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Abstract

Dual modality imaging systems such as SPECT/CT have be-
come commonplace in medical imaging as it aids in diagnosing diseases
by combining anatomical images with functional images. We are inter-
ested in developing a dual modality imaging system combining SPECT
and MR imaging because MR does not require any ionizing radiation
to image anatomical structures and it is known to have superior soft
tissue contrast to CT. However, one of the fundamental challenges in
developing a SPECT/MR system is that traditional gamma cameras
with photomultiplier tubes are not compatible within magnetic fields.
New development in solid state detectors has led to the silicon photo-
multiplier (SiPM), which is insensitive to magnetic fields.

We have developed a small area gamma camera with a tileable
4x4 array of SiPM pixels coupled with a CsI(Tl) scintillation crystal.
A number of simulated gamma camera geometries were performed us-
ing both pixelated and monolithic scintillation crystals. Several event
positioning algorithms were also investigated as an alternative to con-
ventional Anger logic positioning. Simulations have shown that we can
adequately resolve intrinsic spatial resolution down to 1 mm, even in
the presence of noise. Based on the results of these simulations, we
have built a prototype SiPM system comprised of 16 detection chan-
nels coupled to discrete crystals. A charge sensitive preamplifier, pulse
height detection circuit and a digital acquisition system make up our
pulse processing components in our gamma camera system. With this
system, we can adequately distinguish each crystal element in the ar-
ray and have obtained an energy resolution of 30 + 1% (FWHM) with
Tc-99m (140keV). In the presence of a magnetic field, we have seen no
spatial distortion of the resultant image and have obtained an energy
resolution of 31 + 3 %.
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One

Preface

The structure of this thesis begins with an introduction to dual modality imag-
ing and a justification for developing a SPECT /MR system. This is followed
by an introductory section on background information such as radiation inter-
actions with materials, a brief summary of various types of radiation detectors,
the components of a gamma camera, a more in-depth discussion of silicon based
solid state photodetectors.

In Chapter 2, there is a literature review of current applications such
as low photon counting applications, high energy physics and medical imag-
ing applications. There is further discussion on dual modality imaging, more
specifically with SPECT /MR and prospective clinical applications with this
imaging system.

In a clinical gamma camera, there are protocols set out by NEMA NU1
to maintain standards on scintigraphic camera performance. Some of these

measurements include determining the intrinsic spatial and energy resolution of
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the system, intrinsic spatial linearity, system uniformity and system sensitivity
(NEMA Standards Publication, 2001). We have performed simulations to
identify these performance characteristics and we have modified the tests to
suit our system to characterize these measurements for our gamma camera. A
detailed outline of the simulation and the results are discussed in Chapter 3.
Various image reconstruction algorithms were tested with different gamma
camera geometries. As well, there is a detailed summary on the components of
a gamma camera, including the various types of preamplifiers, peak detection
circuits, and analog to digital conversion. The specifications for each detector
component in our gamma camera system is discussed.

Chapter 4 summarizes the results of our gamma camera system. We
compare the simulations with our reconstructed images. The spectral re-
sponses are characterized for radiation sources of various energies, crystal ge-
ometries, and bias voltages. Our gamma camera was also characterized within
a magnetic field environment and the results were compared to the measure-
ments in the absence of a magnetic field. There is also a discussion of our
detector limitations and potential improvements to overcome these limitations.

We then conclude the thesis with a summary of the results of our gamma
camera performance characteristics and potential future developments such as

expanding to a larger area detector.
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Two

Introduction

2.1 Nuclear Medicine Imaging

Nuclear Medicine imaging is a non-invasive imaging technique which uses ra-
dioisotopes to image biological processes within the body (Cherry et al., 2003).
They are generally labelled with a compound which targets a particular area of
pathologic interest. The radioisotope undergoes radioactive decay and emits
gamma rays and/or subatomic particles. Gamma rays which exit the body
are detected by an external radiation detector to produce an image. While
the uptake of some radiotracers may show some anatomical information, it is
predominantly used to highlight areas of pathology and biologic processes such
as tissue perfusion and glucose metabolism (Cherry et al., 2003).

There are two main types of nuclear medicine imaging, single photon
emission computed tomography (SPECT) and positron emission tomography
(PET). The fundamental difference between the two is the detection of one
gamma ray versus two coincident gamma rays as needed to create an image. In

3
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SPECT, images are acquired from single gamma rays emitted from radiotracers
which are incident on gamma cameras whereas PET uses a positron emitting
radiotracer. The positron undergoes annihilation with an electron, emitting
two 511keV photons at 180°. Coincident detection (within a specified time
window) of the annihilation photons results in a detected event. Planar images
are two dimensional projections of the tracer distribution through the body.
A cross sectional image of the body is composed of multiple planar images at

varying angles called tomographs (Cherry et al., 2003).

Multimodality Imaging

Multimodality imaging has become an indispensible tool in diagnosing dis-
eases, aiding in treatments and surgeries. PET/CT (x-ray computed tomog-
raphy) and SPECT/CT are the most common multimodality imaging systems
and have been widely used for oncology applications. A multimodal system
allows one to correlate functional information with anatomical references and
it allows for better image registration due to a common patient support, thus
making it more convenient and potentially more cost effective to perform image
acquisition simultaneously or sequentially (Wagenaar et al., 2006).

While there are many advantages to this technology and the modali-
ties of imaging used, there are some drawbacks to the ones in current clinical
use. Patients are exposed to a larger amount of radiation as a result from
x-rays and the injected radiotracers. Magnetic resonance imaging (MRI) is

an alternative imaging modality to CT which requires no ionizing radiation.
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Nuclei in the body that have an odd number of protons possess an intrinsic
angular momentum called spin. Hydrogen is the most abundantly used nuclei
in MRI imaging, which consists of a single proton. Three major components
of MRI hardware include the main magnetic field (1.5-7T), a radio-frequency
(RF) pulse and the magnetic field gradients. The main magnetic field is used
aligns the nuclei to an equilibrium state. The RF pulse is used to change
the local magnetization of the nuclei during image acquisition and the mag-
netic field gradients are used to provide spatial localization (Buxton, 2009).
Besides the benefit of no exposure to ionizing radiation, MR may be supe-
rior to other anatomical imaging techniques due to its ability to obtain some
functional information and its excellent soft tissue contrast (Wagenaar et al.,
2006). There has been significant development in multimodality imaging in
the past decade with PET and MR (Hamamura et al., 2010); however, little
development of SPECT /MR has been done. Since SPECT imaging has many
more applications than PET), it stands to reason that SPECT /MR could have
a greater clinical impact. PET is widely used for oncology applications; how-
ever, SPECT can be used to for cardiac, brain, renal and bone imaging just
to name a few.. Depending on the type of imaging

One of the fundamental challenges in incorporating these modalities is
that the gamma camera is not operable in a magnetic field (Buzhan et al.,
2001; Sensl, 2010e). Gamma cameras consist of a scintillator coupled to a
photomultiplier tube (PMT). Inside the photomultiplier tube, electrons are

accelerated across voltage potentials to generate a signal. In the presence of a
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magnetic field, the trajectory of the electron would be altered, thus distorting
the signal. As a result, we are investigating a new type of semiconductor de-
tector, silicon photomultipliers which have been reported to be insensitive to
magnetic fields as an alternative to photomultiplier tubes. Provided the mag-
netic field from MRI doesn’t affect the performance of silicon photomultipliers
and the accompanying electronics, SiPM based gamma cameras may become

the new standard in SPECT imaging.

2.2 Radiation Interactions

The discussion of interactions of radiation with matter is important before
delving into the physics of detecting radiation. Photon interaction with a
material can occur in one of several ways which include: i) the photoelectric
effect, ii) Compton scattering and iii) pair production. Depending on the
energy of the photons, there is an associated probability that it will undergo
a particular interaction represented by the cross section. At lower energies
and high 7Z materials, the probability of the photoelectric effect dominates,
whereas Compton scattering will more likely occur at higher energies and lower
7 materials. Pair production will only occur if the photon energy exceeds
1.022 MeV (the sum of the rest mass of an electron and it’s antiparticle, the
positron). In nuclear medicine we are generally interested in relatively lower
energy photons, so pair production isn’t a significant interaction. However,

it should be noted that some radiotracers in nuclear medicine do emit high
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energy gamma rays in which case, pair production would be relevant. The

following is a brief description of the relevant interactions.

Photoelectric Effect

When a gamma ray of sufficient energy (greater than or equal to that of the
binding energy of the electron) is absorbed by the atom, a bound electron is
ejected from the atom. The ejected electron has energy equal to the difference
between the binding energy of the electron shell and the incident photon.
Since photoelectric absorption increases with the strength of electron binding,
photons are generally ejected from the K shell (Wernick and Aarsvold, 2004).
Photons with energy below the K-shell binding energy will go on to interact

with electrons in the L and M shell.

Ejected Photoelectron

———
~> Characteristic x-ray

Figure 2.1: Photoelectric Effect

Incident Photon

A vacancy exists from where the electron was ejected. To stabilize
the atom, an electron from an outer shell will fill the hole while emitting a
characteristic x-ray with energy equal to the difference between the two energy
levels (Ahmed, 2007). In low Z materials, the characteristic x-ray energy is

on the order of a few keV, whereas in high Z material the energy could be
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on the order of 20-100keV (Cherry et al., 2003). Therefore, for interactions
occurring within the body, energy from these x-rays are generally negligible.
For high Z materials, the x-rays may contribute to background. Additionally,
the characteristic x ray may go on to eject an electron from an outer shell
provided the energy is equal to the binding energy of the electron. The release
of this electron is known as an Auger electron and since the photon is absorbed

in the Auger electron, radiation is not emitted (Ahmed, 2007).

