviation
(counts/s) Start (counts/s) End (counts/s)

2–3 50 7.2 × 10−4 1.3 × 10−3 9.5 × 10−4 6.7 × 10−4

5–6 20 4.4 × 10−2 2.8 × 10−2 4.7 × 10−2 4.0 × 10−2

8–9 10 6.4 × 10−2 3.8 × 10−2 6.7 × 10−2 6.1 × 10−2

11 8.3 9.8 × 10−2 6.4 × 10−2 9.9 × 10−2 9.7 × 10−2

15 0.094 1.3 0.63 1.5 1.2

3.4 Temporal analysis of the beam

A linear response was observed across the current range and the beam performance was reliable at
higher clinical dose rates. Investigating the stability of the beam flux is a novelty in itself as it is not
possible to measure the beam profile in real-time with millisecond resolution with other methods
such as EBT3 film, beam current monitors or wire scanners. The beam current monitors could be
cross-checked with these data if it was possible to log their outputs at high speed, the control system
did not allow such control. These measurements verified that the beam profile was stable over time
with a variable flux during a measurement. However this does not significantly affect the clinical
treatment as CCC uses passive modulation with patient specific collimators for dose distribution
control rather than a scanning pencil beam.

Figure 11 shows the mean counts integrated over all pixels over the typical measurement times
for this work (a few minutes), at 100 FPS. The mean counts per frame are directly proportional to
the instantaneous dose for a 10 ms period. The variations in the mean counts per frame show that
the measured counts are not totally stable over time, the source of the instability could be due to the
detector or the accelerator. The mean counts per frame varied over a measurement from the start
to end by approximately 50 counts out of between 600 and 660 counts, which is ∼ 8%. However,
recurring jitter were seen in the data where variations in the count rate over time appeared as small
amplitude waves at low (few ms) and higher (of the order of hundreds of ms) frequencies. The mean
counts per frame were qualitatively observed to oscillate at least one higher frequency during the
measurements. These peculiarities were quantified with a frequency decomposition analysis.

In figure 12, the outliers are indicated by the three labelled frequency peaks. The 50.0 Hz
component is assumed to be related to the U.K. AC mains electricity as it exactly matches the
frequency. The 48.2 Hz component was not experienced during previous detector tests with x-rays or
seen with any other measurements at the beamline. It is unclear if it is associated with the accelerator
or detector: further measurements are necessary to identify a candidate. It is hypothesised that
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Figure 11. Temporal stability of the beam over all pixels over nearly 5 minutes, recorded at 100 FPS,
26.3 Gy/minute in the integration zone.

the 1.80 Hz component is related to the ion source. As mentioned in section 2.5, the change to a
proton therapy service required the nominal arc current (of the order of mA) of the ion source to
be limited such that the beam currents produced were practical for treatment (nA range). Only the
50 Hz component was observed in later measurements performed at MedAustron [45] which is a
significantly different facility and operates a synchrotron. As such, it is presumed that these other
frequency peaks are specifically associated with the CCC cyclotron or may be due to interactions
with beamline elements.

The significance of these rapid oscillations may be meaningful as they demonstrate something
otherwise unforeseen which may have an impact on beam performance. For example, in passive
delivery at CCC and the beam is modulated with a rotating wheel to generate a spread out Bragg
peak, the graduations determine the longitudinal distribution of dose. Variations in the beam current
could cause asynchronicity with the rotational frequency of the wheel and aberrations with the dose
delivered for each step.

If the oscillations are present in regular operation, these measurements may reveal an underlying
aspect of the cyclotron. An irregularity in the structure or accelerating process can influence the
beam dynamics (orbit, stability, focusing effects from the magnetic field etc.) of the circulating
protons. This may in turn impact the extracted beam quality such as the energy spread, emittance
and dispersion. The jitter is presumed to be caused by a combination of different factors including
the design, adjustments with the ion source and aged components. It is unknown if or how the beam
is adjusted upon extraction. If there is a collimator at the exit then some properties of the beam
would be regulated, such as the beam distribution in the transverse plane.

This analysis poses interesting avenues to study the beam structure and dynamics of accelerated
CPT beams with the Medipix3 detector, for routine measurements or commissioning purposes.
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Figure 12. Frequency components of the beam intensity as recorded by all pixels over nearly 5 minutes
recorded at 100 FPS from figure 11. The 50.0 and 48.2 Hz components are the strongest followed by a 1.80 Hz
component.

The timing capabilities would enable the possibility of examining the beam intensities, quality and
stability of both continuous and pulsed beams. This would be also applicable for active delivery
schemes such as pencil beam scanning.

Subsequent studies could investigate track projection over multiple pixels and the charge sharing
as a function of beam angle relative to the detector. Efforts could be made to minimise the material in
the beam path so that the detector becomes less activated over time; for this work, the large aluminium
heatsink would have been the majority of the activated material and could be significantly reduced.
Solutions could include a high RPM fan blowing air or dry ice over the detector or transferring the
heat generated via vapor chambers, heat pipes or pyrolytic graphite to a heatsink just outside of the
main beam path.

The detector settings could be significantly improved upon by tuning for high energy protons
instead of the default, low energy x-rays. There are various software configurable DACs (digital-
to-analogue converters) to control parameters which control front-end signal rising and falling
times, signal baseline levels, thresholds among many others some of which are specifically designed
with high count rates in mind like ‘Pole Zero Cancellation’ (��� ). In the same direction, ideally
the detector would have a very thin sensor in order to induce much less charge sharing and still
measure a very high amplitude signal. This would also reduce the detector activation as discussed in
section 3.3.
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4 Conclusions and outlook

Significant innovations in technology have resulted in greater accessibility and benefits of CPT
worldwide. However, rapid developments in recent years have highlighted the need for improved
diagnostic systems and performance capabilities, to fulfil the requirements of emerging, advanced
delivery techniques. There is ongoing interest in the application of silicon detectors and in this work,
we examined the potential of the Medipix3 hybrid pixel detector for CPT.

Experimental measurements were performed at the CCC 60 MeV clinical proton therapy
beamline and compared with standard film dosimetry methods. Simultaneous irradiation of the film
and detector placed at multiple locations in the delivery system allowed a direct comparison of the
transverse beam distributions. There was general agreement between both methods, particularly at
the lateral edges of the beam although several uncertainties resulted in experimental irregularities,
also influenced by beam quality on the day.

Medipix3 has the capacity to measure the beam current by the detection of individual protons
with millisecond scale temporal resolution and almost instantaneous readout time. This enabled
the possibility to resolve otherwise unknown information about the CCC beam and accelerator,
undetectable with typical instruments.

To facilitate its progression toward clinical implementation, further testing is recommended to
characterise the cluster properties, signal uniformity, sensitivity across the detector, activation levels,
dose rate thresholds, energy dependence, stability, spatial resolution and dosimetric calibration
factors. These should be performed at different facilities, across the full treatment energy range and
with different particle types.

We present the first set of tests using the Medipix3 detector technology in a clinical proton beam
environment. This work explores the promising capabilities and versatility of Medipix3 for CPT,
suggesting its possibility as a fast and efficient, future tool for routine dosimetry, commissioning and
beam monitoring.
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3.3 Clinical fluence measurements atMedAustron, Austria

This section explores the first use of this detector with protons and carbon ions at various energies
and up to themaximumavailable beam intensity. Claus Schmitzer and Sascha Enkewere critical for
the accelerator control and experimental setup. AndreaDe Franco reviewed the paper and gave cru-
cial feedback for technical details which impacted the conclusions. I was responsible for everything
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Abstract: The Medipix3, a hybrid pixel detector with a silicon sensor, has been evaluated

as a beam instrumentation device with proton and carbon ion measurements in the non-clinical

research room (IR1) of MedAustron Ion Therapy Center. Protons energies are varied from 62.4

to 800 MeV with 10
4 to 10

8 protons per second impinging on the detector surface. For carbon

ions, energies are varied from 120 to 400 MeV/amu with 10
7 to 10

8 carbon ions per second.

Measurements include simultaneous high resolution, beam profile and beam intensity with various

beam parameters at up to 1000 FPS (frames per second), count rate linearity and an assessment

of radiation damage after the measurement day using an x-ray tube to provide a homogeneous

radiation measurement. The count rate linearity is found to be linear within the uncertainties

(dominated by accelerator related sources due to special setup) for the measurements without

degraders. Various frequency components are identified within the beam intensity over time firstly

including 49.98 Hz with standard deviation, σ = 0.29, secondly 30.55 Hz σ = 0.55 and thirdly

252.51 Hz σ = 0.83. A direct correlation between the number of zero counting and noisy pixels is

observed in the measurements with the highest flux. No conclusive evidence of long term radiation

damage was found as a result of these measurements over one day.
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1 Introduction

The Medipix3 chip is a hybrid pixel detector from the family of chips developed by the Medipix

group at CERN [1] and have found many applications from electron microscopy [2] to spectral

x-ray microCT [3]. The Medipix3 manual [4] contains detailed information on how the chip

works.

Previous count rate linearity measurements of the Medipix3 with x-rays at a synchrotron [5],

show the count rate to be linear up to the order of 10
8 photons/mm

2/second. This is significantly

more than the maximum expected particle flux rate in these measurements of approximately 10
4 to

10
6 particles/mm

2/second. Therefore, assuming the front-end behaves similarly enough, the count

rate linearity is expected to be comparable between proton, carbon ion and x-ray measurements.

Given that the Medipix3 is designed for relatively low energy x-ray detection (<100 keV) and

we are using 60+ MeV particles, this assumption is significant and has been verified with the

measurements presented in this work.

This work follows a first measurement with protons in a clinical environment at the Clatter-

bridge Cancer Centre (CCC), U.K. [6]. It was demonstrated that the count rate was linear within

the uncertainties from the beam variation. The CCC beam current measurements have large uncer-

tainties due to recording the beam current only once per measurement while it was varying in the

order of 10%.
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2 Experimental details

Measurements took place in IR1 (irradiation room 1) which is a non-clinical research room, this

is not a standard treatment room but solely for research purposes. The active detector area was

28 × 28 mm
2
, consisting of 4 Medipix3 chips in a 2 × 2 grid with a gap of approximately 220 μm

between each chip. The sensor material was high resistivity silicon, with a thickness of 500 μm

and pixel pitch (spatial resolution) of 55 μm. The Medipix3 was primarily designed for x-rays and

electron detection, however it detects any ionising radiation depositing >5 keV within a single

pixel. The possible frame rates are 0–2000 FPS for 12 bit pixel counter depth (0 to 4095 counts per

pixel per frame) in continuous R/W (Read/Write) mode (0 dead time). Other pixel counter depths

and readout modes have different frame rate maximums which depend on the readout frequency

of the chip, this is running at 200 MHz. Higher frame rates are possible with lower counter bit

depths, a frame rate of up to 24 kHz is possible with a 1 bit counter depth; this mode results in a

binary hit map. The detector frame rates used in this work were 50, 100, 1000 FPS in continuous

R/W mode (0 dead time). Ideally one would use the maximum frame rate of 2000 FPS, however

the readout computer used was not fast enough to reliably readout the data and so an upper limit

of 1000 FPS was set. 50 and 100 FPS were used when the flux rate was low and the higher frame

rate was not necessary in order to save disk space.

The high level experimental setup overview is shown in figure 1.

Figure 1. The equipment layout from left to right included a beam nozzle from which the particle beam is

emitted, the detector was positioned in the beam isocentre using alignment line lasers. The beam isocentre is

the central axis in space aligned to lasers where the centre of the target (within the patient) is positioned. The

Medipix3 detector (300× 100× 100 mm3) contains a detector assembly where the radiation is measured and

SPIDR v3.5 (Speedy PIxel Detector Readout) system. The SPIDR was connected to a readout computer via

a 10 Gbit/s optical fibre where the data was stored. Finally the beam enters the water bottles of approximately

2 m depth so the Bragg peak was always within the bottles, these were used for shielding the robotic arm.

Due to driver limitations at the time of measurements, it was only possible to operate with

SPM (Single Pixel Mode) and not CSM (Charge Summing Mode). This means that the pixels

were individually counting, the charge was not summed over a 2 × 2 grid. At low flux, it is very

likely that CSM would improve the PSF (Point Spread Function). The benefit would be maximised

when the charge cloud covered an average of 4 pixels in a 2 × 2 grid. CSM requires inter-pixel
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communication which takes time and therefore for the same front-end configuration, the count rate

linearity for CSM degrades at lower count rates than SPM [5].

Only the first threshold was used for all measurements in this work. Table 1 shows the relevant

front-end DACs (Digital to Analogue Converter), none were changed during the measurements.

With this configuration, the threshold was set at approximately 5 keV. The threshold was left at the

minimum but just above noise value which negatively impacts the PSF compared to setting the

threshold at a much higher level given the energy deposition of the particle species and energies

investigated in this work.

Table 1. Relevant front-end DACs used and kept constant during all measurements. DAC_DiscL has one

value per chip in order. All other rows are common between all four chips.

Value Units

Threshold 0 42 DAC

Gain Mode High N/A

DAC_DiscL 71, 77, 75, 69 DAC

FBK 173 DAC

GND 121 DAC

IKrum 10 DAC

Preamp 150 DAC

Shaper 150 DAC

This detector system is highly optimised for x-ray detection between 4–30 keV. 500 μm of

silicon limits the energy range up to approximately 30 keV because it is increasingly transparent

as x-ray energy increases, see figure 9 [7]. The particle flux detected was 10
3–10

9 particles per

second over the active area of the detector. The lower limit of detection is single particles. The

upper limit for protons and carbon ions is a topic of investigation in this work. The maximum flux

that the synchrotron can deliver is 10
10 protons per second.

The proton energies used were 62.4, 148, 252, 800 MeV, and for carbon ions, 120, 260, 400

MeV/amu (atomic mass unit) ions were used. The motivation for using 800 MeV protons is for

proton CT which is being investigated at MedAustron in order to measure the proton relative

stopping power (RSP) with respect to water. The current method uses x-ray CT which gives the

x-ray attenuation in HU (Hounsfield unit) which are then empirically mapped to relative proton

stopping power, see Wayne D Newhauser et al. 2008 Phys. Med. Biol. 53 2327 figure 3: “Relative

linear stopping power for protons (dE/dx|xw) as a function of the scaled Hounsfield unit value

(Hx, in units of HUsc) in kVCT, where x denotes a material of interest and w denotes water” [8].

This figure contains one line plot consisting of three fitted straight lines with different slopes and

intercepts with significant outliers; it is not a simple and clean linear relationship. This is one of

the most important calibrations in this context because it feeds into every single dose distribution

calculation of every patient. This conversion introduces one of the main sources of uncertainty in

proton therapy treatment planning1 and is an area of active research [9].

The degrader plates used in this work were: 10, 20, 50 & 100%. The degrader percentage is the

nominal hole to surface ratio, ideally this would translate to a given percentage of incoming particles

1 This is common knowledge in the Medical Physics community.
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being transmitted relative to the total incoming number, while minimally affecting the energy. In

reality the effective transmission is different. Some of the reasons behind the discrepancy are the

self induced small charge forces and the slightly different accelerator optics used to compensate for

such effects. As these effects vary with beam species and energy, a priori the flux reduction might

differ from the nominal value according to the beam delivered. The quantitative effectiveness of

the flux reduction of each degrader, which is a function of energy and species, is obtained with a

series of monitors at each stage of the accelerator and in the irradiation room also. A degrader plate

is a passive device, it is simply a steel plate with various numbers of holes of various sizes, this

is referred to as a ‘pepper pot’ design. Ideally this produces an identical distribution of particles

as the incoming beam. An example diagram of a pepper-pot degrader can be seen in figure 2,

further technical details such as the specific geometry of the MedAustron degraders are not publicly

available. After the degrader plates, the beam is shaped with beam optics which focus it at the

isocentre and therefore are still compatible with pencil beam scanning. The degraders are one of

the possible ways to regulate the particle fluence. Some measurements used degrader 100% (no

degrader) and others used degrader plates (10%, 20% and 50%).

Figure 2. An example diagram of a pepper pot degrader plate where black is steel, the white circles are

through-holes and the plate has a thickness in the axis of the diagram. There is a higher hole density in the

centre because the beams are approximately 2D normal distributions and the beam primary axis is aligned

with the centre of the degrader plates. The plate is in the order of 30 cm diameter and the holes are in the

order between mm and cm.

3 Results and discussion

3.1 Count rate linearity

Accuracy and precision are both hard to determine because there were no more accurate or precise

detectors or methods available to measure flux at this range.

For example, gas ionisation chambers which are commonly used in medical accelerators,

saturate at relatively low count rates due to the relatively low charge carrier density in gas. They

also suffer from not being able to detect low count rates because the signal induced by single

particles is not detectable. Solid state detectors have a very high charge carrier density compared
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to gas which means that the saturation limit is much higher. Gas based detectors benefit from

being radiation hard because there is no crystalline structure to damage and the detection medium

can be easily replaced.

Count rate linearity is important for accelerator calibration purposes because it makes cali-

bration much simpler with lower associated fitting errors and maintains count rate precision over

the entire range. Typically count rate linearity is assessed over either chip or pixel level. The

linearity is assessed for all 4 chips for the simplicity of analysis and simplicity of the expected

relationship between expected and measured count rate. In addition, the way these measurements

were performed is the intended use for the detector.

The RayStation TPS (treatment planning system) from RaySearch Laboratories AB [19] was

used to request 196 spots in order to irradiate the whole detector with a relatively homogeneous

field. The FWHM (full width half maximum) spot size varied from 7 to 21 mm for protons and

from 6.5 to 9.5 mm for carbon beams [20]. The requested spot weight was varied between 5 × 10
6

and 1 × 10
9 particles.

The summed count on the Medipix3 is the sum of every count on every frame. It is expected

that this should be very linear if the relative uncertainties on the expected proton fluence are

sufficiently low. This is measured over the largest possible range of proton fluence, using degrader

plates 10, 20 and 50 for the lowest three fluences. The lowest three fluences were chosen due to

limited measurement time and the desire to probe the lower count rate region where the detector

was expected to have a better count rate linearity. Spot weights were determined based on the

available pre-configured options in the control system, they are clinically relevant and are expected

to be well within reasonable limits of all relevant systems.

Uncertainties in this measurement are described as follows. Firstly, not all the spots are entirely

on the detector, given the relatively large FWHM of the beam at isocentre; some of the beam will

not hit the detector. This effect could be quantified with information from the TPS. A brief analysis

of a ‘single’ spot over 20 ms shows that this is likely not the case given the decreased linearity.

Secondly, it is observed at ultra low proton counts that 62.4 MeV protons produce a cluster of

approximately 4–5 pixels. Ideally it would count once per proton or carbon ion. The detector will

therefore count 4–5 times per 62.4 MeV proton as a result of this effect. As the energy increases,

the cluster size decreases as less charge is deposited over the sensor depth which causes fewer

pixels to count a hit. As the intensity increases, the events overlap within a single frame (minimum

of 1 ms) and so cluster size per particle cannot be determined. This happens at the lowest clinical

flux rates as they are high relative to the frame time. If one were able to increase the frame rate

to infinity then the cluster size for high intensity measurements should not vary compared to low

intensity measurements.

Cluster analysis could be done of the ultra low flux measurements to quantify this effect. This

analysis was not done because the outcome would only give information about cluster sizes, their

average, minimum and maximum values and would be affected by background measurements

from both radioactive decay products from the activated sensor and surroundings and much less

so, cosmic rays. It was therefore not expected to yield useful information as the focus is on count

rate linearity rather than an absolute particle count. In order to measure an absolute particle count

accurately, single cluster analysis would be necessary and is not achievable with this frame rate

and flux.

– 5 –

3



2
0
2
1

J
I
N
S
T

1
6

C
1
2
0
0
2

Finally, there are shot-to-shot variations in the actual particle flux, as seen in table 2 for 800

MeV protons. Other proton energies and carbon ion energies were not scanned over with different

degraders due to time constraints. It is assumed that this is due to variations in the extraction

process or beam current from the synchrotron.

Table 2. The mean integrated counts over all frames with percentage uncertainties in the shot-to-shot

intensity variation using 800 MeV protons.

Degrader (%) All measurements

10 1.93 × 10
9 +80%

−84%

20 6.85 × 10
9 +8%

−26%

50 1.03 × 10
10 +3%

−8%

100 1.41 × 10
10 +3%

−2%

Figure 3 contains the data points with uncertainties in the expected number of particles only

with two fits; one with the degrader measurements and the other without. y = x is plotted as a

reference to the naive expected relationship between the summed counts and the expected number

of particles detected on the Medipix3. Summed counts means that all hits over the measurement

are summed together, this is not counting clusters. Similar count rate linearity measurements

were not performed at other proton energies or with carbon ions due to limited beam time. First

order corrections to this naive expectation would include a simple geometric correction and a

measurement dedicated to measuring the average cluster size.

In frames with a very low number of hits, a basic visual inspection of multiple single frames

shows that the average cluster size for 62.4 MeV protons is in the 3–5 pixel range. Due to the

clinical fluence, almost all of the clusters are overlapping in all measurements and so clusters

cannot be reliably counted.

A treatment planning system is designed to deliver dose in the 3D distribution as programmed.

The way it accomplishes this is very machine dependent. This has progressed from basic meth-

ods such as rotating a radioactive sample around a patient to state-of-the-art automated systems

integrated with control systems. One such modern implementation of a TPS in a particle therapy

context is RayStation®, which offers a solution for PBS (pencil-beam scan) as used at MedAustron.

The output of this TPS is a raster scanned pencil beam whose profile is approximately a 2D normal

distribution.

Suppose one would like to uniformly irradiate a given area with a raster scanned pencil beam

and have negligible dose outside of the designated irradiation area, it is clear that one would

need to modulate the intensity of the beam over time. If we assume that the intensity of the

beam can be instantaneously ramped up to the maximum and down to zero, one would expect to

see a cumulative dose distribution as seen in figure 4(A). As one increases the number of spots

and reduces the inter-spot spacing, this grid of 2D normal distributions would tend towards the

distribution in figure 4(B) which shows a decreased dose at the edges of the designated irradiation

area. In this case, the irradiation zone was specified to be larger than the detector in order to

approximate a uniform irradiation. This was possible because this is a non-clinical measurement

which did not require minimising dose outside of the detector. A visualisation of this is shown

in figure 4 as the dashed inner black squares representing the detectors are positioned arbitrarily
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Figure 3. The count rate linearity of all pixels integrated over all frames for the measurement using 62.4

MeV protons. Fits are shown both with degraders (a = 1.20502, b is fixed at zero) and without degrader

measurements (a = 1.14307, b is fixed at zero) with the associated relative percentage residuals from the

fits. The reduced chi squared value for the fit with all data points is χ2
𝜈 = 91 and for the fit with no degrader

measurements is χ2

𝜈 = 4.6. The intercept parameter (b) is fixed at zero because zero counts are measured

when the accelerator is not delivering any particles and counts from sensor activation are negligible at a

few hundred counts per second. The degrader measurements are the first three data points from the left and

are not included due to large systematic uncertainties as described in the text and seen in figure 5. The fit

algorithm was the non-linear least-squares fit (NLLS) Marquardt-Levenberg.

within the designated irradiation area. In typical clinical settings, the designated irradiation area

is determined by the treatment plan.

Secondly, systematic errors are introduced because each proton triggers more than a single

pixel as a result of the current detector front-end configuration and sensor thickness. It is known

that the detector will count too many protons from previous work [6] with 62.4 MeV protons,

this was also observed at very low count rates during initial testing at MedAustron. A first order

correction for this effect could be given by calculating mean cluster size resulting from 62.4 MeV

protons in 500 μm silicon of either simulated or measured data. The measurements would require

extremely low flux in order to have average occupancy of a frame low enough to observe individual

clusters. This measurement is not trivial because producing this low flux (approximately 1 kHz)

of 62.4 MeV protons is completely out of the design parameters of medical accelerators. Methods
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Figure 4. An example dose distribution for a TPS (treatment planning system) using a PBS (pencil-beam

scan) with a given spot FWHM (full width half maximum). (A) (Left): large inter-spot spacing and (B)

(right): small inter-spot spacing and many spots. The outer solid black square represents the bounding area

for irradiation, the inner dashed black squares represent the detector and the grey colour shows the relative

dose in arbitrary units.

used to reduce the beam intensity broaden and shift the peak energy down, therefore the energy is

no longer known.

There is also an uncertainty in the summed counts from the activation of the silicon sensor,

the Medipix3 chips and other surrounding material, including the readout system, aluminium

cooling block and foam topped table. It was not possible to distinguish between the sources of

the activation using the Medipix3 itself; alpha, beta and gamma decays were observed based on

the shape of tracks. The components in the direct beam (silicon sensor, Medipix3 chips and the

aluminium cooling block) are expected to be the most activated components by far. The magnitude

of activation varies over time due to a combination of random radioactive decay rates, exponentially

decreasing activity and the particle beam would cause increasing activation. This is expected to be

proportional to dose in the sensor, chip and surrounding materials since the half-life time was in

the order of days. Due to the highly mixed radiation field from various decay chains, an estimation

of the dose is not made. The detector is activated to an average of 378 counts per second over the

whole detector measured over 1000 seconds between two 800 MeV proton measurements half way

through the day.

These effects introduce systematic uncertainties, as supported by the quality of the linear fit

(χ2
𝜈 = 4.6) for the dataset ignoring the degrader measurements. This assumes an uncertainty in

the expected number of particles of 3% due to shot-to-shot variation in the number of particles

coming from the beam nozzle.

Figure 5 shows the count rate linearity against the degrader nominal percentage with 800 MeV

protons, with and without measurements with degrader 10. Table 2 summarises the data from

figure 5, showing the shot-to-shot intensity variation using 800 MeV protons with all 4 degrader

plates (10, 20, 50, 100%). Given more measurement time, we would investigate more clinically

relevant proton beam energies and also carbon ion beams. 800 MeV protons were prioritised as

this was a new modality for MedAustron which was undergoing testing at the time. It is expected
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that this would also be linear within the uncertainties for lower energy proton beams and for carbon

ion beams also.

Figure 5. The integrated counts over all frames against the degrader percentages 10, 20, 50 and 100% using

800 MeV protons. The linear fit only uses degrader 100 measurements and fixes the y-intercept to 0. No

error bars are plotted because the degrader percentage is a discrete quantity and the summed counts over all

frames uses the Poisson error, the square root of the counts as the error which results in errors in the order

of 0.001% which is not visible on this scale. There are 33 data points in this plot.

The percentage uncertainties in superscript and subscript in table 2 show the expected 2 to 3%

uncertainty in beam intensity as measured by other devices at MedAustron during commissioning

when no degraders were used. Degrader 100% means that no degrader was used. For the other

degraders, larger uncertainties were measured. Degrader 50 consistently reduces the particle

count to ∼75%. Similarly, degrader 20 reduces the particle count to ∼50%. Measurements with

degrader 10 show greater relative variation, anywhere from 2–25% of the expected particle count

is detected. This data indicates that the various methods used to obtain lower beam currents are

typically producing significantly more protons than expected based on the degrader percentage

alone. It is possible that the degrader 100 measurements are suffering from saturation effects or

other such losses, however this is unlikely given consistently the higher than expected counts for

the degrader 10, 20 & 50 measurements (the first three from the left) in figure 3. A mismatch

between the targeted and achieved particle count has been documented by L. Adler (tables 6.9 &

6.10), although these measurements may not be comparable since they are measured in different

locations along the beam-line. The large systematic uncertainties could be addressed with repeat

measurements by measuring certain accelerator parameters. The total number of extracted particles

can be calculated non-invasively via the differential of the main ring current transformer plus there

is an active measurement of the DDS (dose delivery system) giving the exact number of particles

deployed. This is calibrated in the medical energy ranges for protons: 62–252 MeV and for carbon

– 9 –

3



2
0
2
1

J
I
N
S
T

1
6

C
1
2
0
0
2

ions: 120–400 MeV/amu. This was not measured for this work and retrieving such information

from the log files is no longer possible.

If unaccounted for, this mismatch would adversely affect patient treatment because when

degraders are used, one would actually be delivering more dose than intended. However, the

accuracy of the degrader ratings is actually not important due to the Dose Delivery System (DDS)

which is an essential component of every medical particle accelerator. The DDS is designed to

measure the number of particles delivered and move to the next spot as soon as the number of

particles delivered on that spot matches the requested number. Therefore, the degraders should

not affect the dose delivery in actual patient treatment.

3.2 Temporal beam intensity variation with frequency decomposition

The mean count of every raw frame over time is calculated after which a Fourier transform is

applied, resulting in frequency components as shown in figure 6. The 49.98 Hz component is

exactly the same frequency as Austrian AC mains electricity, this appears to be the most likely

explanation for this frequency. The 150 Hz component is likely to be the 3rd harmonic of the

mains AC frequency. The 30.55 and 252.51 Hz components are related to the spill ripples which

are caused by power converter ripples and not the DDS (dose delivery system). The DDS is used

for these measurements to scan over the whole detector surface.

Figure 6. A histogram of the frequency components of the intensity variation of the beams using the 1000

FPS data only. The top three in amplitude (as marked with the arrows) are 49.98 Hz with standard deviation,

σ = 0.29, secondly 30.55 Hz σ = 0.55 and thirdly 252.51Hz σ = 0.83. The DC component (first bin of the

FFT data), has been removed for visualisation purposes.

3.3 Dead/unresponsive and noisy pixels over time

The total number of pixels is 262144 (512 × 512 pixels). Therefore, the percentage of dead pixels

over time varies between only 0.019–0.158% and the percentage of noisy pixels varies between

0.000–0.011% in figure 7. A slow and precise equalisation (a procedure to flatten pixel noise

baseline levels over the chip [10]) was started at 09:30 and finished an hour after. This procedure

was run to correct for perceived damage as well as an increased number of bad pixels, i.e. noisy,

dead, unresponsive pixels. There was a significant reduction in bad pixels compared to pre-

irradiation levels, and these numbers were relatively stable for subsequent runs. There is a strong
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correlation between bad pixels for the high flux region between 09:15 and 09:30 whereas the other

points show low correlation.

Figure 7. The absolute number of zero counting (dead or temporarily unresponsive) pixels and noisy pixels

over time (measurement start times). The percentage of dead/unresponsive pixels varies between 0.019 and

0.158% of the total number of pixels (512 × 512 = 262144). The percentage of noisy pixels varies between

0 and 0.011% of the total number of pixels.

It is possible that during this high flux region in time, the Si-SiO2 interface between the pixel

implants and the sensor bulk accumulated charge to the point where the affected pixel’s noise

baseline was shifted out of range. If a pixel’s noise baseline is shifted out of range, it will either

never respond or would be noisy at that threshold. This effect is observed by measuring increased

leakage current during relatively high intensity x-ray irradiation resulting in higher noise baselines

over time. The leakage current decreases back to the pre-irradiation levels consistently.

Given that an equalisation and some time with no radiation fixed this issue and similar behaviour

is observed at a much slower rate with x-rays, this hypothesis appears to be consistent. More studies

would be relevant to probe the exact underlying mechanism.

3.4 Carbon ion energy dependency on total counts

Carbon ion spills lasting 22 to 25 seconds at 120, 260 and 400 MeV/amu were measured in order

to verify the expectation that carbon ion energy should be inversely proportional to the total counts

recorded. As the carbon ion energy increases, the probability of interaction per unit length in the

silicon decreases. As table 3 shows, the carbon ion energy is inversely proportional to the total

number of counts. This dependency was measured to be linear within this region and the number

of carbon ions requested was kept constant.
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Table 3. The carbon ion energy dependency on the total number of counts per spill. A linear fit on this data

results in a slope of −1.26 × 10
7
, an intercept of 1.27 × 10

10
, with R2

= 0.978.

Energy (MeV/amu) Total number of counts

120 1.10 × 10
10

260 9.74 × 10
9

400 7.53 × 10
9

3.5 Radiation damage

3.5.1 During proton and carbon ion measurements

Figure 8 shows an approximate 10% response decrease in the counts over the selected region of

interest. Ideally, the detector would have been uniformly irradiated via requests to the DDS, which

scans over the surface using a number of spots at a particular target spot weight. Variations in the

extracted number of particles per spot and between spots introduce uncertainty to the homogeneity

of the delivered particle distribution, these effects were not calculated.

Figure 8. Left: an integrated image of all 4 chips over all frames with 62.4 MeV protons scanned over

the surface using the treatment planning system, a uniform exposure was intended. The darker oval shaped

region in the centre shows the area suspected of radiation damage. The view is optimised for non-cross

pixels which is why the cross pixels are all white. The x-axis shows detector columns and the y-axis shows

detector rows. Right: a histogram of the integrated image, showing the regions of interests: dead pixels,

most pixels and the cross pixels.

3.5.2 X-ray imaging 37 days after the proton and carbon ion measurements

The aim of this measurement was to find evidence of radiation damage and if it was consistent

with supposedly uniform proton irradiation. This is achieved by using a cone beam x-ray tube

to produce a relatively homogeneous radiation field. X-rays are the lowest energy, individually

detectable particles with the Medipix3, can be produced at high rates (> 10
11/s) with common x-ray

tubes and do not damage the detector at this flux. X-rays are therefore appropriate for investigating

the homogeneity of the detector response over the surface after irradiation with particles causing

nuclear interactions in the silicon sensor such as protons and carbon ions in the MeV range and

above.
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Relevant parameters: x-ray tube peak voltage 50 kVp, tube current 0.92 mA, 5 minute exposure

and the detector was 15 cm from the tube exit window. These parameters were chosen in order to

produce a homogeneous field with a very high number of x-rays resulting in a very low statistical

uncertainty of <0.001%. The tube peak voltage and the currents are the maximum possible for

this Jupiter 5000 series x-ray tube [11].

One can observe from figure 9 that there is not a decrease in response in the centre of the image

consistent with the uniform proton irradiation image 8. This implies that either the proton response

is different from the x-ray response, the supposed radiation damage observed during irradiation,

as seen in figure 8, has annealed or a combination of both. Damage is expected there due to the

proton beam being fixed on the central area in the first part of the day.

Figure 9. Left: a raw x-ray image of all 4 chips over 5 minutes where the x-axis shows detector columns

and the y-axis shows detector rows. The view is optimised for the majority of the pixels, not the cross pixels.

Right: a histogram of the integrated image, showing the regions of interests: dead pixels, most pixels and

the cross pixels.

As for detector uniformity, 9.9% variation in counts across the detector surface is typical in

this configuration and does not indicate radiation damage. 95% of counts are within 19% of the

mean, averaged over the 4 chips, excluding the cross. No response variation is observed in the

centre.

Regarding the two patterns visible in figure 9, the wave-like pattern across the 4 chips is known

to be due to doping concentration variation in the p-on-n silicon sensor during the crystal growth

[12]. P type doping with boron is used for the implant and phosphorus is used for N type doping

for the n bulk. A single silicon sensor cut from a single wafer is bump bonded to 4 Medipix3 chips

in a 2 × 2 grid in this configuration. This explains why the waves are continuous across all the

chips. The vertical gradient is due to the detector being close enough to the x-ray tube that the

cone beam has significant intensity variation.

The number of dead/unresponsive pixels was 112 (0.043%) at the start of the proton and

carbon ion measurements and is 123 (0.047%) in this x-ray test. There are only 0.0004% more

dead/unresponsive pixels than before any proton and carbon ion irradiation. There is variation in

this number as shown in section 3.3. Given that the variation in that number is much larger than

the difference here, it is not expected that this difference is significant.

– 13 –
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An average increase of 2.5 DAC (digital-to-analogue) units is observed; the mean of the

noise of the chips is 1% more than before the measurement. Given that the temperature was not

monitored, this is within the expected variation and is therefore not a conclusive indication of

increased chip noise. Simulations of the Medipix3 chip response to temperature were done during

the design process [13, 5.4.5 & appendix III] where Ballabriga simulates that the shaper output

signal should vary by 0.16%/◦C with nominal settings. The shaper output signal magnitude is

directly proportional to the aforementioned DAC values. This would imply a temperature difference

of 6.25 ◦C which is consistent with expectations.

In conclusion, no significant increase in dead/unresponsivepixels is observed. The cause of the

wavy pattern is well known. The total variation in response over the detector is in the normal range.

No significant increase in chip noise is observed. No reasonable estimation of detector lifetime

can be calculated from this. Studies have investigated the radiation hardness of the Medipix3

chip with x-rays and neutrons, for x-rays the chip was still operational after 460 MRad at a high

dose rate of 3.5 kGy/s [14] and for neutrons, the chips tolerated 1 MeV neutron equivalent dose of

5 × 10
14

cm
−2 [15]. This is far in excess of typical requirements for space grade radiation hardness

of 300 kRad and more in line with LHC inner tracker requirements of 300 MRad. Simulations

are required to calculate the dose in the detector, in order to do this, one would need to know the

ratios of elements in order to estimate the relation between particles of a particular energy and the

absorbed dose in the chip, this was not in the scope of this analysis.

Additional tests at clinically relevant dose rates (>1 Gy/s in water) with proton and carbon ion

beams are needed to determine the lifetime of the detector in this radiation environment. Due to

the limited beam time and detector supply, this is not in the scope of this study.

Based on this study, it is expected that the Medipix3 chips would be used as beam profile

monitors for relatively infrequent quality assurance (QA) measurements. Additionally, these chips

are relatively effective at verifying the accuracy and precision of the DDS. This was the first

measurement to simultaneously show the spatial and temporal distribution of delivered protons

and carbon ions at MedAustron; the Medipix3 fills that niche.

Many different detector geometries could be suitable for this application depending on the

exact intended use, for example, one could exclusively measure the edges of the beam so the

system would not disrupt the beam and could run indefinitely. The other extreme would be to use

a retractable large area detector for occasional quality assurance measurements.

Scaling of Medipix3 based detectors is possible with TSV (Through Silicon Via) technology

which enables N × N scaling, subject to sensor wafer size primarily [16–18] with a 0.8 mm

non-active area, the periphery. The Medipix4 is being designed to further improve on this by

eliminating the non-active area, enabling 100% active detection area.

4 Conclusions

The Medipix3 chip with a 500 μm silicon sensor has been used for a series of measurements using

high energy protons and carbon ions with a wide range of particle flux and energies. Protons with

energies of 62.4, 148, 252 and 800 MeV were used at flux rates between 10
4 and 10

8. 120, 260,

400 MeV/amu carbon ions were used at flux rates varying between 10
7 and 10

8 carbon ions per

second impinging on the detector surface.

– 14 –
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The temporal beam intensity variations were decomposed into frequency components showing

several peaks including Austrian mains frequency and two others which are related to the spill

ripples in the synchrotron. None of these degrade the patient treatment due to the design of the

Dose Delivery System (DDS).

During the period of highest flux, the number of zero counting and noisy pixels increased

rapidly and were correlated. After running a software procedure to equalise the pixel response over

the matrix, the number of zero counting and noisy pixels returned to approximately pre-irradiation

levels. Further studies would be relevant to investigate this effect.

There is evidence that the Medipix3 can be used as a beam instrumentation device. It

shows good count rate linearity with 62.4 MeV protons over the full flux range available, reliable

performance at 1000 FPS and is sensitive to single particles. Proton and carbon ion beams have

been measured at the full energy range, respectively 62.4 to 800 MeV and 120 to 400 MeV/amu.

No conclusive evidence of radiation damage was observed, further measurements are necessary

to determine detector lifetime. The Medipix3 front-end settings (DACs) could be optimised and

tested from the default low energy x-ray (<30 keV) configuration with more beam-time.

Acknowledgments

This work is part of the research programme of the Foundation for Fundamental Research on

Matter (FOM), which is part of the Netherlands Organisation for Scientific Research (NWO).

It was carried out at the National Institute for Subatomic Physics (Nikhef) in Amsterdam, The

Netherlands.

This project has received funding from the European Union’s Horizon 2020 Research and

Innovation Programme under the Marie Skłodowska-Curie Grant Agreement No. 675265 — OMA

(Optimization of Medical Accelerators).

A Measurement overview

An overview of all measurements is displayed in tables 4 and 5.
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Table 4. Measurements overview, 1 of 2. Spot weight has the units of numbers of particles specified.

Run Sub-run Particle Energy (MeV) Degrader (%) Spot weight

1 Proton 800 20 N/A

2 Proton 800 20 N/A

3 Proton 800 20 N/A

4 Test Proton 800 10 N/A

1 Proton 800 10 N/A

2 Proton 800 10 N/A

5 1 Proton 800 10 N/A

2 Proton 800 10 N/A

5 Proton 800 10 N/A

7 Proton 800 10 N/A

8 Proton 800 10 N/A

9 Proton 800 10 N/A

10 Proton 800 10 N/A

6 1 Proton 800 20 N/A

2 Proton 800 20 N/A

3 Proton 800 20 N/A

4 Proton 800 20 N/A

5 Proton 800 20 N/A

6 Proton 800 20 N/A

7 Proton 800 20 N/A

8 Proton 800 20 N/A

9 Proton 800 20 N/A

10 Proton 800 20 N/A
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Table 5. Measurements overview, 2 of 2. Spot weight has the units of numbers of particles specified.

Run Sub-run Particle Energy (MeV) Degrader (%) Spot weight

7 1 Proton 800 50 N/A

2 Proton 800 50 N/A

3 Proton 800 50 N/A

4 Proton 800 50 N/A

5 Proton 800 50 N/A

6 Proton 800 50 N/A

7 Proton 800 50 N/A

8 Proton 800 50 N/A

9 Proton 800 50 N/A

10 Proton 800 50 N/A

11 Background 800 N/A N/A

8 0 Proton 800 100 N/A

2 Proton 800 100 N/A

3 Proton 800 100 N/A

4 Proton 800 100 N/A

9 Proton 62 20 5 × 10
6

10 Proton 148 20 1 × 10
7

11 Proton 252 20 1 × 10
7

12 Proton 62 10 1 × 10
6

13 Proton 62 100 1 × 10
8

14 Proton 62 100 5 × 10
7

15 Proton 62 50 1 × 10
7

16 Proton 62 100 1 × 10
9

17 Proton 62 100 5 × 10
8

18 Carbon 120 20 N/A

19 Carbon 400 20 N/A

20 Carbon 260 20 N/A

21 Carbon 120 100 N/A
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I just love seeing Gaussians now.

Kevin Heijhoff, Sep. 2019

4
X-ray Computed Tomography

This chapter serves as an introduction of x-ray CT (computed tomography), types of artefacts that
can be observed in CT reconstructions, the experimental setups which I made for XRF (x-ray flu-
orescence), 2D imaging and CT measurements. This experimental setup was developed and used
for all measurements using x-rays in this work.

4.1 Introduction

With Johann Radon finding a mathematical solution to the tomographic problem in 1917 and
subsequently Sir Godfrey Hounsfield reconstructing the first human head in the late 1960s; it is
safe to say that computed tomography is a very well established field. This introduction is therefore
exclusively intended to give the reader an overview. Further details can be found in the literature in
great detail.

Intensity attenuation due to photo electric absorption can be described by the ‘Beer-Lambert
Law’. I is the intensity after traversing amaterial of thickness,Z, with a linear attenuation coefficient
dependent on energy, µ(E), and an initial intensity, I0:

I = I0e−μ(E)Z (4.1)

rearranges to:

μ(E)Z = − ln (
I
I0
) (4.2)

This assumes a zero-width, monochromatic photon beam entering a homogeneous material
which does not refract or diffract when coming into contact with any surfaces. In reality, the beam
will have a non-zerowidth and commonx-ray sources are significantly polychromatic. Higher order
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effects are also visible from refraction and diffraction even with common x-ray sources. Another
complication arises when one considers the case of imaging an inhomogeneous object, essentially
any real object of interest. In this situation, the equation becomes:

I =
∫ Emax

0
I0(E) · e−

∫ Z
0 μ(E,z)dzdE (4.3)

Not knowing the precise energy distribution or the atomic composition of every pathwithin an ob-
ject limits the usefulness of equation 4.3. If one assumes a single energy, which can be approximated
with proper combinations of x-ray sources and filters, the equation becomes:

I = I0 · e−
∫ Z
0 μ(z)dz (4.4)

Equation4.4 is rearranged to the ‘RadonTransform’ anddescribes the line integral of the summed
attenuation of all materials in the sample.

ln
(
I0
I

)
= −

∫ Z

0
μ(z)dz (4.5)

Wenowgo through foundational computed tomography geometry, this explanation very closely
follows a web-page onMathWorks (53). Figures have been remade based on the figures in this web-
page.

A projection of a two-dimensional function f(x, y) is a set of line integrals. An image on our
detector is generated with a cone shaped beam where the object being imaged is rotated and the
detector and x-ray source are static. Figure 4.1 shows a single projection at one of many rotation
angles. Given that this is a 2D image, the cone beam is visualised as a fan. The line integral of f(x, y)
in the vertical direction is the projection of f(x, y) onto the x-axis; the line integral in the horizontal
direction is the projection of f(x, y) onto the y-axis.
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Figure 4.1: A fan-beam projection at a rotation angle, θ.

An example of horizontal and vertical projections for a simple 2D function is shown in figure
4.2.

Figure 4.2: Horizontal and vertical projections of a simple two dimensional function.

Projections can bemeasured along any angle theta, θ. In general, the Radon transform of f(x, y)
is the line integral of f parallel to the y′-axis.

We define this line integralRθ(x′) as:

Rθ(x′) =
∫ ∞

−∞
f (x′cos θ− y′sin θ, x′sin θ+ y′cos θ) dy′ (4.6)
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where: [
x′

y′

]
=

[
cos θ sin θ

−sin θ cos θ

][
x
y

]
(4.7)

Figure 4.3 illustrates the geometry of the Radon transform.

Figure 4.3: Geometry of the Radon transform where Rθ(x′) is the Radon transform of
the axis x′.