The probability of photoelectric interaction is represented by the ap-
proximative cross section in eqn. 2.1 where n is between 4 and 5 (Ahmed, 2007).
Therefore as the atomic number increases, the probability of the photoelectric
effect interaction occurring increases significantly. However, as the energy ap-
proaches the rest mass of an electron, the Compton interaction dominates as

shown in fig. 2.2 (Cherry et al., 2003).

100 ‘
Photoelectric Pair
absorption production

R
Compton
scattering

. L

0.01 0.1 1 10 100
Photon energy (MeV)

Atomic number, Z

25

Figure 2.2: Interaction probability of atomic number Z versus photon energy



M.Sc. Thesis (A. T. Tao) McMaster University (Medical Physics)

Compton Scattering

Compton scattering is an inelastic scattering interaction which is highly prob-
able when the incident photon energy is much larger than the binding energy
of the innermost electron. Since the photon energy is much larger than the
binding energy of the atom, it is approximated that the interaction occurs
between the photon and a loosely bound or free electron. Due to the massless
nature of the photon, to maintain energy and momentum conservation, the

photon scatters and energy is transferred to the recoil electron.

Recoil electron

Incident Photon

" scattered Photon

Figure 2.3: Compton scattering

From energy and momentum conservation, the wavelength of the scat-
tered photon \ is related to the wavelength of the incident photon A, by eqn. 2.2
where m,, is the rest mass of an electron and @ is the angle between the incident
and scattered photon. This equation can also be represented in terms of the

energy of the photons by substituting £ = he/\ in eqn. 2.2.

h
Ar =X 1— 0 2.2
R ) (2.2
E
E; = 2 2.3
¢ 1+mED‘;2(1—COS(9) (2:3)

9
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According to eqn. 2.3, if the angle is 0°, the photon does not scatter
because the ’scattered energy’ is equal to the initial energy and since there
was no energy transfer, no scattering occurred. In Compton scattering, the
photon scattering angle can only approach 0° in which the scattered photon
energy approaches the initial photon energy which is the maximum scattered
photon energy. The scattered photon may range from anywhere above 0° to
180°. However, the angle at which the energy transfer to the recoil electron is a
maximum (when the energy transferred to the scattered photon is a minimum)
is at 180°. This is observed in eqn. 2.3.

When 1 — cos@ is at a maximum (§ = 180°), the scattered photon
energy is at a minimum as seen in eqn 2.4. Rearranging the equation in terms
of the rest mass of the electron in eqn. 2.5 and assuming that the incident
photon energy is much larger than the rest mass of an electron, eqn. 2.5 can
be approximated as i, & m,c*/2 = 255 keV, which is the maximum energy

of the scattered photon.

E,
2
Ly = mez (2.5)
2(1+ 5&5)

The probability of that a photon is scattered through a particular angle

is given by the Klein Nishina formula in eqn. 2.6.

10
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do 1 (1+ cos?6
— =7r? 2.
aq "o (1+Oz(1—cos€)) ( 2 ) (2:6)

a?(1 — cos)?
(1 * (14 cos?0)(1 + a(l — cos 9)))

The scattering angle probability is dependent on the atomic number Z,
the incident photon energy v where o = hv/m,c? (h =Planck’s constant, m,, =
rest mass of an electron, and c=speed of light), the classical electron radius
T, given a scattering angle, 6 (Wernick and Aarsvold, 2004). From the above
relationship there is a higher probability of forward scattering of the incident
photon at greater energies and the probability of a scattering angle increases

linearly as the atomic number increases (Wernick and Aarsvold, 2004).

Pair Production

This interaction involves converting a gamma ray into an electron-positron
pair. Since the rest mass of an electron is 511 keV, the minimum energy that
the initial gamma ray must possess is 1.022 MeV in order for the interaction
to be possible. Shortly after the electron positron pair creation, the positron
recombines with an available electron and two 511 keV photons are emitted at
the point of collision 180° apart. This particular interaction is only significant
when the gamma ray energy exceeds 1.022MeV, otherwise pair production
does not occur. As previously mentioned, we are usually only concerned with

lower energy photons for SPECT imaging.

11
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Incident Photon ‘ ’

O et

Figure 2.4: Pair Production

2.3 Radiation Detectors

Radiation can be detected directly through gas, liquid filled, and solid state de-
tectors, or indirectly by converting the radiation to lower energy visible light
photons via scintillators. A brief summary of each type will be introduced.
There will be an emphasis on scintigraphic detectors utilizing solid state tech-

nology since we are using silicon photomultipliers for our gamma camera.

Gas Filled Detectors

Gas filled detectors detect radiation by means of creating electron ion pairs in
gas, provided there is sufficient energy to overcome the energy required to ion-
ize the gas. A voltage potential is applied to the electrodes on opposite ends of
the detector and when an ionization event has occurred, a signal can be mea-
sured due to the resultant change in potential (Ahmed, 2007). Depending on
the potential applied to the electrodes, gas filled detectors behave differently,
and so there exists detectors optimized for each region of operation of voltage

potentials. These regions are identified in fig. 2.5 with the pulse amplitude

12
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plotted as a function of applied voltage. The relative pulse amplitudes are

shown for two different photon energies (Knoll, 2000).

0

o

o

w

f=]

o

@

o

2

B

£

<

g ] . Limited .

T 1 1 Proportional Prop. Gelger-MueIIer
:Ionsaturation : Region Region Region
1 1

Applied Voltage

Figure 2.5: Pulse Amplitude versus Applied voltage (Regions of gas-filled detec-
tors)

At very low voltages, there is little to no electric field established, so
the charges created by radiation recombine to form neutral atoms. The rate
of recombination in this region decreases as voltage increases. So the signals
generated by electron-ion pairs which drift to the electrodes do not reflect
an accurate representation of the signal because of the amount of recombina-
tion (Ahmed, 2007).

The second region is the ion chamber region. In this region, as the
voltage is increased, the electron hole pair recombination decreases significantly
to the extent where it becomes negligible, though not entirely eliminated. Also,
the measured current saturates to some value which is proportional to the
energy of the incident gamma ray (Ahmed, 2007).

Beyond the ion chamber region, is the proportional region. With a

13
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much larger voltage, a strong electric field exists between the two electrodes
accelerating the charge carries to opposite ends. If the electrons have enough
energy, they can subsequently create a secondary ionization event. The high
electric field can support an avalanche in which the electron from the previous
ionization event can go on to create another ionization event. At the electrode,
the signal remains proportional to the incident gamma ray (Ahmed, 2007).

The limited proportional region follows the proportional region and
is of little importance as the proportionality property breaks down due to
an accumulation of positive charges which minimizes the effective electric
field (Ahmed, 2007).

Further voltage increases leads to the Geiger Muller region in which
multiple avalanches can be created resulting in a very large signal. The sig-
nal obtained from a Geiger discharge is the same for all pulses regardless of
the number of electron-hole pairs initiating an avalanche (Knoll, 2000). De-
tectors operating in the Geiger-Muller region are then only used as a counter
since there is no distinction between gamma rays of different energies. Gas
filled detectors are generally used for detecting fast electron and alpha par-
ticles. Typically photon energies of 25-35eV are required to produce an ion

pair (Ahmed, 2007).

Liquid Filled Detectors

Radiation detection can also occur via certain liquids. Incident radiation can

generate electron hole pairs in liquids, similar to gases. Since liquids are of

14
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higher density than gases, charge pairs have a tendency to undergo recombina-
tion. As well, the energy gap between the conduction and valence band of lig-
uids is much smaller, aiding in increasing recombination probability (Ahmed,
2007). However, there are some liquids which exhibit properties in which a sig-
nificant number of charge pairs are generated with radiation deposition making
it a medium by which radiation detection can occur. Common liquids used
for radiation detection are liquified noble gases such as liquid Argon, liquid
Krypton and liquid Xenon. These liquids usually require about 16-50eV to

produce an ion pair (Ahmed, 2007).

Solid State Detectors

Solid state detectors share many similarities to that of gas filled and liquid
filled detectors. The semiconductor detectors discussed in this section relate
to direct radiation detection and an emphasis on indirect detection through
photodetection will be discussed in a later chapter. The typical energy re-
quired to generate an ion pair with solid state detectors is around 3-18 eV per
ionization event (Ahmed, 2007). Some of the detectors that will be discussed

are silicon diode, germanium, cadmium telluride and cadmium zinc telluride.

Semiconductors

Semiconductors are materials that behave not quite like a conductor nor an
insulator. In a conductor, a small band gap exists between the valence band

and the conduction band of an atom. When an electric field is applied, elec-

15
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trons move from the valence to the conduction band making them free to move
around in the atomic lattice. On the other hand, insulators have a very large
band gap. When an electric field is applied, there is insufficient energy for
electrons to jump to the next energy level in the conduction band. Semicon-
ductors have band gaps between that of conductors and insulators. At lower
temperatures, electrons do not freely move across the band gap, however at
higher temperatures, they can be thermally excited to the conduction band.
Another way of exciting electrons to the conduction band is via absorption of
photons. When an electron is excited, it jumps to the conduction band and
leaves behind a hole which behaves like a charge carrier. An adjacent electron
will fill that hole generating a hole in place of the electron in the direction of
the electric field. The hole essentially behaves like a positron and migrates
in the opposite direction of the electron in the conduction band (Serway and
Jewett, 2004).