The primary method to invert the Radon transform is the filtered back-projection, which is
an analytical (not iterative) algorithm. The filtered back-projection can be used to reconstruct the
density per voxel (3D pixel), however the exact solution requires an infinite number of rotations
and detector pixels. In reality, tomographic x-ray measurements yield a finite number of rotations
with a finite number of pixels. Solutions to this inversion problem include direct Fourier methods,
filtered back-projection and iterative methods (algebraic and statistical). A thorough introduction
to computed tomography can be found in print and freely online in ‘Principles of Computerized
Tomographic Imaging’ (54) and also Enrico Schioppa’s PhD thesis (55).

Spatial resolution is determined by the pixel size divided by the magnification factor. When
using x-ray tubes, spatial resolution is ultimately limited by x-ray spot size. Themagnification factor
is always more than one for cone beam x-ray sources, such as the type used in this work. Figure 4.4
visually summarises this.

In the sameway as beams of visible light, cone beam (diverging) x-ray beamsmagnify objects the
closer they are to the source. Themagnification of the object (M) is the ‘source to detector distance’
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(SDD) divided by the ‘source to object distance’ (SOD).

M =
SDD
SOD

(4.8)

The projected pixel size (v) can be calculated by dividing the detector pixel pitch (d) by the magni-
fication (M).

v =
d
M

(4.9)

Since the objectsmeasured always have some thickness, the source to object distance varies. Mag-
nification therefore is different within the object depending on how far away it is from the source.
The points ofminimum andmaximummagnification are the object point closest to the source and
the point closest to the detector as the object rotates. These are marked as points A and B in figure
4.4.

Figure 4.4: Anoverview of a cone beam computed tomography (CBCT) scan focused on
magnification of the object being imaged.
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The following calculations of the central and extreme magnifications and voxel size use realistic
numbers based on the geometry of a real measurement in the Nikhef X-ray cabinet:

• Detector pixel pitch = 110 µm;

• SOD = 100 mm;

• SDD = 160 mm;

• Object depth = 20 mm.

Mcentre =
160mm
100mm

= 1.60 (4.10)

MA =
160mm

100mm− (20mm/2)
= 1.78 (4.11)

MB =
160mm

100mm+ (20mm/2)
= 1.45 (4.12)

v =
110µm
1.60

= 68.8 µm (4.13)

Themagnification using these example values is 1.60 at the centre, theminimum is 1.45 and the
maximum is 1.78.

It should be noted that all CT reconstructions in this work were enabled by the ‘ASTRA’ tool-
box using 3D cone beam reconstruction methods and GPU acceleration via the Python CUDA
bindings (56; 57). This cone beam reconstruction is there to take the ‘non-uniform’ object magni-
fication into account.

To match the small size of the detector a small custom phantom was produced based on my de-
sign at Nikhef. Figure 4.5 shows the engineering schematic of this phantom. A custom design was
necessary because existing commercial CT phantoms are overwhelmingly meant for larger systems.
It is a cylinder with a lid, both made of PMMA-c (polymethyl methacrylate, also known as acrylic,
Plexiglas, Perspex etc.). It has seven 4.00 mm diameter holes along the length of the cylinder which
contain other materials. These materials were other plastics and were chosen due to their relatively
similar x-ray attenuation coefficients and densities. Water and air were also included.

This phantom is used in this chapter to explain sinograms and one type of CT reconstruction
artefact.
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4.2 Experimental setup

The x-ray cabinet was a fire safe that, by means of interlocks and lead cladding, was made fit for
safely sealing the X-ray imaging set-up.

Two images of the cabinet can be found in figure 4.6. The upper half shows the cabinet when
closed and actively imagingwith x-rays. The lower half is when the cabinet is openwith the detector
in the 2D or CT imaging layout. The x-ray tube is the bright red box on the right, the detector is in
the middle and is mounted to the fine y-z stage. The cabinet is lined with a few mm of lead.

Figure 4.6: Two images of the Nikhef x-ray cabinet, closed and open.

Nowweknowwhat the cabinet looks like, we switch to the experimental setupoverviewdiagram
in figure 4.7. It shows the system components and their two layouts for the same detector. The first
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was for XRFmeasurements and the other was for 2D andCT imaging. The detector was mounted
to the fine-y-z stage when doing 2D or CT imaging.

The internal dimensions of the cabinet are 140× 52× 37 cm3. The sensor bias voltage cable,
data and power cables are only shown for the 2D and CT imaging position; they are all present for
all layouts.

The layout labelled ‘XRF’ shows how the detector is positioned for XRF measurements. The
aim in this configuration is to measure the x-ray absorption edge energies (commonly known as
‘k-edges’) of a specific target material, not the primary beam itself. Several of these well known
reference energies are used for detector energy calibrations. This is discussed further in the next
chapter.

The detector is positioned as far outside the primary x-ray beam as possible in order tomaximise
the XRF signal relative to background events. Most background events in this configuration are
expected to come from scattered photons from the primary x-ray beam, they could be scattered
from the target material or anything else in the cabinet, including the lead lined walls.

An example of what this looks like when measuring copper is in figure 4.8. The x-ray spectrom-
eter used was a SDD (silicon drift detector), a low count rate, high energy resolution detector. The
make and model were: Amptek XR-100SDD.
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Figure 4.7: The experimental setup overview with two layouts, one for XRF measure-
ments (outside the main beam) and the other for 2D and CT imaging. The white dashed
lines diverging from the x-ray tube represent the approximate shape of the x-ray radiation
emission. The manually controlled brass z-stage is on the rotation stage which rotates in
the x-y plane. The coordinate system is in the lower right.
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Figure 4.8: An image of the experimental setup for a XRF measurement of copper. The
x-ray tube is the bright red box on the right, the copper target material is on the left and the
Medipix3 and a x-ray spectrometer are above the x-ray tube.

The most frequently used detector layout was the one for 2D and CT imaging. In this config-
uration, we are interested in the x-ray attenuation differences both spatially and as a function of
energy - effectively this is ‘colour imaging’. An example of the 2D and CT imaging layout is shown
in figure 4.9.
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Figure 4.9: An image of the experimental setup for 2D and CT imaging of a blueberry,
which is on the manually controlled brass stage. This is on the black rotation stage with
white letters indicating the current angle. There is a filter on the detector.
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Figure 4.10: An overview diagram of a basic cone beam CT (CBCT) setup with a focus
on the interior of a rotating target x-ray tube.

Figure 4.10 is a deeper dive into the x-ray tube and it shows the most basic form of a CBCT
(cone beam computed tomography)measurement setup. Abrief description of the relevant physics
within a CBCT setup follows.

Electrons are emitted via thermionic emission from a heated filament. The electrons are accel-
erated towards the tungsten target and focused by the focusing cup into a small area, typical values
are in the range of the µm to mm scale. The electrons decelerate as they interact with the tungsten
target and emit x-rays via bremsstrahlung. The x-rays are emitted in a cone profile through a thin
beryllium window and outside of the x-ray tube. The x-rays are then attenuated by an object and
some pass through to finally reach the detector. The source to object (centre of rotation) and the
object to detector distances are critical parameters forCT (computed tomography) reconstructions.
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The fine ‘y-z’ stage has a range of 0—25 mm displacement in both the y and z axis respectively.
This allows scanning of objects larger than otherwise possible without this control. Themaximum
effective scan area achievable in this setup is 53× 53 mm2 = 2809 mm2 in a 2× 2 grid layout, this
is determined by both combination of the detector size (28 × 28 mm2) and the translation stage
(0—25 mm).

We can also magnify the images due to the cone shaped x-ray beam by changing the source to
detector distance (SDD) and/or the source to object distance (SOD), see equation 4.8. This enables
scans of smaller objects at higher magnification and therefore better spatial resolution, ultimately
limited by the spot size of the x-ray tube.

A visual aid for this is figure 4.11. It shows the two-by-two grid layout and the overlapping areas
which aid stitching. Ultimately, the x-ray tubewould also limit themaximum scan size due to the di-
verging beam. The primary disadvantage of tiled scanning is that the measurement time now scales
with the area. Secondarily, drift effects would be introduced which complicates reconstruction.

Figure 4.11: A diagram showing the two by two grid layout of the quad chip Medipix3
detector. This layoutmaximises the scan area specifically for theNikhef cabinet to 53×53
mm2 using a detector with an active area of 28×28mm2. The coloured squares represent
the detector areas. The squares at the centre of the detector areas mark the central point of
the detector. There is 3 mm of overlap in this configuration.
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4.3 Sinograms

In short, sinograms are a representation of CT data-sets where one axis is the rotation angle and the
other is one column or row of the original images. They appear as multiple overlaid sinusoidally
varying bands. The in-depth explanation of sinograms and the image acquisition and basic process-
ing chain follows.

First, we start with the images, this is the ‘I’ term in equation 4.1:

I = I0e−μ(E)·Z

Keeping inmind the coordinate system introduced infigure 4.7, theprojection images are the object
as seen by the detector (in the y-z plane) as the object is rotated on a stage, around the z axis. We
can then perform a flat-field correction by dividing the images (I) by the flat field images (I0), taking
the natural logarithm and multiplying by -1. Flat-field images are images taken under the same
conditions as the projection images butwithout the object in view. At this point, we are at equation
4.2:

μ(E) · Z = − ln (
I
I0
)

We now have a three dimensional dataset, where the axes are y, z and object rotation angle - we
measure from 0 to 360 degrees. There are typically many hundreds of angles measured. The x axis
of the sinograms is the axis perpendicular to the rotational axis of the object, row. The y axis is the
rotation angle of the object. This results in sinusoidally varying bands, they are symmetric along
the object rotation angle at 180 degrees. Often this property is used to only take 0 to 180 degree
scans and achieve a faster scan that, in theory, samples the volume space equally.

These sinograms are then fed into the CT reconstruction algorithms which output a three di-
mensional volume - the reconstructed slices in the x-y plane. The thickness of these slices is one
voxel. The units here are x-ray linear attenuation coefficients (m−1). These are subsequently visu-
alised and analysed. There are many ways to use this data, it could be inspecting the slices directly,
making volume renderings with thresholds for air, or analysingmanyCT reconstructions as a func-
tion of energy.

A diagram which summarises this process is figure 4.12. Note that there is a steel wire wrapped
around the phantom in a helix shape which is not shown in the pictures. The dead pixels can be
seen in the raw images - they are the small, randomly distributed black dots. They can be seen in
the raw sinograms as the thin vertical black lines.
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Figure 4.12: A diagram of the most simplified CT scan and reconstruction. The coordi-
nate system used is in the upper right corner. X-rays are emitted from a source, they pass
through an object and then are detected. These raw images are then corrected using a flat
field image, the corrected sinograms are reconstructed using computed tomography algo-
rithms. The output is a three dimensional volume of x-ray attenuation coefficients.
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4.4 Artefacts

We have many types of artefacts in our CT reconstructions, including cupping, beam hardening
and ring artefacts. They are significant and therefore all need to be minimised before any work on
spectral CT analysis makes any sense.

4.4.1 Beam hardening

An x-ray beam from most x-ray sources is polychromatic, which means it has a wide energy distri-
bution, anything up to the peak voltage used to accelerate the electrons. X-ray absorption inmatter
is both strongly atomic number (Z) and energy dependent (E). For a given homogeneous material
and a polychromatic spectrum, one would therefore expect the x-ray beam to have a different en-
ergy distribution after passing through than before. Due to how the attenuation tends to reduce
as a function of energy, this results in the energy distribution being dampened in the lower energy
region. An alternative description is that the energy distribution has relatively more high energy
than low energy x-rays after transiting a given material.

This phenomenon is referred to as ‘beam hardening’. Beam hardening in CT reconstructions
introduces streaking and/or cupping artefacts in the reconstructed slices (58).

4.4.2 Streaking artefacts

Streaking artefacts are found in areas with relatively high local attenuation variations, such as from
bone to muscle or metal to bone and so on. They affect both the object itself and outside of the
object, causing the artefact. They are the result of both beam hardening and Compton scattered
x-rays. In the medical context, MAR (metal artefact reduction) algorithms are often used. Since
streaking artefacts are caused by beam hardening, having energy sensitivity provides physical infor-
mation to address the problem. An approach called ‘dual energy CT’ using existing detectors and
two peak acceleration voltages is used to generate ‘virtual monochromatic images’. This partially
fixes the issue.

Streaking artefacts are visible in figure 4.12 in the reconstructed slices section (lower right). For
the sake of clarity, one of these reconstructions is displayed in figure 4.13. This figure indicates
three regions of interest (ROI). The area between the two circles is the same material of the same
density as the rest of the phantom bulk. However, the reconstructed attenuation coefficients in
the green ROI is lower than the average value of the PMMA, one of several streaking artefacts here.
The second artefact is between the brightest circle in the ROI and the steel wire in the yellow ROI.
Yet another example can be seen around the wire in the red ROI, the wire is wrapped around the
phantom and has a circular profile. The reconstruction shows excessively high and low intensity
areas around the wire for all slices, curving both into the phantom and into the air.
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Figure 4.13: An example reconstruction of the calibration phantomwith three examples
of streaking artefacts with regions of interests shown in red, yellow and green dotted rect-
angles.

4.4.3 Cupping artefacts

As a polychromatic x-ray beam passes through a homogeneous cylinder, the centre of the cylinder
absorbs more photons relative to the edges. Given the energy dependent absorption, the resulting
x-ray beam through the thin parts at the outside cause a disproportionately large absorption of low
energies. This results in a reconstructed profile resembling a cup, hence why these are referred to
as cupping artefacts. The values reduce approaching the centre and increase approaching the edges.
Software approaches exist to mitigate this effect, they are not perfect. There are many potential
physical approaches to this including pre-hardening the beamwith filters and detector based meth-
ods. An example of a cupping artefact is shown in figure 4.14b with the corresponding line profile
in 4.14c and volume rendering in figure 4.14a.
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(a) A volume rendering of a
tooth with the yellow dotted

line indicating the
approximate slice used for

figure 4.14b.

(b) A reconstructed slice
approximately at one third of
the tooth height as indicated
in figure 4.14a. The scale is
set to the full range of the

values in this slice.

(c) The line profile of the
selected horizontal area
encapsulated in yellow in
figure 4.14b. The cupping
artefact is the sharp increase
at the edges of the object
with the smooth decrease

towards the centre.

Figure 4.14: An example of cupping artefacts using a humanwisdom tooth. All subplots
show the same CT reconstruction data (CT number).

Beam hardening artefacts can be reduced by many methods. For example, by selecting a narrow
energy window by using filters, detector thresholds or using a monochromatic source, the strong
energy dependence is no longer a factor. Secondly, scanning objects with lower variations of atomic
number will result in lower beam hardening artefacts; however, even perfectly pure and uniform
materials will show cupping artefacts. And finally, using sensors that are fully absorbing at the
energy range of interest will also help. For higher energies this is achievedwith higher Z sensors such
as GaAs (Gallium Arsenide), CdTe (Cadmium Telluride) & CZT (Cadmium Zinc Telluride).

4.4.4 Ring artefacts

Ring artefacts look like tree growth rings in reconstructed slices and occur primarily due to detec-
tor element mismatches and beam hardening from sub-optimal flat field corrections. Variations
in radiation source intensity and peak voltage can also introduce ring artefacts but this is typically
negligible with current technology. They can be full or partial rings. As the object rotates, a given
pixel will see different parts of the projected object. If that pixel has a different gain or noise base-
line than its neighbours, it will appear different (brighter or darker) in the sinograms. Darker or
brighter columns are then observed in the sinograms. These are propagated as rings in the CT re-
constructions - these rings are systematic errors.

Detector elements have both systematic errors and random variations. Systematic errors can be
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caused by different gains, noise offsets per detector element, or even variations in sensor thickness
(59). This can be seen in figure 4.15, column four, row D. Random variations can be due to elec-
tronics or sensor effects which can depend on radiation, time, temperature and so on. For example,
CdTe polarises with exposure to x-rays, which changes the response as a function of dose (60).

Beyondflat field corrections, thebestmethods to eliminate ring artefacts is to eithermanufacture
identical detector elements or to be able to calibrate each detector element perfectly and for the
calibration to be completely accurate over time. There are practical issues with all three of these
points; this is discussed in the next chapter. The physical approaches, therefore, do not offer a
practical and complete solution. Software methods can complement these in sinogram space or on
the reconstructed slices.

A custom column-based filtering approach was developed in sinogram space and has been ap-
plied to all reconstructions shown in this work. The idea behind the algorithm is that the average
value per column should be smoothly varying. It is intended to reduce the impact of pixel-to-pixel
gain and noise baseline variations. The Python code for this with comments is included in Ap-
pendix E. A short summary of the algorithm follows and a diagram illustrating the filtering can be
found in figure 4.16. There are two inputs to the function, one is a three-dimensional array of the
rotation data (raw or corrected) and the other is a threshold for above the air but below the object
(above_air_value_but_below_interesting_data). The data axes are rows, object rotation
angle and columns. For example it could be shaped as (256, 600, 256) where there are 600 rota-
tion angles and the detector has 256 rows and columns. For each row, the mean along the rota-
tion angle is calculated (column_array). There is a nested loop where the window size is iterated
over up to a fixed maximum. Within this, there is another iteration for the specific column. If the
column_array is greater than the
above_air_value_but_below_interesting_data, this column is set to the mean of the left
and right windows. The size of the left and right windows is defined by the window size,
window_size. The input array is not modified, copies of arrays are made to ensure the intended
behaviour. The sinogram is corrected by multiplying the ratio of the new modified array divided
by the original unmodified array. In terms of the code length, this is a very simple algorithm at
only 15 lines of Python code, excluding whitespace and comments. Execution time scales with the
square of the window_size - in Big O notation, this isO(n2). It could also be easily parallelised to
run on many CPU cores. For the data used in this work, a window_size of five was found to be
approximately the point of diminishing returns.

The overall approach used in this work includes the column-based filtering, energy calibrations
per pixel, corrections based on those calibrations (Energy Calibrated Images) all on top of standard
flat field corrections. This is visually summarised in figures 4.5 and 4.15.
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Figure 4.15: Ring artefact reductions with raw uncorrected data, flat field corrections
only and energy calibrated images reconstructed at 6 keV with flat field corrections with
sinograms and reconstructed slices. Software-basedmethods to correct for ring artefacts are
common between columns two to four, this plot is exclusively showing the impact of ECI.
Column four shows the difference between columns two and three, the effect of the energy
calibration per pixel and subsequent reconstruction at 6 keV. Row C is row B cropped to
a given area and the visualisation range is set to fit the data within the yellow boxes for
each image. It shows how there are successively lower ring artefacts (vertical straight lines
in sinograms) going from columns one to three. The object scanned here is the CT HU
calibration phantomwith a thin steel wire wrapped around in a helix. Column four shows
how column three is better than column two. Column one is an x-ray image and its sino-
gram, column two, and column three are corrected images with their respective sinograms
and reconstructions. The horizontal dashed yellow line indicates corresponding sinogram
slice for the projections in row A.
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Figure 4.16: A diagram showing an example sinogram before and after using the column
based filtering method. The uncorrected raw sinogram is on the left, followed by the cor-
rected sinogram, and finally the difference between the raw and corrected sinograms is
shown. The second row shows the zoomed-in region of interest as indicated by the yel-
low squares in the first row. It can be seen that the relatively prominent vertical lines in the
raw sinograms are reduced in the second column. Therefore, this reduces ring artefacts.
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4.4.5 Other artefacts

As discussed in section 2.6.4, random telegraphic noise is a process which results in random varia-
tions in pixel response over a wide frequency range. RTN affects both single pixels and chips, and
so it propagates to CT scans in multiple ways. Randomly varying pixels cause partial or full ring
artefacts. Randomly varying chips cause artefacts (horizontal or vertical lines) in sinograms over the
rotation angle axis; this also propagates to the CT reconstructions.

Instabilities in the radiation source can also cause artefacts, either the energy distribution or the
intensity can vary. Variations in the energy distribution can result in differences in beam hardening;
this has not been observed in this work.

Variations in the x-ray tube current would result in corresponding detector-wide variations in
counts. The result of this would be similar to RTN at chip level except that it would be relatively
easy to correct for bymultiplication and/or addition to smooth out the variations. Variations of the
x-ray tube intensity could bemeasured with an additional detector as a cross check to theMedipix3
since the Medipix3 chips are expected to be less stable than the x-ray tube.
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Work expands so as to fill the time available for its completion.

Cyril Northcote Parkinson, The Economist, 1955

5
Spectral X-ray Imaging

Hybrid pixel detectors can measure the x-ray spectrum and also enable very high speed measure-
ments by high frame rates in the order of kilohertz. The high frame rate enables x-ray videos of
moving organs like the heart with truly negligible motion artefacts.

Conventionally, the energy information of the x-ray spectrum is entangled by integrating over
all energies. This is a detector limitation. When designing a detector, there must be a compro-
mise between spatial resolution and energy resolution. You end up with imaging detectors (fast
and no/low energy resolution), spectroscopic detectors (good energy resolution but slow) or some-
thing between. This gap is filled with the advent of hybrid pixel detector chips; these chips have
comparable spatial resolution to imaging detectors while having energy resolving power. This is
interesting for certain applications, one such application is discussed in the subsequent chapter.

X-ray attenuation for all materials is strongly dependent on energy, especially in the 1—100 keV
range. This is the core of the reason why having any energy sensitivity is beneficial. It can be used
to reduce artefacts in CT scans and allow the selection of specific contrast agents with transition
energies in relevant energy ranges. These include iodine, gadolinium and gold nanoparticles. Since
a new dimension, energy, is measured, it could even enable entirely new imaging techniques.

5.1 Linear attenuation coefficient over energy

The mass attenuation coefficient, µ(E)
ρ

, is heavily dependent on energy and is discussed in section
5.2.

Within the mass attenuation coefficient, the linear attenuation coefficient (µ(E)) is the term
that is dependent on energy. It is possible to reconstruct the energy dependency of the linear atten-
uation coefficient. Medipix3 specifically allows this because it is able to set 1—8 energy thresholds

131



5

5. SPECTRALX-RAY IMAGING

depending on the configuration. Flat panel detectors do not share this feature and so the peak x-
ray voltage is varied to accomplish a similar goal; this is used in dual energy CT. As a bonus, the
Medipix3 is able to record at multiple energy thresholds simultaneously. This is important because
the quantum noise is precisely the same for different thresholds; thus eliminating that error source
when subtracting energy thresholds from each other. This is further discussed in subsection 5.5.4.

In order to uniquely determine elements and compounds, we can use the linear x-ray attenua-
tion coefficient as functions of energy. We can build up the relative linear attenuation coefficient
as a function of energy by measuring at many energies. Breaking that down further, we need to
derive the ratio of the linear attenuation coefficients at two energies, µE2

µE1
. To do that, we start from

equation 4.1.

I = I0 · e−μ(E)·Z (5.1)

Z =
−1
μ(E)

· ln
(

I
I0

)
(5.2)

ZE1 ≡ ZE2 (5.3)

∴ −1
μE1

· ln
(

IE1

IE0,1

)
=

−1
μE2

· ln
(

IE2

IE0,2

)
(5.4)

μE2

μE1

=
ln
(

IE2
IE0,2

)
ln
(

IE1
IE0,1

) (5.5)

To precisely calculate the ratios of linear attenuation coefficients at different energies, ideally
the energy resolution and threshold dispersion would be zero. In reality, the energy resolution
FWHM and the threshold dispersion are in the order of keV. For this application with soft tissues
and a silicon sensor, this is a significant issue. The linear attenuation coefficient varies the most at
low energies (< 10 keV) and silicon becomes almost transparent above 25 keV. On top of this, the
minimum energy threshold that can be reliably used with this configuration is 5 keV.

The threshold dispersion is minimised at the noise baseline, so at the minimum usable level (5
keV), the threshold dispersion isminimal. As the energy increases the threshold dispersion increases
proportionally so pixels respond at increasingly different energies. This shows itself as progressively
noisier images as a function of energy. Energy calibration per pixel offers a first order correction for
this effect; this is discussed in section 5.3.

5.2 Soft tissue x-ray contrast

The x-ray mass attenuation coefficients as a function of energy for various tissue types have been
measured and tabulated in NIST’s x-ray mass attenuation coefficients table three
http://physics.nist.gov/PhysRefData/XrayMassCoef/tab3.html. Mass attenuation coefficients are
strongly atomic number (Z) and energy dependent since the photoelectric cross section σph is pro-
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portional to Z4

E3 . However, almost all elements found in the human body by mass are low Z such
as oxygen, carbon, hydrogen, nitrogen and calcium. Therefore, apart from bones, the differences
in attenuation are mostly due to density variations. These density variations result from biological
aspects, for example blood in one part of the body will have a slightly different density to elsewhere
because the number of red blood cells is different.

In most biological materials, the variations in density and chemical composition are larger than
the variation in x-raymass attenuation coefficients over the energy rangewe are capable ofmeasuring
over. It is therefore not sufficient to use these x-ray mass attenuation tables for determining soft
tissue contrast as a function of energy.

This subsection explores how x-ray attenuation differences affect imaging contrast. The differ-
ences are demonstrated between soft tissue and hard tissue such as bone andwithin soft tissues. We
startwith a fundamental overviewofphoton interactionswithmatter in the x-ray energy region. We
then cover the absolute attenuation of various materials of interest over the relevant energy range
and compare these to each other.

We start with the absolute x-ray attenuations for various biological materials in figure 5.1. Note
that themass attenuation coefficient is used asmaterials do vary in terms of density and so a density-
independent metric is useful for material comparisons.
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Figure 5.1: The mass attenuation coefficients, µ/ρ, for six materials of interest: cor-
tical bone, liquid water, dry air near sea level, skeletal muscle tissue, adipose tissue and
polyethylene. The materials in the legend are ordered in terms of descending average mass
attenuation coefficient. The black dashed rectangle indicates the region of interest used in
the subsequent plot. The data for these coefficients is compiled, updated and distributed
by NIST (National Institute of Standard and Technology), USA (61) under the X-Ray
Mass Attenuation Coefficients section: https://physics.nist.gov/PhysRefData/
XrayMassCoef/tab4.html.

As one might expect, bone has the highest average mass attenuation coefficient over most of
this energy range. Polyethylene and adipose (fat) tissue have the lowest coefficients for most of the
energy range plotted. The ‘ICRU-44’ postfix as seen in the legend of figure 5.1 is in reference to
the International Commission on Radiation Physics Report 44: ‘Tissue Substitutes in Radiation
Dosimetry and Measurement’ published in January 1989; it standardised the definition of certain
composite materials as specific ratios of elements. The rest of the materials (air, muscle & water)
are clustered together in this log-log scale plot, showing that there are minimal differences between
them over the energy range of interest. In addition to this, the K-shell photoelectric effect transi-
tion energies of carbon, nitrogen and oxygen are 277, 392.4 and 524.9 eV respectively, which is far
below the noise floor of the Medipix3 under ideal conditions (∼ 4 keV with a Si sensor). There
are therefore no transition energies of the main components of soft tissue in the achievable energy
range. Even ignoring the problem of the noise floor, x-rays of such low energies strongly interact
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with air and someasurements in vacuumwould become necessary and only very thin objects could
be imaged.

Zooming to amore relevant region in figure 5.2, we see differences starting to emerge. Note that
the plot is now zoomed into a smaller range in both axes and is now a log-linear plot rather than
log-log. The lines are not smooth due to the finite sampling of these coefficients from NIST. At
this point, one may think that it is trivial to separate these materials. This is not the case because
there are significant density variations for these materials, especially muscle and adipose tissues.

Figure 5.2: The photon mass attenuation coefficients for various composite materials
from zero to 100 keV. The data used in these plots are fromNIST’s x-raymass attenuation
coefficient table 4. The vertical dashed grey line at 5.0 keV indicates the approximate min-
imum achievable energy threshold withMedipix3 with a silicon sensor.

One method to help with this is to normalise a given measurement with the equivalent air mea-
surement (without the object of interest); this is known as a flat-field correction. We nowmultiply
by density to arrive at the attenuation coefficient, µ

ρ
× ρ = µ. We now add in±3σ error bands us-

ing data compiled byTheFoundation forResearch on InformationTechnologies in Society (IT’IS),
Switzerland (62).

Figure 5.3 uses information from these data; it shows how the selected tissues nowoverlap, given
the variation within the population. Bone is the only tissue in this list that can be unambiguously
separated from the others over this energy range. In the context of this work, we are interested in
soft tissues such as breast, muscle and fat. These have the biggest separation at low energies and have
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significant overlap by 40 keV. Therefore, even with a perfect measurement of these coefficients, it
is not possible to unambiguously distinguish soft tissues from each other.

Figure 5.3: The photon attenuation coefficients for several biological materials from 5 to
90 keV. The data used in these plots are fromNIST’s x-ray mass attenuation coefficient ta-
ble four. The error bands used are the 3σ values from the tissue density database compiled
by the IT’IS Foundation (The Foundation for Research on Information Technologies in
Society) (62). The vertical grey dashed line at 5.0 keV indicates the approximateminimum
achievable energy threshold withMedipix3 with a silicon sensor.

5.3 Energy calibration

Overview

This subsection exclusively discusses the energy calibration approach. The application of this for
imaging are discussed later in section 5.5.

Energy calibration of the detector can be achievedwithXRF (x-ray fluoroscopy) where one uses
multiple pure and thin metal foils with electronic transitions to obtain single
energy references. Typically the transitions used are calledKα andKβ in the Siegbahn
notation and respectively also calledK− L3 andK− L2 in the modern IUPAC
(International Union of Pure and Applied Chemistry) notation.

Another option for single energy references is electronic test pulses which are built into every
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pixel. Test pulses need to be calibrated themselves as well and would only test the front end pixel
electronics. With XRF you calibrate the entire system, pixel and sensor, at once. Therefore test
pulses are not used.

Threshold scans are defined as follows. With the radiation source active, one acquires an image,
changes a threshold(s) by some step size and then repeats until finished. They are frequently used
for chip and radiation characterisation and some types of measurements. Subsequent analysis is
application specific. Since this scan type is common, it was implemented in software where one
enters parameters like step size and frames per threshold and where the files will be saved.

Both XRF and test pulse calibration methods scan over the threshold to probe the relation-
ship between threshold and counts. Threshold DACs are linearly proportional to energy within
the energy range of interest. The threshold scan produces distributions of counts over the thresh-
old (in DAC units) which are ideally error functions (‘erf’), often referred to as ‘S-curves’ in the
Medipix group due to their shape. The differential represents the number of counts per energy
bin (DAC step). Ideally you would get a normal distribution. However, due to charge sharing and
weaker emission lines at slightly different energies the distribution will not be perfectly normally
distributed, figures 5.5 and 5.6 show this. The normal distribution corresponding to the XRF line
of interest can be disentangled from the background. The mean of the normal distribution maps
to the DAC value at which the energy reference is. The standard deviation of the normal distribu-
tion gives the energy resolution, which can be expressed in both DAC units and in energy. With
multiple known energies, this process can be repeated for sufficient data points; three would be the
absolute minimum. This analysis is used similarly for chips and individual pixels and is graphically
summarised in figure 2.7.

Many factors complicate this story. Firstly, charge sharing between pixels results in a skewed
distribution towards lower energies. Secondly, the experimental setup is not unlikely to result in
x-rays at other energies than the reference level; this can happen for many reasons. Finally among
other reasons, when using sensor materials with K edges in the energy range one is attempting to
calibrate, such as GaAs, CdTe and CZT, additional error sources are introduced.

Evenwithmonochromatic synchrotron radiation, suchmeasurements do not result in a perfect
error function, there is always a low energy tail using both SPM and CSM as shown in figure 5.4.
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Figure 5.4: Figure 9.13 with the original caption (27).

Supposing that the aforementioned challenges are overcome, one might assume to be in posses-
sion of a perfect energy calibration for every chip and for every pixel within that chip. While that
should be true at that time, any energy calibration will need to be refreshed after some experiment
specific time. As detailed in chapter 2, the system response does vary over time beyond photon
counting statistics. The most extreme practical option would be to calibrate before and after indi-
vidual measurements.

If thresholds are set too close to each other in energy, the effect of the energy resolution and
inter-pixel variation will produce increasingly non-physical results when subtracting one from the
other. There is therefore a minimum inter-threshold energy spacing which should be maintained.
This spacing should be more than the energy resolution of the chip.

A practical example follows. When using a polychromatic x-ray source (like an x-ray tube), if
th0 is set to 10 keV and th1 is set to 11 keV, one might expect every pixel in th0 to count more than
th1. In reality, this does not occur, sometimes the same pixel in th0 will count less than th1 even
though th0 is set at a lower threshold.

Each physical pixel contains a set of transistors and each set of transistors corresponds to a thresh-
old. Due to engineering tolerances in production, there are noise and gain variations in these sets
of transistors. Therefore, different thresholds have different energy calibrations. This results in
needing between one and eight thresholds per chip. For a multi-chip detector, the number of en-
ergy calibrations is then multiplied by the number of chips, so for the four chip systems used in
this work, between four and 32 energy calibrations are required per detector just for the thresholds
themselves. The analysis of calibrating each pixel is presented in the subsequent subsection.
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Analysis

The following subsection outlines the full chain analysis from the observed counts over the thresh-
old to various high level statistical metrics. The examples shown in this analysis utilise a 500 µm
thick silicon sensor biased to +150 V with a pixel pitch of 110 µm and with SPM. The analysis is
independent of all of these properties. The main difference with CSM is that figure 5.5 would be
closer to a horizontally flipped error function, which propagates in the analysis accordingly.

Startingwith a threshold scan of Sn in theXRF experimental setupwith SPM, the data for figure
5.5 is directly measured. This figure shows one pixel with x-y coordinates of (100,100) arbitrarily
chosen. Sn has three fluorescence energies close to each other, K − α1 at 25.2714 keV, K − α2 at
25.0440 keV and K − β1 at 28.4860 keV. The K − α energies are not separable with a Medipix3
because they are only 227.4 eV apart, which is less than the energy resolution per pixel. Therefore
the two features (changes in slopes) at∼ 118 and∼ 132DACunits correspond to themixedK− α
energies and theK− β1 energy. The increase in the number of counts to the left of these features is
expected and due to charge sharing primarily.

Figure 5.5: Counts as a function of threshold for a single pixel (x = 100, y = 100) for
an example measurement using Sn x-ray fluorescence. There are mixedK− α energies and
theK− β1 energy respectively at∼ 118 and∼ 132 DAC units.
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Figure 5.6: The numerically differentiated counts as a function of threshold for a single
pixel (x = 100, y = 100) for an example measurement using Sn x-ray fluorescence. After
the gradient is removed from the data, aGaussian distribution is fitted. Only themain peak
is used for the fit due to both the noise and the presence of a second peak at a slightly higher
threshold (energy).

Figure 5.6 moves on to show the result of numerically differentiating the data from figure 5.5,
see the blue circles labelled ‘(1) Differentiated raw data’. Fitting a Gaussian distribution to this data
leads to poor quality fits due to both the charge sharing at lower thresholds than the main peak
and the higher relative noise at lower thresholds. By subtracting the gradient in the differentiated
raw data using a straight line fit (‘(2) Straight line fit of (1)’), the fit quality and reliability increases
dramatically because the low energy tail is removed and only a subset of the data around the peak is
used for the fit. This method was chosen after developing a more physically accurate model which
produced very similar results and took a few orders of magnitude longer to compute. Specifically,
three points immediately before the peak and ten points after are used. This approach could be
optimised many ways, for example a composite function could be fitted to the data instead. This
could take the form of an error function with a Gaussian distribution. The fit to the resulting
distribution (‘(3) (1)minus (2)’) is labelled ‘(4)Gaussian fit of (3)...’ which has correspondingmean
(µ) and sigma (σ) values. Themaximumpoint of the distribution is labelled as ‘(5)Maximumpoint
= ...’. In this analysis, only the strongest peak is considered. This is potentially another point for
improvement.

Figure 5.7 has two subplots which look at the same information as the previous two plots but
at chip level instead of for a single pixel. The left subplot shows the undifferentiated counts for all
four chips, similarly to figure 5.5. The right subplot shows the differentiated counts for all four
chips with the subset of data points shown as the circles and the resulting Gaussian fit shown as the
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solid lines. The fit parameters are shown in the legend per chip.

Figure 5.7: The counts and numerically differentiated counts as a function of threshold
in DAC units for an example measurement using Sn fluorescence. Left: Counts per chip
as a function of the threshold in DAC units. The main drop in counts at 100—115 DAC
units is accompanied by a smaller drop at 115—130 DAC units. These correspond to the
two K edges of Sn. Right: the numerically differentiated plots per chip with the data as
circles and the fitted normal distribution as solid lines. The fit parameters are in the legend
of the right plot. The raw data used for the fit is a subset of the input data to aid fitting.

Figures 5.8 and 5.9 represent information in similar ways. They show their respective values per
pixel first on the left and then the histogram of that data on the right with a log scale and the various
statistical distribution values in the legends.

Figure 5.8 shows how the four chips have different mean µ values. There is a darker than sur-
rounding area in the top left chip, the cause of it is not knownwith certainty and was not observed
on different metal foil measurements with this detector in the same conditions. The black pixels at
the top of the top right chip (chip one) and bottom left chip (chip three) correspond to the peak at
roughly 85 DAC units as seen in the histogram. As a reminder for the chip layout, see figure 2.3.

Figure 5.9 shows how the four chips have different mean σ values without any obvious spatially
dependent features like gradients or large local variations. There are a number of pixels with a re-
ported standard deviation of zero, these correspond to the unresponsive pixels, also known as ‘dead
pixels’.
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Figure 5.8: The mean (µ(Th)) fitted DAC values per pixel for an example measurement
using Sn fluorescence. The mean of the mean distribution is µ(µ(Th)) = 111.77 DAC
units and the standard deviation of the mean distribution is σ(µ(Th)) = 4.34 DAC units.

Figure 5.9: The standard deviation (σ(Th)) fitted DAC values per pixel for an example
measurement using Sn fluorescence. The mean of the standard deviation distribution is
µ(σ(Th)) = 1.99DACunits and the standard deviation of the standard deviation distribu-
tion is σ(σ(Th)) = 0.18 DAC units.
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The correlation of the fitted mean and standard deviation distributions is shown in figure 5.10.
One would expect a 2DGaussian distribution per chip. With four chips, this expectation becomes
four overlaid 2D Gaussian distributions when plotted together. This expectation appears to be
consistent with this plot.

Figure 5.10: A2Dhistogram of themean distribution plotted against standard deviation
distribution for fitted DAC values per pixel for an example measurement using Sn fluores-
cence. Note the log scale for the colour bar. The plot limits were set to the mean ±4σ
with the Y lower limit fixed at 0. The horizontal red line is the lower limit for the standard
deviation of 1

2
√
2 ln 2

= 0.425 DAC units. The 2
√
2 ln 2 term comes from the relation

FWHM = 2
√
2 ln 2σ.

Repeating the above steps for multiple pure metal targets results in figure 5.11. The x coordi-
nate is the mean of the mean distribution (µ(µ(Th))) and the y coordinate is the x-ray energy of
the highest intensity emission line of the metal target used. In this example series of experiments,
Cu, Mo, Cd & Sn were used with respective energies of 8.047, 17.479, 23.174 & 25.271 keV. The
goodness-of-fit number,R2, is near perfect at 0.99997 which shows the excellent linearity in terms
of energy for Medipix3 in this energy range and configuration.
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Figure 5.11: The global per-pixel detector energy calibration using four metals (Cu, Mo,
Cd& Sn) with a near perfect linear fit. ‘a’ is the slope and ‘b’ is the intercept value in units
of keV/DAC and keV respectively.

Finally, the analysis is concluded with figure 5.12. It shows the 2D distributions and histograms
of the three parameters related to the straight line fits for per-pixel energy calibration. The slopes
can be considered to be the same as gain and have units of keV/DAC. See figure 2.3 for a reminder
for the chip layout. The top left chip (chip zero) has a lower gain than the top right (chip one) and
bottom right (chip two) chips while the bottom left chip (chip three) has a higher average slope.
The intercepts are equivalent to noise baselines per pixel in keV. The noise baselines are relatively
uniform across the four chips except for the near the edges for the top right (chip one) and bottom
left (chip three) chips. These have lower mean values in figure 5.8 and lower slope values in the 2D
slope distribution in figure 5.12. Almost all the pixels have excellent fits, as seen in theR2 histogram
- almost all the entries are in the last histogram bin. Fits with insufficient quality can be identified
with this subplot by using an arbitrarily chosen R2 value based on the desired fit quality and the
number of pixels that can be ‘sacrificed’. Pixels with insufficient quality fits can then be masked or
otherwise processed.
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Figure 5.12: The 2D distributions and histograms of the slopes (gains) in keV/DAC, the
intercepts in keV and the R2 goodness of fit values for th1 using Cu, Mo, Cd & Sn in a
series of example XRF experiments.

Practically speaking, it would be ideal to set the gain of each pixel. In Medipix3, this feature
was not implemented and so we are left with only being able to set the noise baselines per pixel
(equalisation) and chip wide thresholds (threshold DACs). A description and algorithm overview
for the equalisation procedure can be found in appendix D - this shows one of several possible
variations depending on the chip and sensor configuration. Setting chip wide thresholds effectively
sets the mean of the distribution since all pixels behave slightly differently. It would also be ideal to
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be able to apply an additive or multiplicative set of per-pixel corrections. In addition to the pixel
noise baseline, it would be ideal to adjust the gain per pixel to further homogenise the detector
response. To first order, this is addressed later on.

5.4 XRF Experiments

All of the following experiments ideally require amono-energetic x-ray source. This can be achieved
by the following approaches. First, an x-ray tube in an x-ray fluoroscopy (XRF) configuration. An
overview of this arrangement is in figure 4.10. Secondly, with a radioactive source, eg. Am-241
emits 59.54 keV photons. Finally, one ideally has access to a synchrotron.

The following three setups are now presented:

1. Silicon drift detector

2. Medipix3 with a Si sensor and pixel pitch of 110 µm

3. Medipix3 with a GaAs sensor and pixel pitch of 55 µm

5.4.1 Silicon Drift Detector

We startwith the high energy resolution spectrometer, the silicon drift detector. Note that the SDD
has one detector element, so this is equivalent to having pixels in the order of 1× 1mm2 as opposed
to 55 × 55 µm2 pixel pitch. Figure 5.13 shows a XRF measurement using Cd as the target with
the equivalentMedipix3 energy resolution, using a representative example FWHMvalue of 2.1 keV.
The data is normalised to the peaks of each curve respectively.

It shows the x-ray emission lines of cadmium (Cd) at 23.1736 (K − α1), 22.9841 (K − α2) and
26.0955 (K−β1) keV.There are fivemoreL shell emission lines from3.1—3.7 keV.One can observe
many background peaks/signals that are not associated with Cd. This background is a result of
every other interaction from the 90 kVp x-ray incident beam not related to the Cd XRF signal.
The causes of this include lead shielding, steel, copper, tungsten, tin, air and any other element
within the cabinet. Significant changes would be required in this cabinet to achieve better signal to
background ratios; the current ratio is sufficient.
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Figure 5.13: Measured Cd XRF spectrum using an Amptek XR-100SDD and a PX5
digital pulse processor with an energy bin size of 11.6 eV and the equivalent energy resolu-
tion available withMedipix3 (2.1 keV). In order of decreasing intensity, Cd fluorescence is
23.1736 (K− α1), 22.9841 (K− α2) and 26.0955 (K− β1) keV as marked with the vertical
dashed grey lines. Five L shell x-ray emission lines are included from 3.1 to 3.7 keV, only
four are visible due to two lines overlapping on this scale.

5.4.2 Si 110 µm pixel pitch

With a 500µmSi sensor with a 110µmpixel pitch (colourmode), it is possible tomeasure S-curves
with XRF experiments with all modes - SPM, SPMa and CSM. Figure 5.14 presents differentiated
S-curves inDACunits. We are usingDACunits and not keV here because different gainmodes are
used. This means that for a given energy, the peak will be at a different DACunit. Also, these peaks
correspond to the same energies as each other because the same Cd XRF energy spectrum is used
between each measurements.

As expected, it shows that the ratio of the mean values for SPM th1 compared to CSM for the
same threshold is close to two. This also implies that the minimum noise baseline is also approxi-
mately double for CSM compared to SPM. The FWHM of the SPMa fit is between the SPM and
CSM values, yet again, as expected. When comparing distributions, keep in mind that th0 corre-
sponds to physically different pixel electronics compared to th1. The sameDAC values for th0 and
th1 do not correspond to the same analogue outputs.
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Figure 5.14: Using a Cd XRF experiment and a Medipix3 with a 500 µm Si sensor and
pixel pitch of 110 µm biased to +150 V using SPM, SPMa and CSM, all in HGM (High
GainMode). The fitted distributions are the sum of a Gaussian distribution and a straight
line. All pixels in all chips are used in these plots. The mean and FWHM of the fitted
distributions are in the legend. The distributions were all normalised to their respective
peaks.

In the context of this work with this configuration, using CSM is not useful because the noise
baseline is relatively high and the transparency of silicon increases significantly at around 25 keV.
This limits the useful energy range in this configuration to roughly 10—25 keV with an energy
resolution (FWHM) of 5 keV. The ratio of the energy range to the energy resolution is therefore
only approximately 3. For SPM, this ratio is approximately 25 keV−5 keV

2.5 keV = 8. In this case, the
benefit of a more correct spectrum with CSM is outweighed by this unfavourable ratio compared
to SPM combined with the lower count rate capability of CSM. The same conclusion would not
be drawn for sufficiently thick high Z sensors such asGaAs, CdTe andCZTwhere the energy range
is far larger. More on this topic follows in the next subsection.

5.4.3 GaAs 55 µm pixel pitch

With a 500 µm GaAs sensor with a 55 µm pixel pitch (Fine Pitch Mode), it was not possible to
observe an S-curve with an XRF experiment with even a single pixel using SPM. However with
CSM, this is not the case. Instead the three functioning gain modes were explored. Super low
(SLGM), low (LGM) and high (HGM) gain modes were used with CSM as shown in figure 5.15.
The scale of both axes matches figure 5.14 for easier direct visual comparison.