Semiconductors which contain only one element or impurities which do
not affect the performance of the material are known as Intrinsic semiconduc-
tors. The concentration of electrons and holes are the same. For the purposes
of semiconductor photodetectors, doped semiconductors are an essential com-
ponent to the detection process. By adding impurities, the doped semicon-
ductors are known as extrinsic semiconductors. Depending on the impurities,
doped semiconductors can either be n-type or p-type. In n-type materials,
there is a higher proportion of negative charge carriers. The energy band from

the electron of the donor atom is much closer to the conduction band, thus
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requiring less energy to excite it to the next level. Whereas p-type semicon-
ductors have impurities which is deficient in an electron, represented by a hole.

These excess holes create an energy level near the valence band (Ahmed, 2007).

— |
— 2

Figure 2.6: N-type (left) and P-type (Right) Semiconductors

The detection of radiation in the semiconductor detector occurs when
radiation with energy equal to or exceeding the ionization energy of the mate-
rial. The ionization energy is greater than the band gap energy because some
energy is lost to lattice vibrations. The generation of electron hole pairs is
similar to that in gas detectors, except the energy required to create an elec-
tron hole pair is much smaller in the semiconductor material. This results in

better resolution and sensitivity than the gas detectors (Ahmed, 2007).

P-n junctions

P-n junctions are the basis of photodiodes. They consist of n-type and p-type

semiconductors which are joined together. The actual semiconductor itself
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is a crystal with different dopants to create the n-type side and p-type side.
In the absence of an electric field, electrons from the n region will begin to
migrate towards the p region and combine with the holes to create negative
ions. Likewise, holes will migrate towards the n region and combine with the
electrons to create positive ions to balance out charge concentrations. Once the
migration of charges have ceased, there remains a space charge region called
the depletion region. At the interface of the p-n junction, an electric field is
induced by the depletion region which resists further movement of holes and
electrons and thus results in zero current.

Depletion region
T ]

—os |@©@| 8 @ L
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o @@ & | o,
= 2 lee|laal e

p n

Figure 2.7: P-n junction

There are two ways in which the p-n junction diode can be biased, for-
ward or reversed. For the purposes of detecting photons, forward biased diodes
would be inappropriate because an increase in potential would allow electrons
to flow in the forward direction towards the p region generating current. For-
ward biased diodes cause charge carriers to move towards the junction, thus
resulting in recombination and current. In the presence of photons or radia-

tion, a continuous current would hinder the ability to determine when a photon
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is detected. As the forward bias is increased, current will increase linearly and
beyond a certain voltage, exponentially. In radiation detector applications,

diodes are reversed biased p-n junctions.

Silicon Diode Detector

Silicon semiconductor detectors have a relatively small ionization energy (~
3.6 V) in comparison to gas detectors which require approximately 30eV to
create an ionization event. Contrary to scintillation detectors which require
upwards of 100eV of energy to generate an electron hole pair, a silicon semi-
conductor detector requires approximately 3.6 eV of energy to create an ioniza-
tion event. Silicon diode detectors are particularly suited for detecting heavy
charged particles such as protons, deuterons, beta particles and fast electrons.
However, they are not suitable for gamma ray detection due to their small de-
pletion region width. A more in-depth discussion of semiconductor detectors
will follow below in the semiconductor photodetectors section as the basis of
operation remains the same. The high energy gamma rays must interact with
a scintillator to produce visible light photons to be detected by silicon diode

detectors (Knoll, 2000).

Germanium Gamma Ray Detector

Germanium detectors are another type of semiconductor detectors that are
generally used for gamma spectroscopy applications. As mentioned previously,

a large depletion region is required to detect gamma rays. The width of the
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depletion region, d is given by the equation 2.7, where V is the bias voltage, e
is the electronic charge, € is the dielectric constant and N is the net impurity

concentration in the semiconductor material (Knoll, 2000).

d— (%)05 (2.7)

From this equation, the impurity concentration controls the depletion
width at some voltage. Germanium detectors can be manufactured to be very
pure with minimal impurities called high purity germanium (HPGe) detec-
tors. They have depletion widths up to a few centimetres which allows for
detection of gamma rays. The germanium crystal is encapsulated in a vacuum
sealed cryostat to maintain it at a very low temperature (77 K). Operating the
detector at room temperature would result in significant leakage current due
to the small band gap of germanium (Knoll, 2000). As a result, while ger-
manium detectors offer superior energy resolution, their bulky size due to the
cooling apparatus and the necessity to maintain low temperatures for accurate

performance make them unfavourable for imaging.

Lithium Drifted Silicon Detectors

The silicon diode detectors are unable to achieve depletion depths greater than
1-2mm due to significant concentrations of impurities. It is much more diffi-
cult to eliminate impurities in silicon diode detectors due to the properties of
silicon. However, they can be manufactured to have larger depletion widths

by lithium ion drifting resulting in a lithium drifted silicon detector (Si(Li)).
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By introducing lithium into the silicon, it balances the acceptor and donor
impurities resulting in a larger detection volume. The thickness of the active
region of the detector is dependent on the amount of lithium drifted into the
detector (Knoll, 2000). This lithium drifting process used to be performed
with germanium as well, but due to the high mobility of lithium in germa-
nium, there is a tendency to have an unbalanced distribution of lithium. With
the development of HPGe detectors, they are preferred over Ge(Li) because
it is much more stable to manufacture. Since silicon has a low atomic num-
ber (Z=14) compared to germanium (Z=32), the probability of photoelectric
interaction is very low. However, for low energy gamma rays, the probability
increases making Si(Li) detectors ideal for low energy gamma ray and x-ray

spectroscopy (Knoll, 2000).

CdTe and CdZnTe Detectors

Cadmium Telluride (CdTe) and Cadmium Zinc Telluride (CZT) are other
types of semiconductor detectors. In an ideal radiation detector, all of the
energy from radiation would be absorbed via the photoelectric interaction.
However, both silicon and germanium have relatively low atomic numbers,
14 and 32 respectively, resulting in low photoelectric interaction probability.
CZT detectors are becoming very popular for imaging applications because
of a much larger effective number, 48, resulting in higher energy resolution.
In addition, the detection of the high energy gamma rays occur in the CZT

detector itself and does not require conversion to lower energy visible light
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photons. However, one of the biggest drawbacks to developing CZT detectors
is their high cost. CdTe detectors are not as popular as CZT because CZT
has a slightly larger band gap energy resulting in lower intrinsic free carrier

concentration and lower operating surface leakage (Knoll, 2000).

Scintillation Detectors

All of the detectors mentioned thus far have been direct detection. The fol-
lowing section is a discussion on an indirect detection method by means of
a scintillator, converting the radiation into visible light photons and subse-
quently detected by photodetectors. This type of detector has been the back
bone of nuclear medicine imaging since the beginning and there will be an
emphasis on scintigraphic gamma cameras in this thesis. Scintillation detec-
tors have poorer energy resolution compared to other semiconductor radiation
detectors due to the inefficiency of scintillation. Photodetectors only detect
approximately 10-15 % of all photons that are incident on the detector. How-
ever, they are still widely used due to their ability to perform in relatively

stable conditions.

2.4 Gamma Cameras

Gamma cameras are scintillation detectors used in nuclear medicine. They
consist of a collimator, detector crystal, light guide, photodetector and signal

processing components. The collimator is used to determine where a photon
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originated from, as scattered photons are eliminated and those that are directly
incident on the photodetector will be detected. The next component is the
detector crystal or scintillator. Scintillators are materials which emit light
when exposed to ionizing radiation. They produce light via the photoelectric
effect and Compton scattering. Light guides are used to help spread light out
to a larger number of photodetectors so not all of the light is incident on one
photodetector for more accurate positioning. Photodetectors then detect these
visible light photons. The signals obtained from the photodetectors undergo

some signal processing, digitization and positioning to reconstruct an image.

Scintillators

When a high energy gamma ray interacts with a scintillator, it undergoes either
the photoelectric effect or Compton scattering followed by the photoelectric
effect. Also, the gamma ray could potentially undergo multiple Compton scat-
tering events and scatter out of the scintillator or deposit the remainder of the
photon energy via the photoelectric effect. If the energy deposited exceeds the
band gap width and is incident on the crystal, an electron is excited to the
conduction band. The electron then becomes a mobile charge carrier. Addi-
tionally, a hole is left in the valence band which is also a mobile charge carrier.
To stabilize the crystal structure, the electron eventually falls down into a
lower energy location called a luminescence centre. The electron then jumps
down to the lower luminescence centre, emitting a visible light photon. The

electron then goes on to recombine with the hole. The scintillation process is
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illustrated in fig. 2.8 (Ahmed, 2007). The luminescence centers are a result of
impurities called activators which serve to convert the gamma ray into a visible
photon (Ahmed, 2007). If the gamma ray undergoes Compton scattering, the
scattered photon may go on to further Compton scattering or deposit the re-
maining photon energy via the photoelectric effect and it is possible the photon
may not even interact in the crystal. The amount of light produced in a scintil-
lation material is proportional to the energy of the absorbed event (Table 2.1).
If all energy of the original photon is lost via photoelectric interaction, a single
intensity peak is observed. However, since there is a probability of Compton

scattering, there is usually a range of energies below the photopeak that are

detected.
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Figure 2.8: Scintillation Process

There is a significant list of factors which affect the quality and per-
formance of scintillators. An ideal scintillator would possess a fast decay
time, high conversion efficiency and a high interaction probability. While
there doesn’t exist a perfect scintillator, there are scintillators which are best
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suited for one application over another. Some of these factors include stopping
power, emission wavelength, light yield, scintillation time and crystal geome-
try (Wernick and Aarsvold, 2004). Some of these characteristics are listed in
table 2.1 (Schotanus et al., 1990; Wernick and Aarsvold, 2004). The intensity
of the gamma rays decreases as it traverses the scintillator. The intensity a
distance x into the material is related to the mass attenuation coefficient (‘—;),
and the density of the material (p) by the relationship is given by eqn. 2.8.
The energy loss in the secondary electrons as it travels through the material is
governed by the stopping power. The greater the electron density, the higher
the stopping power. For high Z materials and low gamma ray energies, the
photoelectric effect is highly probably to occur because the probability of pho-
toelectric interaction, oy, is proportional to Z* (Wernick and Aarsvold, 2004).
Conversely, for high Z materials and high gamma ray energies, the probability

of Compton scattering is more significant (Wernick and Aarsvold, 2004).

I(z) = Le G (2.8)

Different scintillators are more sensitive in different regions of the elec-
tromagnetic spectrum. To optimize the performance of the scintillation de-
tector system, a crystal with an appropriate wavelength emission should be
coupled with the subsequent photodetector. Typically, gamma cameras used
in SPECT consists of Thallium doped Nal crystals coupled with photomulti-
plier tubes. Nal(T1) has maximum emission of photons at 415 nm wavelength

which is optimal for PMTSs, because they have maximum photon detection
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efficiency at 400 nm, whereas, CsI(Tl) emits 540 nm photons and SiPMs are

most sensitive to photons at 500 nm.

Table 2.1: Common Scintillator Properties

Light
. Density Max A Dgcay Band Yigeld
Material i\ | Leff Time Gap
(g/cm?) (nm) (15) (eV) (photons/

. Mev)
NalI(T1) 3.67 51 415 0.23 5.9 37 700
CsI(T1) 4.51 54 540 | 0.6/3.4 6.4 64 800
CsI(Na) 4.51 54 420 0.63 6.4 38 500
LSO 7.40 65 420 0.04 6 30 000
BGO 7.13 76 505 0.3 5 8200

The length of the scintillation pulses is governed by the decay time
of the scintillator. CsI(T1) has a relatively slow decay time as compared to
Nal(T1). For applications where timing is important, such as PET, CsI(T1)
would not be an ideal crystal. Crystal geometry also plays an important factor
in optimizing detector performance. Light emitted from a monolithic crystal
is spread out in all directions so that each detector detects a signal. However,
it is possible that the light may spread to the point where it may be on the
order of background noise. This results in incorrect positioning of the detected
event and the energy detected. Adjusting the crystal thickness controls the
spread of light, however, if the crystal becomes too thin, ionizing radiation
may simply pass right through without interacting with the crystal. Pixelated
scintillators consist of smaller crystals lined with reflective material to help
guide the photons in a isolated region. A disadvantage of using this crystal is
that there may not be sufficient light spread in order to accurately determine
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the location of the original scintillation event. If all the light is detected by one
photodetector, the limiting spatial resolution is the size of the photodetector.
To get around this, a glass light guide spreads the light after interaction within
the crystal to surrounding photodetectors. The size of the pixellated crystals

then becomes the limiting factor affecting the spatial resolution.

Photomultiplier Tubes

The amount of light produced by a scintillator is too small to be visualized
without the help of an amplification device. Photomultiplier tubes (PMTs)
detect the light emitted from the scintillation crystals and amplify it to a
detectable electrical signal. On one end of the PMT is the photocathode where
the photons are detected and provided there is sufficient energy to overcome
the work function, electrons are ejected. The electrons are accelerated across
metal plates called dynodes with large voltage potentials between the plates
causing the electrons to undergo impact ionization, generating more electrons
at each dynode. At each dynode, one impact ionization will, on average, result
in 3 emitted electrons. With 10 dynodes, the typical gain is 3'°. The signal
is then read out on the anode side of the PMT. This process is shown in
fig. 2.9 (Abramowitz and Davidson, 2010).

The subsequent signal processing components help to shape the signal
so that the pulse height can be determined. Photomultiplier tubes however can
not be operated in a magnetic field, due to the nature of electron acceleration

across voltage potentials. The presence of a magnetic field would alter the
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Figure 2.9: Photomultiplier Tube

path of the electrons resulting in incomplete electron collection at the anode.

2.5 Semiconductor Photodetectors

As mentioned previously, high energy gamma rays are not generally measured
with semiconductor photodetectors because the depletion width is not large
enough. Instead, the high energy gamma rays are first converted to visible
light photons via a scintillator. There are several advantages and disadvan-
tages to converting ionization radiation to photons through scintillation. The
first advantage being, the semiconductor itself may operate in more stable
conditions and is not as susceptible to fluctuations in temperature and other
various operating parameters. The main downfall to scintillation detection is
its ineffective light production and collection.

Photodiodes are the solid state analog of gas filled detectors as they too
have a proportional mode and Geiger mode. The current response of a diode

is dependent on the operating voltage. Fig. 2.10 (Collazuol, 2008) represents
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Figure 2.10: I-V Characteristic of Reverse Biased Photodiode

the regions in which a photodiode can be operated and a brief explanation of

each type will be discussed with further emphasis on Geiger mode avalanche

photodiodes.

Photodiodes

When a photodiode is reverse biased, the internal potential difference push
electrons and holes away from the junction and thus very little to no current
will flow through the semiconductor. An incident photon of sufficient energy
to eject an electron creates an electron-hole pair which drift to the cathode
and anode respectively, creating a short burst of current (Ahmed, 2007; Serway
and Jewett, 2004). A larger reverse bias increases the electric field across the
junction and thus increases the depletion region. Photodiodes are usually used
for measuring high photon fluxes since it does not provide any gain (Jackson
et al., 2002). In the presence of an external electric field, photons of sufficient
energy can generate an electron-hole pair which results in a current. A current
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pulse is sustained for as long as photons are incident within the depletion

region.

Avalanche Photodiodes

Avalanche photodiodes (APDs) are similar to photodiodes except they pro-
vide signal amplification through additional impact ionization. APDs are op-
erated at a larger reverse bias voltage than a regular photodiode configuration
but below the breakdown voltage, V,y. The breakdown voltage represents
the point in which current will begin to rapidly increase (non-proportionatal
to the increase in bias voltage). The charge carriers are accelerated due to
the electrical potential. The electron gains enough kinetic energy to undergo
impact ionization and it may liberate another electron-hole pair as seen in
fig. 2.11 (Barral, 2004). The secondary electrons may too undergo impact ion-
ization, thus resulting in an avalanche. The current produced by the charge
multiplication is proportional to incident photon energy (Ahmed, 2007; Jack-
son et al., 2002). However, the gain is limited due to fluctuations in leakage
current and shot noise(fluctuations in the current signal) (Collazuol, 2008;
Perkin Elmer, 2003; Smith, 2007). APDs are suitable for use in imaging, con-
focal microscopy and other applications which require high sensitivity and fast

response times (Perkin Elmer, 2003).
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Figure 2.11: Impact Ionization in an Avalanche Photodiode (Barral, 2004)

Silicon Photomultipliers

When an APD is reverse biased beyond the breakdown voltage, the electrons
and holes undergo impact ionization at an exponential rate compared to when
the APD is operated below breakdown voltage. The breakdown voltage oc-
curs when the current begins to grow exponentially when the bias voltage is
increased (Iniewski, 2010). Silicon photomultipliers (SiPM) are a semicon-
ductor radiation detector consisting of thousands of Geiger mode avalanche
photodiodes (GAPDs) called microcells.

Each microcell is a p-n junction diode operated with a reverse bias a
few volts above the breakdown voltage, V,q. The cross section of the microcell
is shown in fig. 2.13. An electric field is established which forces the electrons
to drift towards the n doped side of the semiconductor and the holes to drift
towards the p side. When a photon is incident in the high electric field re-

gion between the p+ and n+ substrate, the energy of the photon generates
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Figure 2.12: Impact Ionization via Geiger Mode (Barral, 2004)

an electron-hole pair. In order for the photon to generate the charge carri-
ers, the energy of the photon must exceed the band gap energy of the silicon
material (3.6eV) (Ahmed, 2007; Iniewski, 2010). Provided the electric field
is strong enough, the electron will collide with bound valence electrons and
undergo impact ionization, thus generating another electron-hole pair. The
additional generated electrons may go on to initiate secondary impact ioniza-
tions and those may in turn generate more electron-hole charge carriers thus
resulting in an avalanche. The number of electrons generated at the anode is
not proportional to the number of incident photons. The output signal of a
silicon photomultiplier is the sum of currents from each of the microcells (or
micropixels). Because each micropixel is so small, there is a high probability
that only one photon will be incident on each microcell. Therefore, the total

sum of the micropixels is proportional to the number of incident photons.
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Figure 2.13: SiPM readout circuit (left), Geiger-mode avalanche photodiode struc-
ture (right)

Quenching

When an avalanche is triggered, a current signal saturates to some maximum
value and plateaus to a steady state current. In order for another event to be
detected, the current needs to be quenched and the avalanche process stopped.