ThisGaAs sensor is ann-type semiconductormaterial because it is compensatedwith chromium
(Cr), we therefore collect electrons anduse a bias voltage on the sensor of -130V.This is the opposite
polarity to silicon because the silicon sensormaterial used in this work is p-type andwe collect holes.
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Figure 5.15: Using a Cd XRF experiment and a Medipix3 with a 500 µm GaAs sensor
and pixel pitch of 55 µm biased to -130 V in super low (SLGM), low (LGM) and high
(HGM) gain modes, all use CSM. The fitted distributions are Gaussian distributions. All
pixels in all chips are used in these plots. The mean and FWHMof the fitted distributions
are in the legend. The distributions were all normalised to their respective peaks.

As one would expect, the gain modes are proportional to the mean value of these distributions
for a given energy. The FWHM also scales with the gain modes because while they are the same in
terms of energy, they are not in terms of DACunits because of the increased resolution with higher
gain modes. The relevant gain mode will be partly determined by the trade-off between energy
resolution and energy range.

5.5 Energy calibrated images (ECI)

5.5.1 Introduction

Hybrid pixel detectors suffer from differences in pixel gain, threshold and crystal defects in the
sensor bulk, among others. One can compensate for these effects by using per-pixel energy calibra-
tions and at least two images to reconstruct images effectively at a single energy. This method can
be optimised in terms of acquisition speed and reconstruction quality. Ideally only non systematic
error sources would remain, including electronic noise on the preamplifier input, unstable pixels
and beam hardening in the sample. In reality, the energy calibration per pixel is not perfect and
even if it were, the pixels do change response over time so the calibration effectively is a first order
correction.
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5.5.2 Methods

When a chip wide threshold is set which corresponds to a specific energy, the effective threshold per
pixel is distributed over energywith the centre at the specific chipwide energy thatwas set, see figure
5.8. Thewidth of this distribution is the threshold dispersion, typically it is expressed inDACunits,
number of electrons or energy. The method is increasingly beneficial as the threshold dispersion
increases. For Medipix3, the threshold dispersion is proportional to energy. As mentioned in the
previous subsection, it is possible to minimise this dispersion.

If every pixel is calibrated in terms of energy as described in section 5.3, the slopes
[keV/DAC] and intercepts [keV] are known per pixel. This method assumes that the pixels have
sufficiently stable slopes and intercepts over time. Radiation damage, random telegraphic noise
(RTN), significant temperature variations and varied leakage currents would all degrade that stabil-
ity.

Scanning over the threshold (energy) or simultaneously measuring multiple energies, effectively
measures the counts as a function of the threshold for every pixel. Chip wide thresholds can then
be used to map the chip wide threshold in DAC units to the actual energy in keV per pixel. This
mapping uses the linear energy calibration per pixel, as shown in equation 5.6.

Energyx,y,thr = slopex,y,thr × threshold_DACchip,thr + interceptx,y,thr (5.6)

In order of the variables, the units are keV, keV/DAC, DAC and keV. ‘x’ and ‘y’ refer to the
pixel coordinates and ‘thr’ indicates the threshold (zero to one or zero to seven). All terms depend
on the threshold used (‘thr’) as it maps to different physical pixels which can share the same x-y
coordinates. For a single chip, the number of slope and intercept values is the number of physical
pixels (256×256)multiplied by the number of thresholds per physical pixel (two), therefore 256×
256× 2 = 131072. For a four chip system, there are over half a million slopes and intercept values
which compromise one complete per pixel energy calibration.

An example measurement follows using one simultaneous measurement with eight
thresholds. Themethod can be used with a single threshold by scanning that threshold over energy.

Plotting the raw counts for a single arbitrarily chosen pixel (x = 184, y = 11) against the chip
wide threshold using eight thresholds simultaneously results in figure 5.16a. From equation 5.6, we
can plot the energy calibration per threshold using the chip dependent thresholdDACvalue (th0−
7, threshold_DACchip,thr), pixel specific slope (a, slopex,y,thr) and intercept (b, interceptx,y,thr). This
results in figure 5.16b. The effective energy per threshold can thenbe plotted using these calibration
values, see figure 5.16c. Finally, the threshold inDACunits can bemapped to energy for that single
pixel. This is figure 5.16d which shows the counts for each energy calibrated threshold that this
single pixel was set to. The uncertainty in counts is the square root of the number of counts,

√
N.

This is shown in the inset plot in figure 5.16d.
This particular example shows an interesting edge case involving thresholds one and two. It

shows how it is possible to have a higher threshold value in DAC units but a lower correspond-
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Figure 5.16: An overview plot of the energy calibration per pixel process. This used all
eight thresholds and an arbitrary pixelwas chosenwith coordinates of x = 184 and y=11. A
Si based detectorwas used in SPMwith a peak x-ray tube voltage of 50 kVp. The thresholds
were set from 21 to 225 DAC units as seen in (a). The energy calibrations per threshold
are in (b). This leads to the effective energy per threshold for this pixel in (c). Finally, the
counts per energy calibrated threshold are shown in (d), the uncertainties plotted are the
photon counting errors,

√
N.
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ing energy. For the same threshold value in DAC units, ‘th1’ will always map to a higher energy
compared to all other thresholds because ‘th1’ has a higher y intercept value (b = 2.67).

At this point, it is possible to estimate the actual number of photons that were detected at any
energy within the measurement range. Linear interpolation of the counts over energy yields an
estimation of the number of counts at a specific set of energies. This is the core of the method. It
depends on spectrum being smooth between sampling points and sampled relatively densely - not
having a transition between points. It does not need fitting to a function.

The counts of a single pixel have an uncertainty. Part of that is due to photon counting and is
equal to the square root of the number of counts,

√
N, as discussed in section 2.6.4. Given this fun-

damental uncertainty, it is ideal to use this method with the minimal achievable photon counting
uncertainty. If the spectrum is known to be free of transition energies and is therefore smooth, it
should be possible to fit a function to the data and then do the interpolation. This is a topic for
further research.

Computing note

This energy calibration per pixel algorithm is highly parallelisable. Almost all the time is spent in
the parallelisable portion of the code. It has been implemented in Python using the numpy and
joblib libraries in a partially parallelised approach.

Specifically, the work is split into as many chunks as CPU threads are available, handed to in-
dividual CPU (central processing unit) threads, they then work serially within those chunks and
finally, the results are then summed along the fourth axis to form a complete data set. On amodern
desktop (‘AMDRyzen 7 5800X’ CPUwith eight physical cores & 16 logical threads), it takes eight
seconds per image stack to process, resulting in as many files as interpolated energies are requested.
The number of interpolated energies requested only impacts the run-times in terms of the time
taken to save the output to disk. Improvements to execution time could of course be made.

In terms of speeding up the run-time, there are two reasonable options broadly speaking. One
would be to use a lower level compiled language such as C/C++ to process the parallel portion of
the code and the second is using non CPU hardware.

GPUs (graphical processing units) could be used to fully parallelise this method using frame-
works such as NVIDIA’s CUDA (Compute Unified Device Architecture), OpenCL (Open Com-
puting Language) from theKhronos group, or evenwith FPGAs (Field ProgrammableGateArray).
This algorithmhas no dependency on neighbouring pixels or previous states and so is an ‘embarrass-
ingly parallel’ problem. GPUs are particularly interesting due to how GPU capabilities have been
scaling significantly faster than CPUs in terms of throughput and how relatively inexpensive they
are and are not excessively hard to program.
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5.5.3 Measurement overview

For the following measurements the geometry (relative position x-ray source, object, detector) was
kept constant while changing other parameters. The varied parameters were the x-ray tube peak
voltage and current, the detectors and the objects. For these measurements, 30 and 90 kVp were
used for both detectors, see table 5.1. The source to detector distance was maintained at 285± 10
mm and the detector to object distance was kept at 6—6.5 mm. For each of these, an air measure-
ment with the same acquisition settings was taken over the same measurement time.

Table 5.1: An overview of the main measurement parameters used in this section, there
are four configurations in total. The tube voltages and currents are the first column. The
first row contains the detector material, thickness and bias voltage. The other contents
show which threshold was used and in which mode (CSM or SPM).

Si 110 µm+150 V GaAs 55 µm -130 V
30 kVp 200 µA th1, SPM th1, CSM
90 kVp 89 µA th1, SPM th1, CSM

The Si based detector was in SPM and is the same device used in the rest of this work; the thick-
ness was 500 µm and biased to +150 V. The GaAs detector was operated in CSM with a sensor
thickness of 500 µm and biased to -130 V, a significant fraction of the pixels were not well con-
nected to the sensor. Only threshold one was analysed for all data-sets. The eight thresholds avail-
able using Si in colour mode (110 µm pixel pitch) do not behave very differently to each other and
so only analysing one threshold was deemed sufficient for these measurements. For GaAs, SPM or
SPMa were not possible to calibrate in terms of energy either with single pixels or with entire chips
and so was not used. This is not the case for the CSM threshold as shown in subsection 5.4.3.

5.5.4 Results and discussion

This analysis is an exploration of the various methods in which ECI improves both imaging and
spectroscopic performance.

Energy Calibrated Image (ECI) combined with a Flat Field Correction (FFC) are referred to as
ECI_FFC. The idea is that both the image and flat field should be corrected in terms of energy and
then normal flat field correction is used, resulting in the best possible image.

The first analysis is SNRas a function of energy for raw images, flat-field corrected (FFC), energy
calibrated images (ECI) and ECI_FFC (EnergyCalibrated Image (ECI) combinedwith a Flat Field
Correction (FFC)). This is calculated for both detectors at both x-ray tube settings. SNR is defined
in subsection 2.6.1 as SNR = µ2

σ2 . The effects of ECI_FFC compared to FFC images have been
hinted at in figure 4.15. More examples are shown here with different samples.
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Comparisons are made between ‘ground truth’ high energy resolution scans and simultaneous
multi-energy imaging in two ways in terms of generating ECI.

The ratio of linear attenuation coefficients in equation 5.5 is explored in combinationwith ECI.
As part of this, transmission spectra at the same relatively high intensity are briefly explored with
Medipix3 using molybdenum (Mo) both with and without a filter.

SNR as a function of energy

The SNR as a function of energy for the Si and GaAs detectors at 30 and 90 kVp is shown in figure
5.17. The same experimental conditions were kept between measurements; it is important to note
that these conditions are not the optimum in terms of SNRwith theCDMAMv3.4 phantom from
theUniversityMedicalCentre inNijmegen, theNetherlands. Apicture of the phantom is included
in figure 5.18. As of 2014, the CDMAMphantom v3.4 was ‘the standard test object used to assess
the imaging performance of digital mammography systems in Europe’ (63; 64).
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Figure 5.17: SNR (signal to noise) ratios of a CDMAM v3.4 (Contrast-Detail Phan-
tom for Mammography) phantom from the University Medical Centre in Nijmegen, the
Netherlands. The peak voltage of the x-ray tube was 30 and 90 kVp and Si and GaAs de-
tectors were used.
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Figure 5.18: Apicture of the CDMAMphantom type 3.2. It has an array of gold discs of
various thicknesses and diameters on a black aluminiumplate, embeddedwithin a PMMA
case. There are three metal sheets taped to the front surface to help identify which part of
the grid is being imaged.
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The x axis is the energy of the threshold in keV, this means all photons at that energy and above
are included for each datum. The SNR uncertainties plotted are the differences between the values
from the two gold diskswithin a single square of theCDMAMphantomwith thicknesses of 25µm
and diameters of 1.25mm. The uncertainties in energy are the sum of the threshold dispersion and
the energy resolution for the non-ECI data (raw and FFC). Given that the step size is approximately
0.2 keV for Si and 0.5 keV for GaAs, half of that step size respectively was used for the uncertainty
in energy in the ECI data. The horizontal pink line in every subplot indicates the Rose criterion, an
SNR equal to five as discussed in section 2.6.1.

One would expect that the highest SNR over energy would be ECI_FFC, then ECI or FFC and
the lowest should be the raw images. In these experimental conditions, across both 30 and 90 kVp
measurements and by comparing the average SNR over energy, the option with the best SNR as a
function of energy is ECI_FFC, followed by FFC, ECI and finally raw images.

TheCDMAMphantom is a combinationof aluminiumandPMMA, the total x-ray attenuation
is equivalent to 10mmofPMMA(65). The flat field images taken for thesemeasurementswere just
using air, not 10 mm equivalent of PMMA. This mismatch is the reason why for the Si detector,
the FFC does not improve SNR over all energies and in fact reduces it at certain energies. This
demonstrates the importance of optimising the material used for the flat field correction, simply
using air is insufficient. Previous measurements using the same Si detector and similar conditions
achieved SNRof over 200 compared to amaximumof 30—40with these conditions. The fact that
the ECI_FFC is not equal to or above the ECI at all energies indicates that the flat field is not a good
correction for the raw image or the ECI. The GaAs data shows that while the ECI provides a boost
to the SNR from the raw images, the FFC is by far the dominant factor in this case.

Another example followswith ameasurement of a bee, viewed at both 7.0 and 27.0 keV in figure
5.19. At 27.0 keV, the relative normalised differences between the raw images compared to ECI and
the FFC compared to the ECI_FFC are significant. The improvements are qualitatively evident in
the image quality which matches the SNR as a function of energy findings. The fact that at 27.0
keV the image becomes uniform after energy correction proves that the method is consistent and
robust, otherwise the pixel responses would not converge and the SNRwould be degraded.
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Figure 5.19: The differences between raw images and ECI at 7.0 and 27.0 keV of a bee
thorax and abdomen with histograms of the differences. The x-ray tube voltage used in
this measurement was 30 kVp with a tube current of 200 µA. A high energy resolution
threshold scan was used as input data for these reconstructions using one threshold. At
7.0 keV, there were between 1000—10000 counts within the image and for 27.0 keV there
were 0—130 counts. The scan lasted 56 seconds and did not use a flat field correction. The
bee is barely visible at 27.0 keV due to the x-ray absorption of the bee and air converging.
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Qualitatively it can be observed that the order of increasing image quality is raw, ECI, FFC and
then ECI_FFC. This is consistent with the SNR as functions of energy plots. When comparing in
image space, the systematic errors fixed with ECI are increasingly more evident as energy increases.
This is caused by the design of the chipwhere the gain of pixels cannot be fine-tuned; this is planned
to be addressed inMedipix4. Ideally, the pixels would be designed and fabricated in such a way that
they respond identically.

High energy resolution scan compared to simultaneous multi-energy
imaging for ECI

Athreshold scanof air using one threshold and theminimumavailable step size (1DACunit)which
corresponds to 0.236 keV (σ = 0.008 keV/DAC) for this Si detector are now compared against
a single multi-threshold measurement. For the threshold scan, threshold one was scanned from
400 down to 30 DAC units corresponding to ∼ 90 to ∼ 5.9 keV. For the single multi-threshold
measurement, all eight thresholds available with the Si detector were used and were not scanned.
The tube settings were maintained at 90 kVp and 89 µAwith the same distances.

The system would have been affected by various drift effects during the threshold scan as pre-
viously discussed. This is not the case for the single multi-threshold measurement; the incident
photons are precisely the same between each threshold and correspond to precisely the same start-
ing and ending frame times.

In terms of generating ECI, there are compromises to be made between energy range, energy
resolution and measurement time. For example, a short measurement with a large energy range
can be made at the expense of energy resolution. Inversely, a long measurement with a large energy
range can be made with the best energy resolution. The final example, a short measurement can be
made with the best energy resolution but with a small energy range. All of these options are valid
and potentially relevant depending on the application. This is related to the lower right subplot (d)
in figure 5.16.

A metric used to consider which approach is preferable is the relative residual (between recon-
structed number of counts vs ground truth) as a function of energy. For this measurement, the
ground truth is considered to be the threshold scan data. This metric is used in figures 5.20 and
5.21, it shows three scenarios. The first is the naive approach of spacing thresholds equally across
the full energy range; this is ideal in cases of a totally unknown spectrum. The second is an optimi-
sation of the first approach, spacing the thresholds closer together in the low energy region at the
expense of higher relative residuals at high energies. Finally, if only the low energy region is inter-
esting, as is often the case for biological and thin samples, the thresholds are equally spaced with a
spacing equal to the energy resolution at the expense of a significantly smaller energy range. It can
be observed that the best relative residuals are found with the third approach.

The upper half of figure 5.20 shows the same type of data as in figure 5.16d. Figure 5.16d shows
one measurement using eight thresholds simultaneously and is displayed using a linear scale on the
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y axis, whereas figure 5.20 scans one threshold with the minimum step size in energy (∼ 0.2keV)
and uses a logarithmic scale on the y axis.

Figure 5.20: The black line is the counts as a function of energy for a high energy resolu-
tion scan for a single arbitrary pixel (x=100, y=100). Three approaches are presented for
ECI in terms of threshold spacing and their respective relative residuals as shown in the
legend. A Si detector was used with a x-ray tube voltage of 90 kVp and only air (flat-field)
was measured.

The optimal approach therefore depends on the shape of the spectrum and the compromises
as mentioned. With knowledge of the shape of the spectrum, it would be possible to improve on
the relative residual of all approaches. This is due to how ECI is implemented in this work using
linear interpolation only. While this is a very fast operation and is a generic implementation (com-
pletely spectrum shape independent), it is not themost accurate for x-ray spectra given that we have
knowledge about how the linear attenuation coefficient of all materials scales with energy, ∝ 1

E3 .
This statement, of course, does not take transition energies into account. This is only an issue if the
object measured has at least one transition energy in the energy range scanned.

Figures 5.20 and 5.21 show the counts of the high resolution scan, the three approaches outlined
above and the relative residuals of respectively both a single arbitrary pixel and the mean counts of
all pixels in this detector.
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Figure 5.21: The counts as a function of energy for a high energy resolution scan for all
pixels in this Si detector with three approaches for ECI in terms of threshold spacing and
their respective relative residuals. A Si detector was used with a x-ray tube voltage of 90
kVp and only air (flat-field) was measured.

Another interesting aspect to consider is the difference between a simultaneous eight threshold
measurement and, selecting the same eight threshold values, a subset of a high energy resolution
threshold scan. Ideally these would be equal, however there are time dependent drift effects and
quantum noise so this is not the case.

Simultaneous measurements benefit from measuring the exact same photons at the exact same
time as each other, thus reducing it to the quantum noise corresponding to number of photons
in that bin, instead of the much larger number of photons above that threshold of two images.
Since this uncertainty only dominates at very low counts, they therefore benefit very low statistics
or signal measurements primarily. They can also be used to scan the energy range of interest with
greater effective resolution than scanning with a single threshold or scan a given range faster, in-
versely proportional to the number of thresholds using a ‘comb’ type scan. A comb scan is one
where inter-threshold spacing is maintained and the thresholds are incremented/decremented until
they overlap in energy.

The subset approach is ultimately limited by the amount of drift present in the system. There-
fore the optimal approach depends on the compromise between the statistics of a single simultane-
ous measurement and drift rate during a threshold scan.
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Ratio of linear attenuation coefficients as functions of energy

Now we will cover a series of measurements using both Si and GaAs detectors; some measure-
ments have materials with transition energies in the measured energy range. Transmission spectra
are shown for the materials with transition energies in the scanning range. These energies can be
observed and matched to a limited range of specific elements.

For the Si detector, example measurements are shown using the same bee and data as used for
figure 5.19 alongwith theCDMAMphantomwithMo (molybdenum) foils at 30 and 90 kVp. One
measurement with transition energies is shown for the GaAs detector - the twoMo foils with a Pb
foil overlapping each other.
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Figure 5.22: The relative linear attenuation coefficients over energy of a bee’s thorax and
abdomenwith a corresponding labelled image at 9.0—10.0 keV as indicated by the vertical
dashed line. The x-ray tube voltage used in thismeasurementwas 30 kVpwith a Si detector.
The coloured squares show the manually selected region of interest where the median of
that part of the image over energy was used to generate the line plots.

The dried out bee is the most simple of the samples in terms of composition. As seen by the
detector, it is a combination of just two basematerials, chitin and air. Chitin is a polymer produced
by bees for their exoskeletons. Figure 5.22 plots the ratios of linear attenuation coefficients as a
function of energy for several regions of interest. It can be observed that since the correction is
using air, the air is flat across energy until the energy approaches the peak tube voltage at 30 kVp
where the counts approach 0. Based on the data, and the fact that this was very dried out bee, it
appears that the ‘thin’ and ‘thick’ regions of the bee are combinations of the bulk material (chitin)
and air.
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Figure 5.23: The relative linear attenuation coefficients over energy of a CDMAM v3.4
phantom with corresponding labelled images at 9.0—10.0, 18—19 and 19—20 keV as
indicated by the vertical dashed lines. The x-ray tube voltage used in these measurements
were 30 (first row) and 90 kVp (second row)with a Si detector. The coloured squares show
the manually selected region of interest where the median of that part of the image over
energy was used to generate the line plots. The viewing windows are matched across all
images from 0.82 to 1.38.

TheCDMAMphantomwasused forfigure 5.23, however therewereMoandPb foils overlaid to
easily identify which square was being imaged. This was necessary because the detector is a fraction
of the area of the CDMAM phantom. These foils were useful for both masking a specific square
and as an example transmission spectrum measurement of Mo foil with a filter effectively. Mo has
three transition energies in the scanning range, they are at 17.479, 17.374 and 19.608 keV and have
respective relative intensities of 1.00, 0.52 and 0.15. One can observe minimum points in both 30
and 90 kVp data, however they are slightly shifted relative to each other. At 30 kVp, the minima
for the ‘CDMAM +Mo’ and ‘CDMAM + 2Mo’ is at the 19—20 keV point whereas for 90 kVp,
it is at 18—19 keV. Both are higher in energy than the true maximum intensity transition energy
corresponding to theK−α1 transition at 17.479 keV.Thatmaterial is theCDMAMcombinedwith
the air which corresponds to at least an equivalent attenuation of 10 mm of PMMA. There is no
suchminimum for the ‘CDMAM’ only data; this shows that the effect is actually originating from
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the Mo foil and not the CDMAM or any other effect such as the detector response or spectrum
shape. The minima is relatively smaller for the ‘CDMAM+Mo + Pb’ data at 30 kVp compared to
90 kVp because more photons within that energy range were absorbed at 30 kVp compared to 90
kVp.

Figure 5.24: The relative linear attenuation coefficients over energy of Mo foils and air,
with the corresponding labelled images at 17.0—18.0 and 25—26 keV as indicated by the
vertical dashed lines. The x-ray tube voltage used in this measurement was 90 kVp with a
GaAs detector. The coloured squares show the manually selected region of interest where
the median of that part of the image over energy was used to generate the line plots.