There are two forms of quenching, passive, which requires a large re-
sistor and active, which uses an electronic circuit respectively. In a passive
quenching circuit, when there is no current through the microcell, the voltage
across it is equal to the bias voltage. When an avalanche is triggered, the
detector capacitance (Cp) begins to discharge through the series resistor (Rg
until the voltage drops below the breakdown voltage with a time constant,
7p = Cp X Rg and the series resistor drops the voltage across the APD. The

current grows to an asymptotic limit equal to eqn. 2.9.
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The voltage drop across the quenching resistor is reduced to below the
breakdown voltage. This causes the avalanche to die out because the volt-
age is no longer large enough to sustain it. Once the avalanche is quenched,
the diode is recharged through the quenching resistor. The capacitance is
recharged until the voltage returns to the bias voltage with a time constant,
79 = CUp x Rg. One of the drawbacks of this method is a slow recovery
time (Collazuol, 2008; Iniewski, 2010). In the active quenching circuit, in-
stead of a large series resistor, an electronic circuit detects the breakdown and
quenches it by discharging the GAPD microcell below the breakdown voltage.
The microcell is then recharged with a switch (Aull et al., 2002). The passive

quenching circuit is commonly used with SiPMs due to a more compact size

and it is less expensive.

Gain

Each microcell generates the same signal from the avalanche. The gain of
each microcell can be quantified by eqn. 2.10 with C;ze being the micropixel
capacitance, and ¢., the electron charge. The total current signal from each
SiPM is proportional to the sum of the number of microcells triggered. Since
each microcell produces the same signal, there is less fluctuation in the signal
and so SiPM signals are more stable then APDs. As well, the gain has been

shown to increase linearly with bias voltage up to 5V above the breakdown
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voltage (Collazuol, 2008; McClish et al., 2007).

O ixre
G = (Vhias — Vo) 2 (2.10)

e
Photon Detection Efficiency

In an ideal case, all of the photons produced from the scintillation crystal
would be detected by the silicon photomultiplier. However, various factors
affect the ability to detect all incident photons. There are three factors which
affect the photon detection efficiency (PDE): i) quantum efficiency (QE), ii)
the avalanche triggering probability (P.;,) and iii) the geometrical efficiency
(€geom) as shown in eqn. 2.11 (Collazuol, 2008; Iniewski, 2010). There are two
components to quantum efficiency, intrinsic QE, which represents the propor-
tion of photons which generate an electron-hole pair in the high field region
of the silicon photomultiplier and the extrinsic QE represents the transmis-
sion efficiency of the photons (the number of photons that are incident in the
detection region of the SiPM that make it through to the high electric field
region). The photons must be detected within the active layer known as the
depletion region because of the high probability of recombination of the charge
carriers in the undepleted regions. Photons incident within the depletion re-
gion of the semiconductor material which generate electron-hole pairs do not
necessarily go on to trigger an avalanche. P, represents the probability that
an avalanche is triggered. And finally, the geometrical efficiency represents the

active area of the detector to the total area of the detector. Photons can not
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be detected in the regions where there is dead space. The dead space is the
non active region of the detector where photons will not bed detected. This
contributes to a much lower detection efficiency due to a relatively large area
of dead space on SiPMs. The overall photon detection efficiency increases with

bias voltage (Yokoyama et al., 2006).

PDE = QFE X Pyig X €geom (2.11)

Another contributing factor to the photon detection efficiency is the
structure of the SiPM. The structure affects several characteristics of the per-
formance of the SiPM. The first being the photon detection efficiency and
the second being the dark count rate which will be discussed in the following
section.

There are two different SiPM arrangements that are optimal depending
on the photon wavelength to be detected on the SiPM. The n on p structure is
more sensitive to photons in the red region of the spectrum because the longer
wavelengths interact deeper in the SiPM. When the electron-hole pairs are
generated, the electrons move toward the high electric field region resulting in
an avalanche and the holes drift in the opposite direction. If blue light were to
interact with the n on p structure, it would most likely be deposited near the
surface of the SiPM and the holes would drift through the high electric field
region. The probability of impact ionization occurring with holes is less than
electrons, therefore light in the red-green region have higher photon detection

efficiency with the n on p structure. And conversely, the p on n structure is
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more suitable for detecting blue light (Iniewski, 2010).

Noise

Factors which affect the noise of silicon photomultipliers include dark counts,
afterpulse and optical cross talk. Thermally generated electron hole pairs
within the bulk or the surface depleted region at the junction produces a
leakage current resulting in dark counts (Collazuol, 2008). The contribution
of dark current below the breakdown voltage increases linearly with the bias
voltage as a result of surface leakage current. Whereas post breakdown voltage,
the current consists of the breakdown current and dark current. Since the
microcells operate in Geiger-mode, a dark count may trigger an avalanche
thus resulting in an event identical to the single photoelectron. The dark rate
of a typical SiPM can be between the kilohertz to megahertz range per square
millimetre (Iniewski, 2010).

Afterpulses are a result of impurities within the semiconductor metal
which may trap an electron or hole during an avalanche and is released at a
later time which may trigger another avalanche (Collazuol, 2008).

Noise from optical cross talk occurs because photons incident on a par-
ticular microcell may be absorbed in a different microcell. The probability
of cross talk increases with increasing bias voltage (Yokoyama et al., 2006).
To minimize the effects from cross talk, SiPMs may have either trenches be-
tween each microcell filled with an opaque material or a guard ring may be

employed. The overall noise level in SiPMs are approximately around 1 MHz
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and for SPECT applications this contributes to a lower signal to noise ratio.

Dynamic Range

The dynamic range of the SiPM limits the maximum number of photons which
can be detected. Since each microcell detects one photon, if more photons are
incident on the detector than there are microcells, then the SiPM saturates.
According to Buzhan et al., SiPM saturation occurs when the number of pho-
tons (V) detected by the SiPM is 60 % of the total number of micropixels, m.
This limit accounts for statistical fluctuations in the number of photons and
the increase in probability of secondary photons interacting in the detector.
The detector response is near linear provided the number of incident photons
are small relative to the number of micropixels (Buzhan et al., 2001; Iniewski,

2010).

Conclusions

This introduction of radiation interactions and radiation detectors sets the
framework for the purpose of this project. SiPMs are much more compact
in size than PMTSs, they require much lower operating voltage, only ~ 30V
versus ~ 1000V for PMTs. The most significant advantage to PMTs is their
compatibility with magnetic fields. These silicon photomultipliers have the
potential to be alternative photodetectors to the rather bulky photomultiplier

tubes in gamma cameras.
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Three

Applications

3.1 Current Applications

Recently, there has been a significant amount of research with silicon pho-
tomultipliers for particle physics and medical imaging applications. Many
groups have quantified SiPM performance and there is a multitude of docu-
mentation on photon detection efficiency for SiPMs manufactured from various
companies. As well, there has been documentation of its dynamic range, gain
measurements, dark current and typical energy and spatial resolution mea-
surements for different SiPM models and with various pulse processing elec-
tronics (Barral, 2004; Buzhan et al., 2001; McClish et al., 2007; Stapels et al.,
2006). A few current applications such as PET imaging, two photon excitation
fluoroscopy microscopy, plant imaging, high energy physics, and low photon

counting will be discussed.
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Low Photon Counting

SiPMs have been shown to have excellent single photon counting capabilities
and have been well documented in particular for low light level applications.
Published results from (Buzhan et al., 2001; Collazuol, 2008; Iniewski, 2010;
McClish et al., 2007; Moser, 2006; SensL, 2010c; Stapels et al., 2006; Yokoyama
et al., 2006) and many others indicate that SiPMs are capable of detecting light
on the order of photoelectrons. Two potential low photon counting applica-

tions where SiPMs could be implemented will be briefly introduced.

Confocal Microscopy

Confocal microscopy was introduced by Marvin Minsky in 1955 as a way to
image live specimens by exploiting a fluorescence property in the molecules. A
laser is focused to a small volume and as a single molecule passes through the
laser, a single photon excites the molecule. The molecule then emits a photon
which can be detected by a photodetector. The emitted photons are screened
through a pinhole aperture to eliminate those out of focus. The specimen is
moved across the imaging plane to image the entire specimen (Semwogerere
and Weeks, 2005). This process allows two or three dimensional imaging of

live cells.

Two Photon Excitation Microscopy

Two photon excitation microscopy is also a non invasive three dimensional

imaging technique which was invented by Denk et al in 1990 (Denk et al.,
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1990). It involves excitation of fluorophores to image live specimens (So et al.,
2000). It is very similar to confocal microscopy except the basis of this imaging
technique involves the absorption of two photons causing the molecules to
fluoresce. The main difference between a one photon excitation and two photon
excitation technique is that the one photon technique, a single photon with
enough energy to excite the molecule is absorbed and excites the molecule
into a fluorescence stage, whereas in the two photon excitation technique,
the absorption of two lower energy photons causes the molecule to fluoresce.
With the two photon method, the fluorescence of the cells only occurs at the
focal plane of the image resulting in an image that is well focused to the area
of interest without the use of a pinhole aperture. A photomultiplier tube is
generally used to detect the fluorescence emitted by the fluorophore, but since
SiPMs have very good low photon counting abilities, they could be an excellent

substitute (Grigorieve et al., 2007).

High Energy Physics

Silicon photomultipliers are being compared to photomultiplier tubes for the
purpose of implementing a photodetector system for the front end detector
of the electromagnetic barrel calorimeter of the GlueX Project at Jefferson
Laboratory, USA. The basis of this project is essentially to discover new excited
states of subatomic particles such as mesons by scattering high energy photons
(approx 8-10 GeV) from nucleons to create excited states. The SiPMs would be

used for detection of the decay products from the mesons to confirm and study
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the characteristics of the so called ’exotic mesons’. The use of SiPMs indicate
better time and energy resolution compared with a photomultiplier tube and
so the SiPM is a strong candidate for use in the GlueX project (Kovaltchouk
et al., 2005).

Plant Imaging

Another application in which SiPMs have been used is plant imaging. Simi-
lar to medical scintigraphic imaging which will be discussed in further detail
shortly, plant based imaging uses a positron emitting radiotracer, *CO to
image plant response to changes in C'O; levels in the environment. An issue
that occurs with imaging plants with positron emitting radiotracers is that due
to the thin nature of the plants, the positron may not undergo annhiliation
inside the plant. This would affect the ability to accurately image the plant dy-
namics. A solution to this proposed by Barbosa et al is to use a high strength
magnetic field to force the positron to spiral close to the origin of emission and
thus allowing the annhiliation to occur near the site of origin (Barbosa et al.,
2010). They have developed a detection system using SiPMs manufactured by
Hamamatsu coupled with LYSO cyrstals which showed promising results for

plant based imaging (Barbosa et al., 2010).

Dual Modality Imaging

Dual modality imaging has become routine in nuclear medicine imaging. Com-
bining scintigraphic imaging with anatomical imaging modalities allows physi-
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cians to better diagnose diseases. Computed tomography (CT) offers high
resolution anatomical images while SPECT and PET provide images depict-
ing molecular uptake and functional information through radiotracer uptake
represented by perfusion, oxygenation and metabolism (Wagenaar et al., 2006).
Since scintigraphic imaging is based on functional imaging, it does not nec-
essarily resolve tissue boundaries and image structure within the body. This
makes it difficult to localize the area of interest. By complementing it with
CT images, one can identify where uptake occurs with respect to anatomical
references.

Based on US statistics from 1980, the average effective dose from a CT
scan is anywhere between 2-16 mSv and the average effective dose in nuclear
medicine is 3-17 mSv depending on what is being imaged (Huda et al., 1989;
NCRP, 1989). Due to the relatively high doses delivered to a patient during
a SPECT/CT scan, an alternative imaging modality which minimizes expo-
sure to radiation is being explored. Magnetic resonance imaging as briefly
discussed earlier does not rely on any ionizing radiation to produce images.
As an alternative to CT, MR could potentially become a standard in dual
modality imaging. Not only can MR produce high resolution images, one can
also perform dynamic imaging depicting various functional processes such as
perfusion or metabolism (Wagenaar et al., 2006).

One particular advantage of MR over CT is that MR has excellent
soft tissue contrast which would be beneficial for imaging of tumours and

other soft tissues. However, there are some major obstacles which need to be
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considered. The photomultiplier tube in gamma cameras are not compatible
with magnetic fields. This is because the signal is dependent on electrons which
are accelerated across voltage potentials. They are so sensitive to magnetic
fields, such that the gain of PMTs fluctuate depending on it’s orientation
to the Earth’s magnetic field (Wernick and Aarsvold, 2004). To overcome
this problem, there is interest in solid state detectors, in particular silicon
photomultipliers. They are much more robust than PMTs. The magnetic field
compatibility allows us to use SiPMs for a combined dual modality imaging
system which could be cost effective. Also, SiPMs are an order of magnitude
smaller than PMTs, therefore, it would require less physical space. SiPM
temperature can vary over a few degrees during operation but Buzhan et al.
reported the SiPM gain to have low sensitivity to Vs and temperature. For
a temperature increase of 1°, the gain increased by 0.5%. Photomultiplier
tubes require a warm up time of approximately 30-60 min in order to operate
properly (Hamamatsu, 2007). Their performance is strongly dependent on
temperature. Fortin reported a significant change in the number of ADC
counts from the time the PMT was turned on (room temperature) to it’s
operation temperature (+6° above room temperature). Over the course of the
40 min warm up period, the number of ADC counts decreased and reached
some constant value. The consistent readings post warm up indicate the gain
would be stable for operation (Fortin, 2000). SiPMs also have very fast timing
resolutions which is ideal for PET. Some of the timing resolutions documented

by other groups are mentioned in the following section.
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Positron Emission Tomography

Much focus has been centred on dual modality imaging with PET and MR.
SiPMs coupled to LYSO crystals have been shown to have excellent timing
and energy resolution for PET (Britvitch et al., 2007; Buzhan et al., 2006;
Herbert et al., 2007; McClish et al., 2007; McElroy et al., 2007; Schaart et al.,
2009; Sensl,, 2010d). Espana et al. characterized the detector performance
in the presence and absence of a strong magnetic field (7 T). The magnetic
field had negligible effect on the performance of the SiPM (Espana et al.,
2008). Llosa et al. were able to achieve 20 % energy resolution with Na-22 and
an LYSO crystal coupled to the SiPM, and a coincidence timing resolution
of 1.4ns (Llosa et al., 2009). McClish et al. reported an energy resolution
of 14.4% using the same crystal and a timing resolution of 0.84ns (McClish
et al., 2007). As a comparison, to the other results, McElroy et al reported an
energy resolution of 15 % with the same parameters and a timing resolution
of 1.9ns. The differences between the different groups were the manufacturer
of the SiPMs. There energy resolution was quantified with Na-22 with LYSO
coupled to the SiPM. These results from the references listed above show

potential for dual modality imaging with MR /PET.

Single Photon Emission Tomography

While the basis of the gamma camera for PET and SPECT are essentially
the same, there are some distinct differences which must be considered when

designing a gamma camera for specific applications. An important difference
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is that PET requires timing information in order to correspond photon events
originating from the same annihilation. As well, only 511keV photons are
detected. Photons of various energies could be detected with SPECT imaging
and timing information is not important. There has not been much devel-
opment in the way of using SiPMs for SPECT applications, however there is
a potential for a large market which would benefit from optimizing a silicon
photomultiplier based gamma camera for SPECT applications.

Gruber et al. have developed an imaging system with CsI(T1) and
silicon photodiodes for SPECT. While these aren’t SiPMs, they obtained rela-
tively good energy and spatial resolution with a form of semiconductor detec-
tor. Their results show potential for silicon photodiodes to replace traditional
photomultiplier tubes. However, their investigation was not driven by MR
compatibility rather, it’s intrinsic resolution and compact size (Gruber et al.,
1998). They have also identified a need to cool the electronics to optimize the
energy resolution (Gruber et al., 1998). While silicon photodiodes have shown
to be an option for SPECT imaging, it poses limitations due to the lack of
additional gain from the detector itself.

There are numerous sources that have confirmed the compatibility of
silicon photomultipliers in magnetic fields as well as energy and spatial reso-
lution comparable to photomultiplier tubes. Applying these to SPECT could
result in more stable operation than silicon photodiodes and decrease the size
of gamma cameras. As well as to provide the opportunity to operate them

in the vicinity of an MR scanner or integrate an MR scanner with a gamma
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camera for dual modality imaging.

Hawkes et al. are focused on developing PET/MR with SiPMs. Be-
sides a few different key factors that separate SPECT from PET in terms of
gamma ray energies, scintillation crystals, readout electronics and photon de-
tection of single or coincident events, the actual acquisition of photons from
SiPMs remains the same. They have performed tests of SiPMs in magnetic
resonance pulsed fields and have concluded that there is no effect on the SiPM
performance in the magnetic field. However, there are concerns regarding the
interaction of the MR system with the pulse processing electronics which could
lead to deterioration of the MR signal. In addition, heat from the gradient
coils may be a factor in SiPM performance (Hawkes et al., 2007).

SensL are investigating their SIPM, SPMArray for SPECT applications.
They have obtained a preliminary energy spectrum of a 122keV peak using
CsI(T1) (SensL, 2010c), but have not published a significant amount of data
quantifying the performance of SiPMs for SPECT applications.

More recently, Efthimiou et al. have studied the use of sensL. SiPMs for
use in medical imaging. Their results were very promising and a comparison
between their results and ours will be done in the results section (Efthimiou
et al., 2010).

Another group, Majewski et al. performed experiments on Hamamatsu
SiPMs. Their studies included Nal(Tl), CsI(T1) and LYSO crystals. They
have also measured the detector performance in a 3T magnetic field. Similar

to Hawkes et al., they noticed that the temperature increase from the gradient
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coil operation in MRI is a factor on SiPM gain for an SiPM based gamma
camera for dual modality imaging with MRI. They obtained the best spectral
response with LYSO and a Na-22 at 17.5% (Majewski et al., 2008).

Since we are not looking at using these SiPMs for PET applications, we
are not going to quantify the coincident timing resolution. However, we will
quantify the energy resolution with different sources and crystal geometries.
A brief comparison between our results and previously published results will

be discussed in the results chapter.