The measurement in figure 5.24 in shows the differences in relative linear attenuation coeffi-
cients between one Mo foil (‘Mo x1’) and two overlaying Mo foils (‘Mo x2’) of the same thickness
as ‘Mo x1’ along with the air. The consistency between both single Mo foil measurements can be
seen. The differences between the double foil and the single foil data are that the peak is slightly
higher for the double foil data and it drops to low values after the transition energy and stays lower
until the end of the scanning range. It can be seen that the air data has deviations from the expected
value of one across the energy range. The key result from this plot is that the peaks of the Mo foil
measurements, with only air in the beam path apart from theMo foil, match the most intense tran-
sition energy ofMo at 17.479 keV. This supports the argument that the CDMAM acting as a filter
in figure 5.23 caused a shift of 1—2 keV.

Ultimately, these measurements open up possibilities with theMedipix3 detector that were not
possible before - massively parallel transmission spectra measurements with energy calibrations per
pixel over a relatively large area with a minimum spatial resolution of 55 µm. While this will never
provide better energy resolution than dedicated spectrometers, such as a silicon drift detector or
high purity germanium detectors, this solution enables very high speed spectra measurements (in
the order of 100 kHz× 512× 512 = 2.6× 1010 counts/second over a FPM two by twoMedipix3
detector)with energy resolutions as good as the sensor and chip combinations enable. Both of these
aspects are continually optimised over time due to the design of hybrid pixel detectors, the sensor
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layer (e.g. Si) is separated from the readout ASIC (e.g. Medipix3).

5.5.5 Summary

The impact of extendingECI toCT reconstructionswith no impact to scan time has been shown in
figure 4.15 using a microCT phantom object. Addressing the underlying primary physical reasons
causing ring artefacts by calibrating each pixel in terms of energy is a powerful, generic method.
It does not rely on any a priori knowledge about the spectrum or the object being imaged, only
knowledge about the detector is required. It also does not impact measurement time at all since
it is post-processing and is software-based. As shown in figure 5.17, ECI always has higher SNR
than raw images and ECI_FFC has higher SNR than FFC. Figure 5.17 also shows that the flat field
correction itself should be optimised for the object by introducing equivalent x-ray attenuation
material of the average thickness of the object being imaged. It is not perfect however, the energy
calibration per pixel will change over time, there is still random telegraphic noise with Medipix3
and there are various drift effects.

Future work could involve investigating the energy bins between the reconstructed images from
ECI. The optimal energy bin size would be a point of interest to investigate; it would likely be lim-
ited by the energy resolution. This is related to figure 5.17. This could be used for beam hardening
artefact reduction by calculating the differences between energy bins. In the medical context, this
is known as metal artefact reduction from typically implanted prostheses like teeth fillings, screws
and so on.

ECI_FFC CT could be investigated further with the acquisition of a threshold scan for each
projection of aCT scan. Depending on themeasurement time, drift effectsmay become significant.

Using the CDMAM v3.4 it should also be possible to conduct a detailed study into the differ-
ences between imaging performance of the Medipix3 with different sensors and configurations to
existing clinical systems. This could involve dose calibration using clinically calibrated dose mea-
surement systems.

5.5.6 Existing efforts

There has been an attempt to solve the deficiencies of hybrid pixel detectors with a similar method
published in 2017 using a 110 µm pixel pitch CdTe sensor and a Medipix3 detector operated in
CSM (66). It used a variance and mean-based cut and a relatively small region of interest (a 10 ×
10 pixel area) of seemingly representative pixels. It exclusively presents the differences in terms of
energy resolution improvements and not how this propagates for imaging. The main limitation of
this method is that the reconstructed energy spectrum depends on the neighbouring pixels.

The main difference between the reference and this work are detector related. We use two dif-
ferent detector configurations, both a 55 µm pixel pitch GaAs sensor operated in CSM and a 110
µm Si sensor using SPM. All pixels are used for the analysis. Both impacts of this analysis on en-
ergy resolution and imaging are explored. The energy range used in this work starts and ends at
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lower values. The lower limit is lower in this work due to the reduced noise floor and themaximum
energy is limited by the x-ray tube to 90 kVp. The overall conclusions are in agreement with and
complement the previous work from 2017. This work presents a method which does not depend
on neighbouring pixels. We know the energy response per pixel for all thresholds, and that is all the
information required to estimate the number of counts at a specific threshold level at that energy.

A paper in the life sciences field shows the possibilities of x-ray fluorescence imaging with spec-
trometer level energy resolution (∼ 150 eV) using synchrotron radiation(67). It covers a number
of imaging modalities including x-ray fluoroscopy tomography. It includes examples of high spa-
tial and high energy resolution imaging of biological samples such as human brain and larval ze-
brafish with iron, zinc, copper, mercury and phosphorus separated into overlaid RGB (red, green,
blue) channels. This shows the wealth of information that can be extracted using the best radiation
source and energy sensitive x-ray detectors. These methods are effectively restricted to those with
access to synchrotrons, require raster scanning of a micro-focused beam and the maximum count
rates are limited by the capabilities of the spectrometers used. As an approximate estimate, this pa-
per shows a saturation count rate of approximately 800 kHz over the entire detector; this is 3—4
orders of magnitude lower than for a single Medipix3 chip if the radiation was distributed evenly
over the chip. The best measurementmethod to use depends primarily on the available equipment,
but ultimately, the acceptable compromise between precision and measurement time.

5.6 Summary

Spectral CT reconstruction methods are an area of active research.
One such recent example is an ‘iterative, hybrid reconstruction technique which combines the

spectral properties of PCD (photon counting detector) datawith the resolution and signal-to-noise
characteristics of EID (energy integrating detector) data’ (68). Pre-clinical and clinical systems are
starting to enter usage (69). They have ‘demonstrated superior spatial resolution relative to current
CT systems and improved noise properties and multi-energy temporal resolution relative to simi-
larly configured, energy-integrating detector CT’ (70). Attempts to optimise k-edge imaging using
spectral CT have been made (71). There have been efforts to compare spectral to conventional CT
for breast and dental imaging and with dual contrast (72–74).

The benefits of hybrid pixel detectors can be realised with further development of the platform,
mainly by increasing the area of the detector to at least 10 × 10 cm2, improving system stability,
improving the count rate capabilities and decreasing the system cost through mass production.

The SDD has an energy resolution approximately one to two orders of magnitude better than
theMedipix3. On the other hand, Medipix3 has a spatial resolution of one to two orders of magni-
tude better than the SDD, 55μm vs. ∼ 1mm. GaAs seems to really require CSM to do any spectral
studies. GaAs being more absorbing at higher energies relative to Si makes it a complementary sen-
sor material for Si. In order to boost the higher energy absorption of Si, thicker sensors would be
required. Thicker Si sensors have their disadvantages, including increased charge sharing, increased
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research and development costs and reduced spatial resolution.
ECI relies on per-pixel energy calibrations which result from the linear response of

Medipix3 pixels over this energy range. These calibrations are then combined with energy depen-
dent information, this could be obtained with a threshold scan or with multiple thresholds set to
different energies. Taking the different pixel responses into account, the interpolated counts can
then be extracted per pixel for any energy within the measured energy range. This results in at least
one ‘energy calibrated image’.

Examples of how ECI impact 2D projection and 3D CT imaging are included in figures 4.15
(columns 2—4) and 5.19. They show the improvements relative to raw images and flat field cor-
rected images at two energies, one near the noise floor and one near the peak tube energy. This
shows how ECI improves over equalisation alone and that the method scales.

The optimal approach for ECI is ultimately application dependent. Three options are explored
in subsection 5.5.4. Energy resolution can be traded for energy range.
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Spectral X-ray CT applied: Re-excision after

positive margin

6.1 Current clinical practice

According to the World Health Organisation, ‘In 2020, there were 2.3 million women diagnosed
with breast cancer and 685,000 deaths globally. As of the end of 2020, there were 7.8 million
women alive who were diagnosed with breast cancer in the past five years, making it the world’s
most prevalent cancer’ (75).

Currently, after the tissue is locatedwith aCTorMRI (MagneticResonance Imaging) scan, it is
excised, sent to thepathologistwhofixes the tissue in a formalin solution, embeds it inparaffin, slices,
stains and inspects it. Thismethod results inFFPE (formalin-fixedparaffin-embedded) tissueblocks
which is a commonly used protocol to archive tissue for many years with minimal degradation. By
visual inspection, the surgical margin is assessed.

The surgicalmargin is the shortest distance between the tumour and the boundary of the excised
tissue. If that distance is too small, there is an excess risk that tumour tissue has been left behind in
the patients. This results in reduced local control (stopping the local cancer growth) and possibly
also reduced patient survival rates. Definitions of which minimum distance is required are depen-
dent on tumour type, stage, and country. In case of a positive margin (when cancer cells are still
present in the tissue) additional treatment is needed, most often in the form of a re-surgery.

The current gold standardmethoddoes have shortcomings however. Thewhole process of using
FFPE blocks and histology typically takes several days to several weeks, requiring the patient to be
closed up and increasing the probability of reoperation. The amount of tissue assessed is typically <
1% of the excised tissue. By inspecting 2D histology slices, only the in-plane margin can be assessed
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for a given slice whereas this is actually a 3D problem; there is relevant variation between slices.
There is significant noise in the observation by the pathologists; if you take several pathologists,
give them the same image, their answers will not be the same as each others’. The act of very thinly
slicing these brittle FFPE tissue blocks is not risk free, it frequently damages the slices and depends
on the equipment used and operator skill. The fixation in formalin and subsequent embedding in
paraffin is a chemical process which alters the structure due to the dehydration and clearing.

Clinically, the issues arising from this include ‘substantial physical, psychologic, and financial
burdens for patients, with higher risk of complications, worse cosmesis, and additional costs, on
average, of >$10,000 per patient’ (76).

Depending on many factors including tumour properties and country, up to 30% of patients
of such surgeries require a re-surgery. For example, there was a study of patients in English NHS
trusts entitled ‘Reoperation rates after breast conserving surgery for breast cancer among women
in England: retrospective study of hospital episode statistics’. The study was summarised as ‘One
in five women who had breast conserving surgery in England had a reoperation. Reoperation was
nearly twice as likely when the tumour had a carcinoma in situ component coded. Women should
be informed of this reoperation risk when deciding on the type of surgical treatment of their breast
cancer.’ The study makes an important point - ‘Few studies have examined reoperation rates after
breast conserving surgery, and uncertainty exists about how likely women are to need reoperation.
Estimated rates from international hospital based studies have ranged from 17% to 68%’ (77–81).

Evidently, this is a significant societal issue due to the number of cancer related deaths per year
and therefore many approaches have been attempted. Visible light-based methods offer excellent
SNR, spatial resolution and measurement time at the cost of being depth limited to ∼ 2.5 mm.
They produce results comparable to the current gold standardmethod, H&E staining, and include
ultraviolet photoacoustic remote sensing, micro-elastography and optical coherence tomography
(OCT). It is important to note that these methods are experimental and not yet widespread.

Further details can be found in the following works:

• Ultraviolet photoacoustic remote sensing microscopy, 0.7 µm resolution (82);

• Reflective objective-based ultraviolet photoacoustic remote sensing virtual
histopathology, 0.39 µm resolution (83);

• Optical coherence tomography and micro-elastography, 2—10 µm resolution, up to 1—2
mm depth (76);

• Photoacoustic microscopy (84);

• Finger mounted OCT probe (85);

• Raman spectroscopy and imaging, ‘sub-cellular’ resolution,≈ 20− 100µmdepth (86–88).

M4i (Maastricht MultiModal Molecular Imaging Institute) introduced a mass
spectrometry basedmethod to address this problemandwas awarded theNWOphysics valorisation
prize in 2019. This offers the possibility of tumour specific treatments.
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The most commonly used method in clinical practice today is 2D x-ray projection imaging (ra-
diography). There was a related systematic review and meta-analysis of 798 patients ‘using radio-
graphy, digital breast tomosynthesis (DBT), micro-CT, and ultrasound for intraoperative margin
assessment with the histological assessment as the reference method’ (89). The authors found that
while this is very fast and does not require a microCT machine, it has insufficient sensitivity (true
positives) and also has noise in the observation of where the tumour boundary is. The net result
is that in practice, it performs the worst out of the four methods reviewed: radiography, digital
breast tomosynthesis, micro-CT and ultrasound. Based on this paper, for radiography the pooled
sensitivity (true positive rate) was only 52% and specificity (true negative rate) was 77%. Thismeans
that the most commonly used method has a 48% false negative rate, it misses nearly half of imaged
tumours. Clearly, there is room for improvement.

The targeted scan time was less than 10 minutes and a statistical uncertainty contribution was
chosen to be < 1% which requires at least 10,000 counts per pixel within the region of interest.
This choice was a trade off between measurement time and minimising the statistical uncertainty
per projection. This value depends on this particular x-ray tube, peak tube voltage, tube current,
pixel size, magnification factor among other aspects. This is worth studying in further detail for
optimisation of this process.

6.2 Human breast tumour - 2018

In 2018, there was an exploratory joint measurement with the NKI (Dutch National Cancer Insti-
tute) involving a spectral microCT system for online evaluation of surgical margins in three dimen-
sions. The results are shown in Figure 6.1. For the spectral image (right), the data is clustered into
18 categories using the energy information, each colour is categorised as a different tissue combina-
tion. The homogeneous region in the top left with a high density of calcifications (bright yellow) is
the tumour. Material types in this sample are air (corners), microcalcifications, cancer tissue, func-
tional breast tissue and fat.
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Figure 6.1: Breast tissue specimen (approximately 20 × 20mm2) imaged with the
Medipix3 detector. Left image photograph of the specimen; Centre: a classic x-ray pro-
jection image (all energies are integrated); Right: the spectral image after an energy based
clustering reconstruction.

Thismeasurementwas considered tobepromising enough to continue subsequent studies. This
led to the mouse breast tumour scan three years later in 2021.

6.3 Mouse breast tumour - 2021

In 2021 it became possible to resume tumour scanning due to new access to samples via Dr Jasper
Nijkamp, at this timebased at theDanishCentre forParticleTherapy (DCPT) atAarhusUniversity
Hospital. During these three years, detector characterisation and spectral microCTmethods were
developed and refined with this type of measurement inmind. This includes addressing all artefact
types, such as ring, beam hardening and RTN effects.

The mouse breast tumour sample (labelled ‘c7006-25’) was a FFPE tissue block fitting with a
volume of 1 × 1 × 1 cm. FFPE samples were used over flash frozen fresh samples primarily so
that the samples did not need to be cooled during transport or measurements. Secondly, there are
no motion artefacts due to the sample thawing during measurements. Finally, measurements can
be repeated essentially without limit which is ideal for exploratory measurements. However, it is
not known if contrast within FFPE samples is comparable to contrast within fresh samples. It is
expected that because FFPE has very little to zero water content compared to fresh tissue, the x-ray
contrast shouldbehigher for theflash frozen and fresh tissue. This expectation shouldbe confirmed
with further tumour measurements of FFPE blocks, flash frozen samples and fresh tissue.

c7006-25 was an artificially induced very rapidly growing tumour as part of radiotherapy re-
search at the DCPT. This was from a non-irradiated control mouse. As determined by the cali-
brated values from the H&E stained slice, the maximum width, height and depth of the sample
was 5.73× 7.28× 1.93 mm.

Like themeasurement in 2018, this was an exploration ofwhether spectral x-raymicroCT could
lead to a prototype imaging system which could enable high speed margin assessment and tumour
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segmentation during surgery.

This method would be no more invasive than current protocols. It would not require surgeons
or operating room personnel to learn newmethods or equipment. No staining or slicing is needed,
this method is non-destructive; therefore the sample could be processed in exactly the same way as
it is currently. This would require the presence of amicroCT scanner near or in the operating room
with one person to interact with the scanner.

These characteristics indicate minimal disruption and do not present any ‘show stoppers’. No
other system is known to exist with such characteristics. If the aims were achieved, this system
has the potential to revolutionise surgical margin assessment by providing online feedback to the
surgeons. This will allow for highly directed removal of extra tissue when needed, preventing re-
surgeries and adjuvant treatments. Adjuvant treatments are treatments given after the primary
treatment to reduce the risk of a recurrent cancer.

6.3.1 Measurements and results

We will look at overviews of the various methods used to achieve the best CT reconstruction qual-
ity; ECI_FFC, registration and the ‘optimal’ measurement time. This is followed by H&E (hema-
toxylin and eosin) stained slices of the tumour compared to the reconstructedCTslice fromMedipix3.
Finally, there will be a volume renderingwith colour corresponding to energy bins as a presentation
of the spectral information within this tumour.

Figure 6.2 presents a H&E stained slice both unlabelled and partially labelled by Dr Jasper Ni-
jkamp. The tissue types included are tumour, tumour outline, necrotic tumour, blood vessels, an
inflammation area and the hair / follicles. There are three circles caused by air bubbles in the lower
right which are artefacts.

Figure 6.3 shows the registered CT slice corresponding to the same volume as the H&E slice
along with two pictures of the sample, the tumour is encased in paraffin.
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(a) Unlabelled slice.

(b) Labelled slice.

Figure 6.2: The unlabelled (a) and labelled (b) H&E stained slice scan, the current ‘gold
standard’. This is one 2D slice where the slice thickness is in the order of 5—10 µm. All
dark purple areas are associated with active dividing tumour cells, some of which are in-
dicated with the green outline. The ‘tumour outline’ indicates the boundary between tu-
mour and non-tumour, healthy tissue.

174



6

6.3. MOUSE BREAST TUMOUR - 2021

(a) Reconstructed CT slice.

(b) Two pictures of the sample.

Figure 6.3: (a) is the correspondingMedipix3 CT slice from the ECI_FFC reconstructed
at 5 keV. It should be compared directly to figure 6.2. This is one of more than 50 recon-
structed slices with a thickness of ≃ 33 µm. The grey scale is µ = 0.055 to 0.018 mm−1

where white is the maximum and black is the minimum. (b) contains two pictures of the
mouse breast tumour embedded in paraffin, on the left is the front face and the right is the
rear side; these are raw outputs with matched levels in all colour channels with a camera
model (Sony SLT-α58) and ISO specific denoising filter.
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Measurement details relating to figure 6.3a follow:

• Peak x-ray tube voltage = 30 kV;

• X-ray tube current = 200 µA;

• Source to detector distance = 275± 5 mm;

• Source to object distance = 110± 5 mm;

• Effective magnification≃ 3.3;

• Reconstructed voxel size≃ 33 µm;

• Number of projections = 600;

• Flat field correction exposure time = 200 seconds;

• Mean photon counts in the flat field at the lowest threshold≃ 5× 106 counts;

• Projection exposure time = 10 seconds;

• Mean photon counts in the object at the lowest threshold≃ 6× 104—1.5× 105 counts;

• Total exposure time = 200s+ (600× 10s) = 6200s = 1.7 hours.

The CT slice intensity scale is proportional to density per voxel in figure 6.3a. The higher the
density of the contents of that voxel are, the more white they are. A voxel is a value on a regular
grid in three-dimensional space, a three dimensional pixel. The values for the CT reconstruction
are consistent with the NIST x-ray attenuation coefficient tables for the closest tissue types.

In terms of aligning the images to a common coordinate system (registering), this was performed
by Dr Jasper Nijkamp by using the python interface of ‘SimpleElastix’.

The main deviations between scans were due to the skin layer which became partially detached
from the tumour during the slicing procedure. A significant fraction of slices were damaged by rips
and tears in the centre of the sample andwere not useful for registrationwith theCTdata. Another
issue with registrationwas that theCT slices cover the full three dimensional volume of the tumour
whereas the H&E scans only cover thin slices (in the order of 5—10 µm) with 19 slices over the
entire tumour. Of those 19 slices, not all were even considered usable for registration purposes.

NDPIToolsC software and their ImageJ pluginswere used to extract theH&E stained slices into
TIFF (Tag Image File Format) files and work with them (90). NDPI is a pathology slide specimen
specific file format which is similar to the TIFF file but supports significantly larger dimensions.

The tumour is outlined alongwith the other tissue types. In this particular case, almost the entire
sample is tumour tissue with a thin layer of skin with hair follicles within the dermis. As expected,
the non-necrotic tumour tissue is centred around the blood vessels which can be observed by the
red colour of the remaining blood cells in theH&E scans. The tumour outline is the entire shape of
what we would normally call the tumour. However, this specific tumour is very aggressive. There
are therefore regions with active dividing tumour cells and necrotic areas that have grown beyond
their blood supply. Therefore, the green tumour labels indicate active dividing tumour areas.
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This scan does not give information about the differences between non-tumour breast tissue
and tumour breast tissue. This is due to the lack of non-tumour breast tissue in this sample. It
does however, show the differences between necrotic and non-necrotic tumour tissue. It can be
observed that the non-necrotic tissue (most purple in the H&E scan, labelled as green) has a higher
reconstructed linear attenuation coefficient (more white) in the CT slice compared to the necrotic
tissue. Per unit volume, necrotic tissue should, by definition, have fewer cells due to a restricted
blood and oxygen supply. They should also be the same material as the non-necrotic tumour tis-
sue; leading to a lower linear attenuation coefficient (more black) than non-necrotic tissue. This is
therefore consistent with expectations.

The hair follicles are the dots along the upper edge of the skin and are visible in both scans;
they are dark purple in the H&E scan and medium grey in the CT slice. The particularly high
intensity white regions on the extreme right and bottom of the CT slice contain a high number of
non-tumour cells and blood vessels; these are areas of inflammation and have appeared as lesions
in other similar tissue samples. These skin injuries are hypothesised to be a result of the tumour
pushing the skin which is subsequently damaged when the mouse walked around.

In terms of achieving the best image quality within a 10 minute period, several methods were
attempted. Starting from raw images, the FFCs improve on that. FFCs are the most commonly
used method for image correction for most x-ray imaging applications. The energy calibration per
pixel with a flat field correction (ECI_FFC) builds on that by correcting for inter-pixel variations
using the spectral information and per pixel energy calibrations. Software-based post-processing in
‘sinogram space’ provides a significant boost to reconstruction quality. In sinogram space, certain
patterns and spatial frequency components cannot exist. Filtering and correction can act based on
this knowledge to suppress any remaining artefacts, systematic or random, from any source.

Another improvement can be achieved by oversampling - the imaged object is translated in steps
of several pixels perpendicular to the beam, registered and averaged over the steps. This increases
the signal to noise ratio at the cost of longer measurement times; this method is beneficial for par-
ticularly low contrast objects and for adaptive imaging modalities. There is a small penalty to the
overall field of view due to the translation. The following is a curiosity driven example of adaptive
imaging in this context: if one imaged an entire object, found something interesting that required
small voxel sizes, zooms in, acquires another scan and overlays the new scan on the original. These
scans can be combined to enable higher spatial resolution in regions of interest. Another advan-
tage of this imaging approach would to decrease the time for an initial view of an object and then
periodically improve the reconstruction by re-scanning. This could be interesting in time critical
situations where a lower quality measurement sooner adds value. If there is sufficient contrast to
make a decision, why wait longer?