Prospective Clinical Applications

Breton et al have investigated the use of dual SPECT /MR imaging for small
animal imaging. They acquire SPECT images using the traditional photo-
multiplier tube followed by an MRI with a low magnetic field strength of
0.1T (Breton et al.,, 2007). While a low magnetic field may be sufficient to
image small animals, this poses a problem for imaging humans because higher
magnetic fields are required to obtain quality images. Based on previous ap-
plications discussed, SiPMs have been shown to be a good candidate for most
photodetector applications which traditionally utilize photomultiplier tubes.
Our goal is to develop a gamma camera based imaging system with
silicon photomultipliers. Once a base system has been developed, the imag-
ing system will have the potential to be scaled to a much larger area. SiPM
performance characteristics and baseline measurements first need to be estab-

lished. An SiPM based gamma camera could potentially lead to a clinical
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dual modality SPECT /MR system which would allow for simultaneous or se-
quential imaging to be performed. It is well known that PMTs can not be
operated in magnetic fields and SiPMs are insensitive to magnetic fields. By
using SiPMs, it is finally feasible to create an SPECT /MR system. SiPMs are
much more compact in size than PMTs which make for a more compact system
design. An advantage to having a dual modality imaging system over separate
imaging systems is improved image registration. Both imaging modalities are
secured in place, so co-registering one image to another would be fairly straight
forward. As well, with a common patient support, it will be easier to control
the effects of patient movement resulting in images that would be easier to
register.

A SPECT/MR system could have many potential applications in nu-
clear medicine. In particular, imaging diseases involving soft tissues such as
cardiac diseases, musculoskeletal disorders, or cancer. Musculoskeletal imaging
of the hands could benefit from early diagnosis of rheumatoid arthritis as well
as monitoring treatment efficacy. MR would provide high contrast imaging
of cartilage and joint morphology, whereas the utilization of two radiotrac-
ers, Tc-99m which targets bone and In-111 which targets white blood cells
depicts bone metabolism and inflammation respectively. The combination of
the two imaging modalities allows ones to see functional changes related to the
disease with anatomical references prior to morphological changes. Similarly,
breast cancer imaging could also benefit from simultaneous SPECT /MR imag-

ing. Mammography is a conventional breast cancer imaging technique which
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has a high false positive rate (Elmore et al., 1998). One of the downsides to
both mammography and clinical breast exams is that the diagnosis is based
on a physical abnormality which may or may not be malignant. To overcome
this, MR only identifies potential tumours whereas SPECT can trace the bi-
ological uptake in tumours which could provide more insight into the extent
of the disease and provide a more accurate diagnosis. MR has high sensi-
tivity for detecting breast lesions, but suffers from poor specificity (Goscin
et al., 2001). Meanwhile, SPECT imaging using Tc-99m sestamibi provide
much higher specificity than MR, (Mulero et al., 2000), so the combination of

SPECT and MR would improve overall diagnostic accuracy.
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Four

Simulations and Hardware Development

4.1 Gamma Camera Simulations

Our eventual goal is to develop a large area gamma camera with silicon photo-
multiplier photodetectors as a replacement for PMTs. There are many factors
that needed to be considered in the gamma camera detector design. A small
field of view gamma camera will serve as a prototype for a large area detector.
Ideally, our imaging system would possess high energy and spatial resolution
while remaining cost effective. As the size of segmented crystals decreases,
intrinsic spatial resolution of the detector increases. However, this is not an
optimal solution financially as discrete crystals are very expensive. In addi-
tion, monolithic crystals provide better energy resolution than discrete crystals
because there is some light loss as a result of reflections in the crystal bound-
aries. In order to evaluate various geometric configurations, we have turned to

computer simulations. The gamma camera was simulated in MATLAB using
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various crystal geometries to compare the reconstructed images and energy
spectrums to determine the optimal parameters.

The simulation consists of several parts: generating a simulated source,
modelling the detector response, and image reconstruction. In addition, the
quantum efficiency and three sources of noise were modelled into the simula-
tion: intrinsic scintillator noise, dark and SiPM noise.

First, the two dimensional source is created by generating a large num-
ber of random events representing the true interaction locations with a user
defined energy. The size of the detector and the crystal geometry are specified.
Intrinsic scintillator noise arises from electron trapping and thermally gener-
ated electron hole pairs. This variation in the number of photons detected is
modelled with Poisson noise.

The modelled SiPM photodetector consists of a scintillation crystal
coupled to a 4 x 4 array of SiPM pixels with each pixel equal to 3.16 mm X
3.16 mm. An example is shown below in fig. 4.1 with 2mm x 2mm crystals.
The simulated events generate a number of photons / MeV of energy detected
depending on the type of crystal specified. The number of photons per unit
area is inversely proportional to the square of the distance from the gamma
ray origin. The light response of the simulated events in the scintillator are
modelled as a 1/R? relationship shown in eqn. 4.1, where d is the crystal

thickness and the position of the detected event is (X,Y).

1
(x = X2+ (y—=Y)2 4+ (2 —d/2)?

L(z,y,2) = (4.1)
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The next component of the simulation is the optical diffusion in the
light guide. The diffusion of light is characterized by the point spread function
(PSF) as in eqn. 4.2. The position in the PSF is given by x and y and o is
the deviation in the distribution. Ideally, a point source when imaged would
result in a point source. However, the distribution of light in the light guide
represents an isotropic Gaussian response.

a2y

PSF(x,y) = Ae 202 (4.2)

Quantifying the light detection at the photodetector level is achieved
by convolving the light spread function (response in the scintillator) with the
PSF (response in the light guide) as represented in eqn. 4.3 (Jahne, 2005). An
example of the light response of a random event on the photodetector array is
shown in fig 4.1. The overall photon detection efficiency (PDE) is dependent
on the active area to the total area of the detector which is already considered
in the simulation. However, the quantum efficiency and avalanche triggering
probability are not yet accounted for and also contribute to the overall PDE.
These parameters and fluctuations in the SiPM signal and dark counts were
also modelled in the simulations. To account for fluctuations in the SiPM
signal, £10 % of the raw signal was added/subtracted from the SiPM signal.
Dark noise was modelled by adding a random baseline signal to the raw data.
The signals are then broken up into the individual SiPM pixels based on the

amount of light on each detector.
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Blur(xz,y) = L(z,y) @ PSF(z,y) (4.3)

Figure 4.1: 2mm discrete crystal mapped over 4 x 4 SiPM array (left); Light
response of a detected event on a 4 x 4 SiPM Array (Right)

The site of photon detection on the detector array is usually accom-
plished with Anger logic which will be described in the following section.
However, there is an inherent spatial distortion effect called edge compres-
sion. Generally, this does not significantly affect the outcome of the image so
long as the number of photodetector modules isn’t too large as image correc-
tions are applied and the distortion is reduced. PMTs are much larger in size
than their SIPM counterpart and performing Anger logic on a larger number
of photodetectors results in a significant amount of edge compression such that
crystals around the perimeter of the detector area can not be easily resolved.
Therefore, alternative positioning algorithms are evaluated to determine the

optimal method to resolve the majority of the discrete crystals.
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Image Reconstruction

We have investigated a variety of positioning algorithms to determine the po-
sition of the detected photon as incident on the detector. Reconstructing two-
dimensional flood histograms in SPECT imaging is typically accomplished
with Anger logic. This method is a common positioning algorithm which
only requires four readout channels. In it’s simplest form, consider four pho-
todetector modules as seen in fig. 4.2. The x position can be determined by
weighting the signal with respect to its position as in eqn. 4.4. The negative
x component (X~ = A + C) are subtracted from the positive x component
(X*T = B+ D) and divided by the total signal (X* — X ) to determine the
x location. Similarly, this same algorithm is performed for the y component
by subtracting the negative y component (Y~ = C' + D) from the positive y
component (Y = A+ B) and dividing by the total signal. This algorithm can
be expanded to include more photodetectors.

We investigated positioning of events with the 2x2 photodetector Anger
logic with our 4 x 4array system as a means to minimize the number of readout
channels. Anger logic is performed simply by dividing our detector area into
the four sections and weighting each detector as described in eqn. 4.4. However,
as more detection elements are used, it becomes more difficult to resolve the
detected events because there is less information to accurately determine the
position. This results in severe edge compression. The reconstructed images in
fig. 4.3 shows that the detected events corresponding to a crystal element is well

resolved in the central region of the field of view but due to edge compression,
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the crystals cannot be accurately resolved with the Imm crystals.

The 4x4 photodetector Anger logic method as described in eqn. 4.5
is essentially the same as the 2 x 2 method except there are more readout
channels. Weighted sums of the signals depending on the SiPM location is used
to determine the position of the incident event. This simplifies to a centre of

mass calculation which is investigated in our simulations and described shortly.

1,1 2,2
A|lB|C|D
A B
F|G|H
| JIK]|L
C D
MIN|O | P

Figure 4.2: 2x2 photodetector for Anger logic (Left), 4x4 photodetector for Anger
logic

 (B+D)—(A-C) Xt-X"
X = A+B+C+D  X+t+X- (4.4)

X=[07(D+H+L+P)+025(C+G+K+O0)
P
~025(B+F+J+N)—075(A+E+I1+M)/ i (4.5)

i=A
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In the past, typical gamma cameras containing between 40-100 photo-
multiplier tubes utilized Anger logic for photon detection positioning. The
detection area of a PMT is on the order of at least a couple centimetres
(~ 2.5 x 2.5¢cm) but the detection elements are of SiPMs are much smaller
(~ 3.16mm x 3.16mm). To create a gamma camera with a practical imaging
area, there could potentially be thousands of SiPM pixels. Determining the
position of the detected event with a large number of SiPMs would be increas-
ingly difficult to resolve due to the inherent spatial distortions as a result of
this positioning algorithm. As an alternative to the traditional 2 x 2 Anger
logic method, other positioning algorithms have been explored to provide a

more uniform determination for the spatial distortion correction.