A qualitative example of this is shown in figure 6.4. It shows the result of a scan with two min-
utes of exposure time along with the 10 minute scan. The 10 minute scan is the mean value of
the CT reconstructions of five sequential measurements with the same configuration except for a
translation of 100 µm per measurement.
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The measurement details are the same as before except for the following items:

• Flat field correction exposure time = 4 seconds;

• Mean photon counts in the flat field at the lowest threshold≃ 105 counts;

• Projection exposure time = 0.2 seconds;

• Mean photon counts in the object at the lowest threshold≃ 103—3× 103 counts;

• Total exposure time = 4 s+ (600 projections × 0.2 s) = 124 s = 2.1 minutes.
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(a) A slice from a single two minute scan.
This is relatively noisy compared to (b). The
faint horizontal lines across the centre of the

tumour bulk are ring artefacts.

(b) A slice with the mean values of the CT
reconstructions of five sequential

measurements with the same configuration.
The total exposure time was 10 minutes for

this.

Figure 6.4: Two slices of a CT reconstruction from the ECI_FFC reconstructed at 6 keV
made using the Medipix3. The grey scale is µ = 0.055 to 0.018 mm−1. Note the 90◦ rota-
tion relative to previous figures.

As onewould expect, ameasurementwith one to two orders ofmagnitude lower photon counts
in the raw images has a lower signal-to-noise ratio. However the quality of the two minute scan
is qualitatively similar to the measurement lasting 1.7 hours. In terms of distinguishability (not a
detailed statistics analysis), it is sufficient todiscriminatebetweennon-necrotic andnecrotic tumour
tissue. This is the metric by which success is judged for this problem - either these differences are
visible or they are not. The primary cause of insufficient distinguishability is very likely due to
insufficient photon statistics.

There are ring artefacts in the two minute scan that could not be completely suppressed which
appear as faint horizontal lines in the centre of the tumour bulk along the entire height of the
reconstruction. The 10 minute scan, however, appears to be a reasonable compromise between
measurement time and image quality. Fortunately, this happens to be the approximate targeted
measurement time mentioned before any measurements started.
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(a) Classical x-ray CT, no energy
information.

‘
(b) Spectral x-ray CT, using energy bins for

colour information.

Figure 6.5: Volume renderings of a CT reconstruction of the c7006-25 tumour. This
contains the full 3D information with more than 50 reconstructed CT slices and can be
viewed at any angle or sliced in any axis. The grey colour scale is µ = 0.055 to 0.018 mm−1.
The colour (red, green, blue) channels are derived from the normalised energy bins from a
single energy sensitive CT scan. Red corresponds to an energy bin of 6—10 keV, green is
10—21 keV and blue is 21+ keV. The total irradiation time of the sample was 43 minutes
plus one minute for the flat field measurement. The x-ray tube peak voltage was set to 30
kVp and the current was 200 µA.

Figure 6.5 shows a volume rendering using the energy sensitivity for the colour channels. Each
colour channel (red, green and blue) corresponds to an energy bin fromone energy value to a higher
energy value. Each colour channel is normalised to themaximumwithin that channel. The bulk of
the tumour tissue does not show a variation in terms of the energy above the apparent noise levels.
The areas of inflammation on the surface of the skin are the white dots on the left side. These
are surrounded by a pink-red area which means that the linear attenuation coefficient is relatively
higher in the first energy bin than the rest of the skin which is green-blue. It is hypothesised that
this pink-red area is showing an inflammatory response over a wider area.
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6.4 Summary

Based on the distinguishability between the necrotic and non-necrotic tumour tissue, the 1.7 hour
and 43minute scan both appear to have sufficiently low statistical uncertainties and the twominute
scan appears tonothave enoughphotons. If one is aiming todistinguishnecrotic fromnon-necrotic
tumour tissue, the optimum measurement settings for this sample with this system configuration
appears to be somewhere between the two extremes. Optimising this would require a scan of dif-
ferent measurement times for both the flat field and object exposure times. With higher intensity
x-ray tubes such as those using liquid metal jets, it would be possible to achieve similar statistical
uncertainties as the 1.7 hour scan in significantly shorter times.

6.5 Outlook

Another avenue of research would be tomeasure the spectral properties (x-raymass attenuation co-
efficients) of various tissues in absolute terms. The following tissues would be relevant: muscle, fat,
connective tissues and tumour (necrotic and non-necrotic). This could be achieved by high resolu-
tion threshold scans of tissue samples and calculating the relative linear attenuation coefficients as
functions of energy as discussed in section 5.5.4. Cross-checking these resulting distributions with
high energy resolution x-ray spectrometers with a high quality radiation source would provide a
‘ground-truth’ to compare against.

Other avenues of further developmentwould be the visualisation and interpretation of the extra
dimension of energy in the CT reconstructions. Also, what is the added value to physicians? This
question can be answered in a medical context.

This work was used as preliminary evidence as part of a successful funding application made
by Associate Professor Jasper Nijkamp to the Danish Cancer Society for a project titled ‘Spectral
micro-CT imaging: online evaluation of tumor surgery’ (1,915,000 DKK, R279-A16481, 2019)
and to the Aarhus University Research Fund for a project titled ‘Purify the gold standard of tumor
segmentationby standard tumor imagingwith a spectralmicroCTscanner at pathology’ (2,500,000
DKK,AUFF-E-2021-9-15, 2021) inDenmark. Further studies in this direction arebeing continued
by myself, Dr Jasper Nijkamp and the rest of the team at the Department of Clinical Medicine at
Aarhus University in Denmark, also using a Medipix3 based detector.
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We’re very good at answering questions that aren’t asked.

Martin Fransen, Aug. 2019

7
Summary and outlook

7.1 Executive summary

This work can be summarised as characterising and optimising a detector and showing its added
value for several applications.

An overview list of the achievements within this work follows:

• Noise and contrast performance;

• Energy calibration;

• Use and performance in extreme conditions - clinical particle beams;

• Performance in spectral x-ray imaging;

• Setting up and optimising a data acquisition procedure and post processing methods for
optimisation of spectral data;

• Spectral CT scans, focusing at identifying tumour tissue to reduce surgical margin.
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7.2 Summary

The work that went into producing this thesis is split into three distinct parts.

1
The first part was the development and commercialisation of the detector control and readout soft-
ware, Dexter, in combination with the characterisation of the Medipix3. At the beginning of my
project, Dexter was in an alpha state, many critical features weremissing or incomplete but the core
of the software was present and working. For this research, several new modes of operations were
developed to commercial standard including threshold scanning, CT scanning and energy calibra-
tion integrations. These added new capabilities, made existing features faster and more robust in
many aspects. At the time of writing, it is stable and fully featured formy purposes. With sufficient
hardware, it can handle theMedipix3 detector at themaximum supported data rate, 10Gbit/s. Sig-
nificant timewas spent learning about theMedipix3 and the correctmethods to control it alongside
the development of the firmware on the FPGA in the SPIDR3 system. Conversationswith the chip
designers at CERN were crucial for understanding the chip as it was intended to behave. Studies
into signal to noise ratios, system stability and energy resolution directly support the x-ray imaging
and CT scanning work.

2
The second part was the work to investigate the extremes of the Medipix3 chip in hadron therapy
environments. Due to the nature of the work, significant collaboration within the OMA (Opti-
mization of Medical Accelerators) network was critical for any of these experiments. This pushed
the verified operational limits of the chip with protons, carbon ions and heavier ions. A limit was
identified where the chip encounters the ‘volcano effect’ at a particular energy deposition. The
chip’s count rate linearity, dynamic range and minimum sensitivity was found to be favourable for
both protons and carbon ions compared to current detection methods, EBT3 film and gas cham-
bers. Radiation damage of the chips was observed. However, it self-recovered over time, apparently
back to the pre-irradiated state. Moving onto the accelerators, there were frequency components
in the mean counts over time that were detected in both sets of measurements, one confirmed to
be due to spill ripples of the synchrotron. These efforts resulted in three published manuscripts.
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3
The third and final part is the spectral x-ray imaging and computed tomography. This work spans
the entire range from the detector characterisation all the way through to the spectral x-ray CT
imaging of the mouse breast tumour. It depends on all of the previous non-hadron therapy work
combined. My efforts were also part of the FleX-ray project, resulting in a newCT scanning facility
at the Computational Imaging group within CWI. Per pixel energy calibrations were the answer to
improving image quality by addressing a specific error source while maintaining the same units and
energy dependence. This is in contrast to beam hardening corrections which result in equivalent
thicknesses of the correction material and in principle, eliminate energy dependent information as
it is all mapped to thicknesses of a material. It is important to note that for the best x-ray imaging,
beam hardening corrections are often one of the best options available. It was found that charge
summingmode (CSM) indeed benefits higher Z sensor materials the most, where the charge cloud
ends up in the order of the pixel pitch size by the time it reaches the chip. Due to the combination
of the thickness of the silicon used and the degraded energy resolution, it was not deemed that
CSMwas useful for spectral x-ray imaging of biological samples. Comparisons were made between
a dedicated x-ray spectrometer (silicon drift detector) and the Medipix3 along with comparisons
of different gain modes and between SPM and CSM with a GaAs sensor. These were found to be
consistent with expectations. Onto the challenge of imaging biological tissue, using experimentally
derived values, the x-ray attenuation coefficients as functions of energy are shown to overlap for
common soft tissue types. This demonstrates how, evenwith a perfect detector, it is not possible to
unambiguously separate these soft tissues from each other using the linear attenuation coefficients
alone, more so at higher energies. The signal to noise ratio as a function of energy was investigated
for four combinations of detector configuration, with Si and GaAs, 110 and 55 µm pixel pitches,
between SPM andCSMandwith low (30 keV) and high (90 keV) peak x-ray voltages. This showed
how the energy calibration benefits the SNR over energy both in image space and in energy space.
It also showed how the flat field correctionmust be tuned for each imaged sample for optimal SNR.
Examples of the relative linear attenuation coefficients over energy were shown for objects with and
without transition energies and for biological tissue, a calibration phantom (CDMAM) and pure
metal foils.
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7.3 Outlook

Future studies coulduseMedipix4 in similarways toMedipix3, ideally therewouldbenoRTNwith
the new design. Timepix2 has been shown to be exceptionally stable over time with no evidence of
RTN so far. Timepix4 could be useful for hyper spectral x-ray imaging andCTwith cluster analysis
at relatively low count rates. Liquidmetal jet-based x-ray sources are a significant improvement over
conventional x-ray sources in terms of increasing x-ray fluxwhilemaintaining x-ray spot size. Given
that theMedipix4 should be capable of an even higher count rate thanMedipix3, this combination
may prove fruitful. Direct comparisons between theMedipix3 and other x-ray detectors such as flat
panel detectors would be of interest also.

We now move onto possible improvements for the existing experimental setup at Nikhef. The
rotation stage used in this work has insufficient torque for the load; it skips steps at a very low ac-
celeration and rotational velocity as reported by software. A different motor would be best. When
trying to achieve a fast scan, waiting onmotors to accelerate, move and decelerate start to dominate
scan times. Latency communicating with system components is a much smaller effect in this setup
(∼ 5 ms× 600 =∼ 3 seconds per typical scan) compared to mechanical motor aspects. Therefore,
continuous rotation scans are necessary to cut down on scan times with a penalty of small motion
artefacts, depending on the relative motion of the object relative to the frame rate. This is standard
for medical systems which are able to do very fast full body scans by utilising helical scans.

Metal artefact reduction using energy bins and tumour detection are both areas of research
where photon counting detectors are finding their place. The metal artefact reduction is achieved
bymulti-energy imaging and then calculating the difference between those bins. These artefacts are
suppressed at higher energies because there is lower relative difference between the higher density
and lower density parts of the object scanned (91).

The highest quality x-ray CT scans all use synchrotron radiation and phase-contrast imaging.
They benefit from effective spot sizes in the order of nanometres, coherent radiation and the phase-
contrast effect which boosts the contrast of low attenuation objects. This is showcased in a paper
where whole human organs were non-destructively scanned down to cellular resolution (1.3—2.5
µm per voxel) for COVID-19 patients (92). This method is among the best available in terms of
ultimate scan quality, however, it requires significant expertise and access to the most expensive
radiation source type (synchrotrons) in existence. Advances in accessibility to highquality radiation
sources and detector technology are crucial for significant improvements in this field. As detailed
in the ‘Plasma Wakefield Accelerator Research 2019 - 2040: A community-driven UK roadmap
compiled by the PlasmaWakefield Accelerator Steering Committee (PWASC)’ (93), this is likely to
come to fruition in the form of a compact synchrotron radiation source driven by a laser-plasma
wakefield accelerator.

This project starts the long path towardsmaking surgical removal of tumours significantlymore
efficient. Given the high and still growing number of people needing this type of surgery,many lives
could be saved due to this work. I am now working on that future as a post-doctoral researcher at
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Aarhus University Hospital in Denmark.

The future is small, bright and colourful!
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A
Dexter - Readout and control software

The readout and control software for the Medipix3RX chip (CERN technology), named Dexter,
is a C++ program using the Qt library. This software can now readout and save images at the max-
imum speed (2000 Hz, 12 bit frames) and control all chip features. It has had several contributors
(mainly John Idarrága-Muñoz) and is more than 50k lines of C++ and 10k lines of UI code – it is
a complex and relatively mature program which enables full chip characterisation.

Dexter is the readout and control software for the Medipix3RX chip. As such, it sits on top
of the stack - it interfaces and communicates with the layers below through various APIs (Appli-
cation Programming Interface). These APIs include SpidrMpx3Lib which is a C++ library used
to communicate with the SPIDR (Speedy PIxel Detector Readout) system. One level lower, there
is FPGA firmware and LEON software with which the C++ library communicates. These con-
trol the Xilinx Artix 7 FPGA (Field Programmable Gate Array) which in turn controls the SPIDR.
The SPIDR then sends and receives signals over a ‘flex’ (flexible) cable to the assembly and finally
the Medipix3RX chips. See Figure A.1 for a graphical overview.

Within Dexter, there is a very simple structure whichmakes it easy to extend and debug the pro-
gram; there are no complex hierarchical structures. All main views can communicate to each other
via the ‘mpx3gui’ object; they do this by acquiring a pointer to the specific objects for each view.
This is a fast, extensible and safemethod to solve this problem. Inside these importantGUI (Graph-
ical User Interface) classes, there are sometimes sub-dialogues. These are logically related and may
feedback input or variables back up the chain. There are important non GUI classes which are in-
tegral to the functioning of the program such as the data taking and data consuming threads. They
use the SpidrMpx3 C++ library to decode, read & parse the UDP (User Datagram Protocol) data
stream from the SPIDR. Finally, there are external dependencies for several of these components.
The commercial framework, Qt 5 underpins all Dexter classes and SpidrMpx3Lib. It provides the
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A. DEXTER - READOUTANDCONTROL SOFTWARE

Figure A.1: A logical system overview of the detection system. Dexter controls the system
as a top level application.

most extensive feature set one may need to develop a C++ application on the desktop, mobile or
embedded system. OpenGL is used for displaying data in the main view; the Phidgets library is for
motor control. The others are the Dlib library and a TIFF (Tagged Image File Format) handling
library for saving files to the commonly used TIFF format.
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A.DEXTER - READOUTANDCONTROL SOFTWARE

Figure A.2: A logical overview of the internal structure of Dexter. It has several main
views (red) with a series of sub-views (orange); the user interacts with these exclusively.
Dependencies on external libraries are blue and the important non-GUI (Graphical User
Interface) classes (purple) are related to low level data handling classes.
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B
Drift rates per pixel

Following on from subsection 2.6.4, the pixel drift rates for runs one, three and four are shown.
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B. DRIFT RATES PER PIXEL

(a) A 2D visualisation of the mean pixel drift rates in %/hour. Note the
slightly lower drift rates in the ‘cross’ pixels. Green indicates dead pixels.

(b) The distribution of mean pixel drifts as a histogram with the mean plus/minus three
standard deviations marked with the red vertical lines. Note the log scale on the y axis.

Figure B.1: The mean drift rates of all pixels for run one in %/hour.
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B.DRIFT RATES PER PIXEL

(a) A 2D visualisation of the mean pixel drift rates in %/hour. Note the
different drift rates around the ‘cross’ pixels. Green indicates dead pixels.

(b) The distribution of mean pixel drifts as a histogram with the mean plus/minus three
standard deviations marked with the red vertical lines. Note the log scale on the y axis.

Figure B.2: The mean drift rates of all pixels for run three in %/hour.
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B. DRIFT RATES PER PIXEL

(a) A 2D visualisation of the mean pixel drift rates in %/hour. Green indicates
dead pixels.

(b) The distribution of mean pixel drifts as a histogram with the mean plus/minus three
standard deviations marked with the red vertical lines. Note the log scale on the y axis.

Figure B.3: The mean drift rates of all pixels for run four in %/hour.
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C
MedAustron measurement overview

An overview of all measurements is displayed in tables C.1 and C.2.

205



C.MEDAUSTRONMEASUREMENTOVERVIEW

Run Sub-run Particle Energy (MeV) Degrader (%) Spot weight

1 Proton 800 20 N/A
2 Proton 800 20 N/A
3 Proton 800 20 N/A
4 Test Proton 800 10 N/A

1 Proton 800 10 N/A
2 Proton 800 10 N/A

5 1 Proton 800 10 N/A
2 Proton 800 10 N/A
5 Proton 800 10 N/A
7 Proton 800 10 N/A
8 Proton 800 10 N/A
9 Proton 800 10 N/A
10 Proton 800 10 N/A

6 1 Proton 800 20 N/A
2 Proton 800 20 N/A
3 Proton 800 20 N/A
4 Proton 800 20 N/A
5 Proton 800 20 N/A
6 Proton 800 20 N/A
7 Proton 800 20 N/A
8 Proton 800 20 N/A
9 Proton 800 20 N/A
10 Proton 800 20 N/A

Table C.1: Measurements overview, 1 of 2. Spot weight has the units of numbers of par-
ticles specified.
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C.MEDAUSTRONMEASUREMENTOVERVIEW

Run Sub-run Particle Energy (MeV) Degrader (%) Spot weight

7 1 Proton 800 50 N/A
2 Proton 800 50 N/A
3 Proton 800 50 N/A
4 Proton 800 50 N/A
5 Proton 800 50 N/A
6 Proton 800 50 N/A
7 Proton 800 50 N/A
8 Proton 800 50 N/A
9 Proton 800 50 N/A
10 Proton 800 50 N/A
11 Background 800 N/A N/A

8 0 Proton 800 100 N/A
2 Proton 800 100 N/A
3 Proton 800 100 N/A
4 Proton 800 100 N/A

9 Proton 62 20 5× 106
10 Proton 148 20 1× 107
11 Proton 252 20 1× 107
12 Proton 62 10 1× 106
13 Proton 62 100 1× 108
14 Proton 62 100 5× 107
15 Proton 62 50 1× 107
16 Proton 62 100 1× 109
17 Proton 62 100 5× 108
18 Carbon 120 20 N/A
19 Carbon 400 20 N/A
20 Carbon 260 20 N/A
21 Carbon 120 100 N/A

Table C.2: Measurements overview, 2 of 2. Spot weight has the units of numbers of par-
ticles specified.

207



C.MEDAUSTRONMEASUREMENTOVERVIEW

208



D
Equalisation

Manufacturing every transistor to be identical is not possible for many reasons including resistivity
variations over a silicon wafer, therefore there are process specific manufacturing tolerances from
foundries producing these chips such as GlobalFoundries Inc., California. Tighter manufacturing
tolerances in the process used would result in chips withmore uniform pixel responses. The shaper
transistors are particularly sensitive in this regard. For the Medipix and Timepix family of chips,
this results in amismatch between the shaper transistors causing aDC (direct current) offset which
effectively means that each pixel has a significantly different noise baseline by default. This can be
mostly corrected by using the equalisation procedure.

Equalisation reduces threshold dispersion between pixels, the per pixel noise baseline; it is not
the same as the gain variation. The successor ofMedipix3, Medipix4 is designed to compensate for
the inter-pixel gain variation as a function of energy/threshold.

SPM noise based equalisation procedure

An overview of the SPM (Single Pixel Mode) in fine pitch mode (FPM, 55 µm pixel pitch) noise
based equalisation procedure follows, this is intended to give a flavour for the procedure so it does
not include all details or variations for the sake of brevity. When a threshold scan is mentioned in
this section it means that one sets a threshold at a particular value, opens the shutter for a short
time and records the number of pixels counting above a certain number. 10 counts is often used
to filter out cosmic radiation and low level noise. 10 counts were used because the frame times are
limited to 100 ms and therefore it is exceptionally unlikely to have more than 10 counts in that
time window from cosmic radiation or the very tail of the noise distribution. If one wanted to
use the noise edge to calibrate with, the maximum count in a 12 bit frame could be used, which
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D. EQUALISATION

is 4095 counts. I_DAC_DISCL and I_DAC_DISCH represent the current DACwhich controls
the gain of the chip; this is shared across all pixels within a chip. Each counter has its respective low
(I_DAC_DISCL) and high (I_DAC_DISCH) DACs, in the following section I_DAC_DISC is
used to refer to I_DAC_DISCLor I_DAC_DISCHdependingonwhich counter is being equalised.
This procedure was mostly implemented in the readout and control software, Dexter, before this
work. My contribution can be summarised as taking crash and error prone code from a first imple-
mentation state to a highly reliable, stable, commercial state with all features enabled.

Figure D.1 is a visual aid for the following list:

1. Initialisation: Set OMR (operation mode register) bits;

• Equalisation bit = 1
• Colour mode bit = 0
• CSM_SPM = 0
• DISC_CSM_SPM =

– DiscL (THL) = 0
– DiscH (THH) = 1

2. Step one: First threshold scan;

• I_DAC_DISC = 100 DAC
• Set all adjustment bits to zero (00000b)
• A threshold scan is run, an entry is addedwhen apixel countsmore than theminimum
value, resulting in a normal distribution. For speed, steps one and two scan with a
subset of the matrix.

3. Step two: Second threshold scan;

• I_DAC_DISC = 150 DAC
• A threshold scan is run as before, one measures a normal distribution with the same
amplitude as before butwith a highermean value because I_DAC_DISC controls the
chip-wide gain.

4. Step three: Find the optimal I_DAC_DISC, I_DAC_DISC_optimal;

• Now that one knows the linear relationship between I_DAC_DISC and the thresh-
old, one can extrapolate what the optimum I_DAC_DISC value is such that: µ =
3.2σ + equalisation target. The equalisation target is fixed at 10 DAC units as a re-
sult of early testing at CERN by the chip designers, ideally this target would be zero.
This target encapsulates the noise variations of many chips and was deemed to be a
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D. EQUALISATION

Figure D.1: Anoverview of the equalisation procedurewith various subplots of real scans
from within Dexter (Medipix3 readout and control software).
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D. EQUALISATION

safe number for all equalisations. A small part of the energy range is lost due to this
non-zero target. The 3.2 σ value can be varied based on the user’s preference, either
one sacrifices somepixels for better energy resolution or onemakes all the functioning
pixels respond with a worse energy resolution.

5. Step four: Scan for interpolation;

• Set I_DAC_DISC_optimal
• Adjustment bits are still zero (00000b)
• Run threshold scans on the whole matrix, pixel spacing is typically four
• Set all adjustment bits to five (10100b)
• Run threshold scans as before

6. Step five: Interpolation.

• For every pixel, find the closest adjustment bit value to the equalisation target (default
= 10DAC) by interpolating or extrapolating between the scans where the adjustment
bits were zero and five. Adjustment bits are controlled by a per-pixel five bit DAC, so
the possible values are anything between zero and 31.

To further motivate the necessity and importance of equalisation, real example values for before
and after the procedure are as follows: Before (unequalised): µ=80.1,σ=15.0After (equalised): µ
=9.8,σ=1.5This oneorder ofmagnitude reduction in thresholddispersion is typical for SPM+FPM.

This procedure varies slightly with colourmodewhere one in four pixels are bump bonded such
that the effective pixel pitch is 110 µm and when charge summing mode (CSM) is active. In all
three additional cases (SPM+Colour, CSM+FPM, CSM+Colour), pixel to pixel communication
is introduced and so the procedure varies. For colour mode, the OMR (OperationMode Register)
colour mode bit must be set to one. For CSM, the OMR bit Disc_CSM_SPM selects the low
discriminator (DISC_L) with zero and the high discriminator (DISC_H) with one, so it must be
set to one. For colour mode and CSM, both respective bits must be set to one. This method is
independent of gain mode (Super High, High, Low & Super Low) and readout mode (Sequential
R/W and Continuous R/W). Further technical details can be found in theMedipix3 manual (24).

There are variations of thismethodwhichuse test pulses or close tomonochromatic x-raybeams(94),
one study claims improvements of 14 % (95) by using test pulses and one using monochromatic x-
rays showed an improvement of 25 %, the sigma of a distribution decreased from 1.04 to 0.83 keV
using 8 keV photons. It is important to note that equalisation is temperature dependent due to
higher temperatures causing higher leakage currents which can cause pixels to not respond mostly
around the border and some DACs are temperature sensitive. Due to various dependencies on
many factors, such as temperature, leakage current, polarity and gain, it is sensible to have equalisa-
tion settings for different operation conditions. Specifically for temperature, after approximately
10 ◦C change, it is advisable to run a new equalisation.
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E
Column based filtering algorithm

1

2 def column_based_filtering(data: np.ndarray,
above_air_value_but_below_interesting_data: float) -> np.ndarray:↪→

3

4 n_rows = data.shape[0]
5 n_columns = data.shape[2]
6 window_size_max = 5
7

8 # E.g. shape = (256, 600, 256)
9 for row in range(n_rows):
10

11 '''
12 Taking the mean along the axis of rotation angle
13 E.g. the shape of the following two arrays would be (256,)
14 '''
15 column_mean_array = np.mean(data[row], axis = 0)
16 modified_array = np.copy(column_mean_array)
17

18 for w_size in range(1, window_size_max):
19

20 '''
21 Iterating along the row
22 E.g. 1 to 5 to (256 - (1 to 5))
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E. COLUMNBASED FILTERINGALGORITHM

23 '''
24 for i in range(w_size, n_columns - w_size, w_size):
25

26 if column_mean_array[i] >
above_air_value_but_below_interesting_data:↪→

27

28 modified_array[i] = np.mean(
np.array([column_mean_array[i - w_size : i],
column_mean_array[i : i + w_size]]) )

↪→

↪→

29

30 data[row] *= np.divide( modified_array, column_mean_array, out =
np.zeros_like(column_mean_array), where=column_mean_array !=
0)

↪→

↪→

31

32 return data
33
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Scientific output

The following is a summary ofmywork overmyPhDproject. I am responsible for the following
items entirely, unless otherwise mentioned.

Papers

Published

• ‘Medipix3 for dosimetry and real-time beammonitoring: first tests at a 60MeVproton ther-
apy facility’ - J.S.L. Yap et al. JINST 16 T11001, 2 November 2021;

– JacintaYap and Ihad an approximately equal contribution towards this. I contributed
allMedipix3 content, Jacinta contributed all of theEBT3filmcontent,AndrzejKacperek
with his team at the CCC facilitated this work with the cyclotron operations and ac-
cess. Jacinta and I contributed equally towards the remaining sections. Javier Resta
López & CarstenWelsch were Jacinta’s supervisors.

• ‘Medipix3 proton and carbon ionmeasurements across full energy ranges and at clinical flux
rates in MedAustron IR1’ - N.J.S. Bal et al. JINST 16 C12002, 1 December 2021.

– Claus Schmitzer and Sascha Enke were critical for the accelerator control and exper-
imental setup. Andrea De Franco reviewed the paper and gave crucial feedback for
technical details which impacted the conclusions. I was responsible for everything
else.

Conference papers

• ‘BeamCharacterisationUsingMEDIPIX3andEBT3Filmat theClatterbridgeProtonTher-
apy Beamline’ - 19-24May 2019, Proc. 10th International Particle Accelerator Conference
(IPAC’19), Melbourne, Australia. DOI: 10.18429/JACoW-IPAC2019-THPMP033.

In progress

• ‘TOPAS/Geant4 simulation modelling of the Clatterbridge 60MeV proton therapy beam-
line for LETmeasurements with the MiniPIX-Timepix detector’ - J.S.L. Yap et al.
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Scientific output

– My contributions included data analysis, experimental planning and execution, inter-
pretation of data, data acquisition and detector operation.

EUHorizon 2020MSCA fellow

Schools and training attended

The OMA (Optimization of Medical Accelerators) project received funding from the European
Union’s Horizon 2020 research and innovation programme under the Marie
Skłodowska-Curie grant agreementNo 675265. I was a fellowwithin this project and I produced a
number of deliverables. They were merged into later publications or this thesis with the exception
of the deliverable D2.5, ‘studies into different detector materials’ which can be found on the EU
R&I participant portal (96).

A significant part of this was the development& documentation of high performance (~7Gb/s,
2000FPS) control and readout software for theMedipix3RXchips (high resolution, zerodead-time
pixel detector readout chip allowing spectroscopic imaging) in C++ and Qt.

All related news, media and other content is available on the OMAwebsite:
http://oma-project.eu/.

• OMAComplementary Skills School - 3-7 April 2017, University of Liverpool, UK;
• 1st OMA School - Medical Accelerators - 5-9 June 2017, Fondazione CNAO, Pavia, Italy;
• 2nd OMA School –Monte Carlo Simulations - 6-10 November 2017, LMUMunich, Ger-
many;

• 2nd OMA Topical Workshop - Diagnostics for Beam and Patient Monitoring - 4–5 June
2018, CERN, Switzerland;

• Cosylab Academy - 6–8 June 2018, CERN, Switzerland;
• 3rdOMATopicalWorkshop -Medical AcceleratorDesign andDiagnostics - 11–12Decem-
ber 2018, GSI, Germany;

• 3rd OMA School – Medical Accelerators and Particle Therapy - 1-5 April 2019, MedAus-
tron, TU Vienna, Austria;

• International Symposium on Accelerators for Science and Society - 28 June 2019, ACC
Liverpool, UK;

• Advanced Researcher Skills School and Technology TransferWorkshops - 24-27 June 2019,
University of Liverpool, UK;

• OMAResearcher Careers Workshop - 2-3 September 2019, Seville, Spain;
• OMAInternationalConference onMedicalAccelerators andParticleTherapy - 4-6 Septem-
ber 2019, CNA, Seville, Spain.
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Deliverable reports

All demonstrators, pilots, prototypes, documents, reports, websites, patent fillings, videos and so
on are available on the European Commission’s website for the OMA project:
https://cordis.europa.eu/project/id/675265/results.

• D2.3 PC readout software - 25 July 2017;

• D2.4 Performance in clinical environments - 30 April 2019;

• D2.5 Studies into different detector materials - 31 October 2019;

• D2.6 Detector layout - 5 November 2019.

Technical notes

• InternalASI technical note (27pages) -CERNsecondmentknowledge transfer - 07/11/2018.

Other schools, workshops and training attended

• Statistics topical lecture - 2017, Nikhef, Amsterdam, Netherlands;

• 11th Inverted CERN School of Computing (iCSC), 5-8 March 2018, CERN,
Switzerland;

• ThirdBarcelonaTechnoWeek: Semiconductor radiationdetectors, 1-7 July 2018, Barcelona,
Spain;

• BND school - 10–21 September 2018, Berlin, Germany;

• 1st Allpix Squared User Workshop - 26-27 November 2018, CERN, Switzerland;

• Dark matter topical lecture - 2020, Nikhef, Amsterdam, Netherlands.

Funding proposals submitted

• ‘Spectral microCT system for high resolution 3D visualization of human tumours’ - co-
authored, not successful - NovoNordisk, 2019.
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Scientific output

Posters

• ‘A versatile high-speed radiation detection platform’ - June 2017, Milan, Italy;

• ‘A versatile high-speed radiation detection platform’ - September 2017, Munich, Germany;

• ‘A versatile high-speed radiation detection platform usingMedipix3’ - 4 April 2019, Vienna,
Austria;

• ‘Beam characterisation usingMedipix3 and EBT3 film at the Clatterbridge ProtonTherapy
Beamline’ - 10th International Particle Accelerator Conference (IPAC’19) - 19 May 2019,
Melbourne, Australia;

• ‘Medipix3 proton and carbon ionmeasurements across full energy ranges and at clinical flux
rates inMedAustron IR1’ - 22nd InternationalWorkshop onRadiation ImagingDetectors
(iWoRiD 2021) - 10 June 2021, online only.

Talks

• ‘Nikhef Medipix3’, Medipix Meeting - November 2017, CERN, Switzerland;

• ‘Hybrid pixel detectors’, Detector R&DTexel trip - 22 June 2018, Texel, Netherlands;

• ‘Pixel detectors in patient treatment’, 2nd OMA Topical workshop - June 2018, CERN,
Switzerland;

• ‘Nikhef SPIDR readout system’, Medipix Meeting - November 2018, CERN, Switzerland;

• ‘Colour X-ray CT - Detector R&D’, Nikhef Jamboree - December 2019, Utrecht, Nether-
lands;

• ‘Beam and detector characterisation usingMedipix3 atMedAustron IR1 using protons and
carbon ions at clinical flux rates and full energy range’, OMA International Conference on
Medical Accelerators and Particle Therapy - 2 September 2019, Sevilla, Spain.

Teaching

• ‘Particle Detection’ - assisted Prof. Els Koffeman - 2018, Nikhef / Universiteit van Amster-
dam, Netherlands.
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Summary

Cancer causes 16 % of all deaths per year worldwide. It is the second most likely cause of
death in highly and very highly developed nations.

Ideally, wewouldbe able to prevent cancerous tumours from forming. Otherwise, wewould like
todetect and treat the tumours as early as possible. In reality,we cannot yet entirely prevent ordetect
tumours very early. Therefore, plenty of cancerous tumours slip through the cracks of our collective
healthcare systems. This has significant direct and indirect societal costs including treatment costs,
care, rehabilitation, missed work and premature deaths. Estimates of these costs worldwide are
thought to be in the order of hundreds of billions of dollars per year, this is approximately 1 % of
all global healthcare spending.

How can we improve cancer therapy?
In short: faster, better and cheaper.

Now onto the longer, more specific answer. This thesis focuses on two modalities of cancer
therapy, radiotherapy and surgery. The same particle imaging device (detector) is used for both.

Radiotherapy is a cancer treatment which uses radiation to kill cancer cells. Various particles
can be used to do this, including light (photons) and the particles which most matter is made of -
protons, neutrons & electrons. Atoms with a net charge (ions) are also used, these are composed of
protons, neutrons and electrons. Particle therapy often involves accelerating protons and ions into
beamswhich are used to deliver radiation to the cancer cells. Thesemedical accelerators are spin-offs
from fundamental particle physics research. The most well known being the LHC (Large Hadron
Collider) in Switzerland which discovered the Higgs boson (an elementary particle) in 2012.

These medical accelerators are complex and expensive machines, modern facilities cost in the or-
der of $200million. They of course needmaintenance and robustmonitoring. Part of themonitor-
ing involves checking beamproperties. This includes checking the delivered radiation is as expected
- deviations can result in missing cancer cells or irradiating healthy tissue. My work included such
measurements at two clinical facilities using proton beams and carbon ion beams. It was also possi-
ble to measure unexpected behaviour over time in the beam intensities. The detector used was also
tested in this relatively extreme environment, it was shown to behave at least as well as the current
‘gold standard’ method and particularly well at the highest beam intensities. This is encouraging
evidence that this type of detector can be used to improve the quality assurance at these facilities.

Moving onto surgery, the most direct way to treat tumours is simply to cut them out of the
patient. Ideally, it would be possible to cut out only the cancer cells. In reality, this is not possible
and so a margin is added to the targeted volume to remove.

There are two clear problems here. Firstly, the targeted volume is identified using MRI (Mag-
neticResonance Imaging) orCT(ComputedTomography) scans and then labelledby apathologist.
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Summary

If you take several pathologists, give them the same image, their answers will not be the
same as each others’. The scans also can resolve features in the order of a one millimetre cube.
These both can result in cancer cells being left in the patient, which go on to spread elsewhere in
the body and result in an unsuccessful treatment. Secondly, healthy tissue is removed.

After the tissue is removed, it is prepared for long term storage (archived), sliced into very thin
slices of a few cells thickness, a few of those slices are imaged using an optical scanner and then
labelled by a pathologist. Almost all of the tissue volume is not imaged or labelled. This process
takes several days to several weeks. During this time, the patient is closed up and sent home. If
any tissue was found to have been left in the patient, another surgery is required. This is expensive,
time-consuming and undesirable in every way.

What if it were possible to non-destructively find the boundary between healthy and tumour tissue
during surgery?

My work was the first step in answering that question. The boundary between tumour and
healthy tissue was matched to the current method used in clinical practice. It was even possible
to observe differences within the tumour itself, better than expected! This was achieved using a
custom high resolutionCT scanner which also uses the colour (energy) of the x-rays, this is referred
to as ‘spectral x-ray CT’. The next step of this work is to measure many more samples, both fresh
and archived.

None of this work would have possible without a sufficiently good tool to image the particles
in question. The Medipix3 is the hybrid pixel detector chip used for this work, let’s break that
down. A chip in this case, means an Application Specific Integrated Circuit (ASIC). An ASIC is a
combination of tiny electrical components which perform a fixed, very specific set of tasks; this one
is designed to detect particles. TheMedipix3 chip is electrically connected to a sensor material by a
2 dimensional grid of small metal spheres (bump bonds). Each bump bond is connected to a single
pixel on the chip. Other detector chips are often physically the same part as the sensor (no bump
bonds). The sensor can be a different material than the chip, so they can be optimised separately.
This is why the Medipix3 is a hybrid pixel detector chip.

The Medipix3 is controlled and read by a separate system, the SPIDR (Speedy PIxel Detector
Readout) was developed for this purpose at Nikhef. On top of that, specially developed software
on a computer is required to communicate with the SPIDR to ultimately acquire images.

Most of the time spent for this work was spent on co-developing the SPIDR software and hard-
ware, developing the software (Dexter) to communicate with the SPIDR, finding out how the
Medipix3 actually works and optimising it. This included an effort to determine the optimum
measurement time for a given system.

All combined, this work has shown promising advances for cancer treatment. I am continuing
the spectral x-ray CT work further at the Danish Centre for Particle Therapy as a post-doctoral
researcher.
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Samenvatting

Kanker veroorzaakt 16% van alle overlijdens per jaar wereldwijd. Het is daarmee de
tweede doodsoorzaak in ontwikkelde en hoogontwikkelde landen.

In een ideale wereld zouden we het vormen van kwaadaardige tumoren kunnen voorkomen.
Als dat niet mogelijk zou zijn, dan zouden we de tumoren zo vroeg mogelijk willen detecteren en
behandelen. In werkelijkheid kunnen we ze niet voorkomen of heel vroeg detecteren. Daardoor
glipt er een heel aantal kwaadaardige tumoren door de vingers van onze gezondheidszorg. Dit leidt
tot significante directe en indirecte maatschappelijke kosten, zoals kosten voor behandeling, zorg,
rehabilitatie, gemist werk en voortijdige overlijdens. Dit kost wereldwijd, naast persoonlijk leed, in
de orde van honderden miljarden dollars per jaar, ongeveer 1% van de wereldwijde uitgaven aan de
gezondheidszorg.

Hoe kunnen we de behandeling van kanker verbeteren?
Kortom: sneller, beter en goedkoper.

Endannuhet langere, preciezere antwoord. Dit proefschrift richt zich op tweemodaliteiten van
de behandeling van kanker; radiotherapie en operaties. Dezelfde deeltjesdetector (detector) wordt
voor beide gebruikt.

Radiotherapie is een kankerbehandeling waarbij bestraling wordt gebruikt om kankercellen te
doden. Er zijn verschillende deeltjes die kunnen worden gebruikt om dit te doen, waaronder licht
(fotonen) en de deeltjes waarvan de meeste materie gemaakt is - protonen, neutronen en elektro-
nen. Elektrisch geladen atomen (ionen) worden ook gebruikt. Deze zijn gemaakt van protonen,
neutronen en elektronen. Bij deeltjestherapie wordt de bestraling vaak gerealiseerd door een bun-
del van versnelde protonen en ionen. Deze medische versnellers zijn spin-offs van fundamenteel
natuurkundig onderzoek. De bekendste is de LHC (Large Hadron Collider) in Zwitserland, waar
in 2012 het Higgs deeltje (een elementair deeltje) is ontdekt.

De medische versnellers zijn complexe en dure machines, moderne faciliteiten die ongeveer $
200 miljoen kosten. Ze hebben natuurlijk ook onderhoud en robuuste kwaliteitscontroles nodig.
Een deel van de kwaliteitscontrole is het in de gaten houden van de bundeleigenschappen. Er wordt
dan ook gecontroleerd of de gegeven dosis overeenkomt met de geplande dosis, omdat afwijkingen
kunnen leiden tot het missen van kankercellen of onnodige bestraling van gezond weefsel. Voor
een deel van mijn werk, heb ik metingen gedaan bij twee klinische faciliteiten met protonen- en
koolstofionenbundels. We konden hier ook onverwacht het verloop van de bundelintensiteit over
de tijd meten. De relatief extreme omgeving was ook een test voor de detector. Het liet gedrag
zien dat minstens net zo goed was als de ‘gouden standaard’ methode en werkte vooral goed bij de
hoogste bundelintensiteiten. Dit is aanmoedigendbewijs dat dit type detector kanworden gebruikt
om de kwaliteitscontrole van deze faciliteiten te verbeteren.
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Samenvatting

Chirurgie is de meest directe methode om tumoren te behandelen, door ze simpelweg uit de
patiënt te snijden. Idealiter zou hetmogelijk zijn om alleen de kankercellenweg te snijden. Inwerke-
lijkheid is dit niet mogelijk en moet er een marge aan het doelvolume worden toegevoegd.

Er zijn hier twee duidelijke problemen. Ten eerste wordt het doelvolume geïdentificeerd door
MRI (Magnetic Resonance Imaging) of CT (Computed Tomography) scans, die worden gelabeld
door een patholoog. Als je meerdere pathologen dezelfde beelden geeft, dan zijn hun
antwoorden niet hetzelfde. De scans hebben daarnaast een resolutie van een kubieke millimeter.
Deze factoren kunnen ertoe leiden dat kankercellen in het lichaam achter kunnen blijven, die zich
door de rest van het lichaam kunnen verspreiden en resulteren in een onsuccesvolle behandeling.
Ten tweede wordt er gezond weefsel verwijderd.

Nadat het weefsel is verwijderd, wordt het voorbereid om langdurig te worden bewaard
(gearchiveerd). Het wordt in hele dunne plakjes gesneden ter dikte van een paar cellen. Een paar
vandie plakjesworden gescandmet eenoptische scanner endoor eenpatholoog gelabeld. Dit proces
duurt enkele dagen tot enkeleweken. Gedurendedeze tijdmoetdepatiënt thuis deuitslag afwachten.
Als blijkt dat er tumorweefsel in de patiënt is achtergebleven, danmoet de patiënt opnieuwworden
geopereerd. Dit is duur, kost veel tijd, is onwenselijk en belastend voor de patiënt.

Wat als het mogelijk zou zijn om de grens tussen gezond en tumorweefsel te vinden op een non-
destructieve manier tijdens de operatie?

Mijn werk was de eerste stap naar het beantwoorden van die vraag. De grens tussen de tumor
en het gezonde weefsel werd gematcht met de huidige methode in de klinische praktijk. Het was
zelfs mogelijk om verschillen in de tumor zelf te zien. Dat is beter dan verwacht! Dit was mogelijk
door gebruik van een speciale hoge resolutie CT scanner die ook de kleur (energie) van de röntgen
straling gebruikt. Dit wordt ook wel ‘spectrale röntgen CT’ genoemd. De volgende stap van dit
werk is het in beeld brengen van nog veel meer samples, zowel verse als gearchiveerde samples.

Dit werk zou niet mogelijk zijn geweest zonder een meetinstrument dat goed genoeg is om de
deeltjes in beeld te brengen. DeMedipix3 is de hybride pixel detector chip die in dit werk gebruikt
is. Laten we daar verder op in gaan. In dit geval bedoelen we met een chip een Application Spe-
cific Integrated Circuit (ASIC). Een ASIC is een combinatie van microscopisch kleine elektrische
componenten die een vaste, hele specifieke set taken uitvoert; het is ontworpen om deeltjes te de-
tectoren. De Medipix3 chip is elektrisch gebonden aan een sensor materiaal door een tweedimen-
sionaal rooster van kleine metalen bolletjes (‘bump bonds’). Elk klein bolletje is verbonden aan
één enkele pixel op de chip. In andere detectoren maken de detectorchips meestal fysiek onderdeel
uit van de sensor (zonder ‘bump bonds’). De sensor in hybride chips kan van een ander materiaal
dan de chip gemaakt zijn. Ze kunnen hierdoor apart worden geoptimaliseerd. Dit is waarom de
Medipix3 een hybride pixel detector chip is.

DeMedipix3 wordt door een apart systeem bestuurd en uitgelezen, namelijk de SPIDR (Speedy
PIxel Detector Readout), die voor dit doel op Nikhef ontwikkeld is. Daarbij is er ook speciaal on-
twikkelde software op een computer nodig om met de SPIDR te communiceren en uiteindelijk
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beelden te krijgen.
Het grootste gedeelte vande tijd vanditwerk is besteed aanhetmede-ontwikkelen vande SPIDR

software en hardware, het ontwikkelen van de software (Dexter) om met de SPIDR the commu-
niceren, het onderzoeken van hoe deMedipix3 eigenlijk werkt en het optimaliseren ervan. Hieron-
der valt een poging om de optimale meettijd voor een gegeven systeem te bepalen.

Alles bij elkaar genomen, heeft dit werk veelbelovende vooruitgang laten zien voor de behandel-
ing van kanker. Ik ga doormet het spectrale röntgenCTwerkbij hetDeenseCentrumvoorDeeltjes
Therapie (DCPT) als postdoctoraal onderzoeker.
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