Figure 4.3: Simulated flood histogram of 1,2 and 3mm scintillator reconstructed
with Anger logic

One of the methods investigated was a Gaussian fitting. The signals
obtained from each of the SiPMs are summed up along the rows and columns
of the SiPM array to create signal profiles in the horizontal and vertical dimen-
sion. The parameters of a Gaussian function are given by eqn. 4.13 and they

are optimized to fit the data from the signal profiles. The width of the pulse
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is related to the full width at half maximum (FWHM) by eqn. 4.7 and X,Y
represents the optimized x and y parameters corresponding to the determined
photon location. Fig. 4.4 is simulated flood histograms of 1, 2 and 3mm pixe-
lated scintillators respectively reconstructed with the Gaussian fitting. While
the events are more uniformly positioned, the events around the edges are not
well resolved because the signal profile towards the edge of the crystal does

not represent a Gaussian shape.

_==x)? _w=)?
flx) =Aze 2@?  f(y) = Ayge 2w* (4.6)
FWHM = 2v2In2¢ ~ 2.35¢ (4.7)

Figure 4.4: Simulated flood histogram of 1,2 and 3mm scintillator reconstructed
with a Gaussian fitting

The other positioning algorithm tested is the centroid method, other-
wise known as the centre of mass method. This is the same algorithm used
to calculate the 4 x 4 photodetector Anger logic method for a 4 x 4 array of

SiPMs. The detected event is determined by calculating the weighted sum of
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the signal to its x and y location as shown in figs. 4.5 and 4.8 which simplify to
the same method. This algorithm was able to resolve events around the edges
of the crystal very well and with the least spatial distortion which would aid in
crystal identification for spatial distortion correction. There was some spatial
distortion around the edges but minimal compared to the other algorithms.
Positioning a detected event near the edge of the detector using the centroid
method inherently biases the position towards the center of the image. This
occurs because the positioning is based on a weighted sum of the signals and
a detected event on the edge is unevenly weighted. With the 4x4 Anger logic
positioning method, the larger number of readout channels used provides less
spatial distortion, as there is more information to more accurately determine

the position of the event (Fig. 4.5).

Siin

Siin

X — zn: LiSi Y — zn: YiSi (4.8)
i=1 i=1

Figure 4.5: Simulated flood histogram of 1, 2 and 3mm scintillator reconstructed
with a center of mass fit

In an ideal gamma camera, the detected positions would correspond to

the true position across the field of view. The positioning algorithm places the
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detected events in the best estimated location based on the signals obtained
from each readout channel. The reconstructed image will need to be corrected
so the detected events correspond to the true position in which the photon was

incident.

Scintillation crystal

Pixelated scintillators are much more expensive than their monolithic coun-
terparts but they offer the ability to guide light in a more contained region
resulting in high spatial resolution. However, the energy resolution is superior
in monolithic scintillators compared to discrete scintillators because there is a
higher probability of maximum light collection, whereas photons generated in
a discrete scintillator have a higher probability of scattering out of the crystal,
being absorbed or undergo multiple reflections at the crystal boundaries result-
ing in poorer energy resolution. Simulations were performed to determine the
expected reconstructed image and energy resolution with various scintillator
geometries. A total of four scintillator geometries were simulated as listed in

table 4.1 coupled with a 9mm light guide.

Table 4.1: Crystal Geometry

Material Dimensions Dead Array
Space

CsI(T1) Imm x Imm x 9mm 0.1mm 12x12

CsI(T1) 2mm X 2mm x 9mm 0.1mm 6x6

CsI(T1) Imm x 3mm x 9mm 0.1mm Ax4

CsI(T1) 12mm x 12mm x 9mm - 1
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To determine the spatial resolution with a monolithic crystal, a mask
was used such that gamma rays incident on the mask would only penetrate at

holes specified at 1 mm, 2mm and 3 mm increments (Fig4.6).

Figure 4.6: 1, 2, 3mm mask for monolithic crystal simulations

The centre of mass algorithm was used to reconstruct the 2D histograms
seen in fig. 4.7 and our results show that this algorithm is not ideal for mono-
lithic crystals with a small detection area. The appearance of the reconstructed
images with the monolithic crystals is mapped to a smaller area and lacks crys-
tal localization. The other positioning algorithms mentioned earlier were also
used with the monolithic crystals, but all methods were unable to localize the
detected events accurately. The spatial resolution of the monolithic crystal is
poor partially because the detector area is quite small (We are currently sim-
ulating one array of an SiPM which is only 13.4mm x 13.4mm). Due to the
the small nature of the SiPM Array, there may not be enough of a difference
in pixel signals to accurately determine where the light originated from and
thus the event is averaged towards the centre of the SiPM array. The signal
to noise ratio may be degraded since only a small portion of photons actually

make it through the mask. With opportunities for photons to undergo multi-
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ple interactions before interacting with the SiPM, photon scattering and noise

contribution may hinder accurate event localization.

Figure 4.7: Simulated flood histogram of a monolithic scintillator coupled to a
mask with holes separated by 1,2 and 3 mm, reconstructed with a center of mass fit
(Centroid Method)

From the simulations, it appears monolithic crystals have an inability
to image small areas. They could potentially be suitable for larger area de-
tectors. On the other hand, detected events were well resolved with pixelated
scintillators as seen in fig. 4.5. For detector characterization of our gamma

camera system, pixelated scintillators will be used.

Image Segmentation

The distortion introduced by the grouping of events into clusters from the
positioning algorithm affects the spatial resolution and the intrinsic spatial
resolution of the gamma camera is limited by the crystal geometry. The de-
tected events need to be repositioned to the corresponding crystal. This is done
by creating a segmentation map such that each pixel location corresponds to a

discrete crystal. There are various segmentation algorithms which have been
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used for crystal identification such as Voronoi diagrams (Alva-Sanchez et al.,
2010) and the watershed segmentation (Chaudhari et al., 2009).

Crystal identification could be performed manually, however, with the
advancement of SPECT imaging, scintillation crystals may consist of thou-
sands of pixelated crystals and it would be too time consuming to manually
identify the peaks corresponding to each crystal. A semi-automatic method
similar to that proposed by Chaudhari et al. has been implemented (Chaud-
hari et al., 2009). The segmentation is performed on a template image which
is generated by smoothing the reconstructed image with various filters.

The first component of segmenting the image involves filtering to smooth
the image. Two types of filtering are used to generate the template image. The
segmentation is performed on this template image which is filtered accordingly
to allow for accurate segmentation. The first type of filter on our image is a
simple Gaussian filter given by eqn. 4.9. The X and Y denotes the two dimen-
sional components of the Gaussian filter, with ¢ being the standard deviation
of the Gaussian distribution (Gonzalez and Woods, 2008). This Gaussian filter
takes the discrete image and blurs out the detected events. A second stage
of filtering is implemented to eliminate noise. A bilateral filter is a weighted
Gaussian filter based on the neighbouring pixels and the intensity values. In
this particular filter, the pixel values are averaged over a region in which val-
ues are weighted less as one moves further from the central pixel of interest.
This method is great for smoothing out regions in an image while preserving

edges (Paris, 2007). While there are no sharp lines in the flood histograms, the
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Gaussian filter has some noise contribution which makes segmenting the image
difficult. The bilateral filter minimizes noise and preserves edges by weighting
pixels with similar intensities and pixels in closer proximity heavier. There are
two major components to bilateral filtering, the spatial parameter and range

of intensities.

FX,Y,0) = e X7HY?/20 (4.9)

Figure 4.8: Simulated flood histogram of a 2mm pixelated scintillator (left), In-
verted bilateral filtered image of simulated flood histogram with 2mm pixelated
scintillator (right)

The bilateral filter smooths an image using two parameters, a spatial
weighting and pixel intensity range weighting. Kernels are weighted matrices
that contain multiplication factors that are applied to each pixel in an image.
To filter an image I, two kernels are required, G, the spatial weighting com-
ponent (Eqn. 4.10) and H, the pixel intensity range (Eqn. 4.11). The kernels

G and H change with each pixel location due to a change in weighting of the
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Gaussian function which is dependent on how similar pixel values are to the
pixel of interest and and the distance from the pixel of interest. By increas-
ing o, in eqn. 4.11, this increases the range of pixel values considered. As o,
approaches oo , the image approaches a Gaussian blur. Likewise increasing
oq in eqn. 4.10 increases the number of pixels in the kernel which affects the
smoothness of the image. As o4 and the kernel area increases, more blur is
present in the image (Elad, 2002; Tomasi and Manduchi, 1998). The bilateral
filtered image is given by the eqn. 4.12 where I is the image that is being
filtered (Zhang, 2009).

G = o~ (((=R)+-m))?/(203) (4.10)

H — o U5)~1(km))/(202) (4.11)

L ZN k.m Gi,j,k,mHi,j,k,mIifk,jfm
B(i,j) = =M

4.12
> ko GigkmHijkm (412)

A watershed based segmentation is performed on the filtered image to
determined the crystal boundaries. This is a similar approach to Chaudhari et
al.’s crystal identification method. Rather than manually identifying these re-
gions, their semiautomatic method showed similar results to a manual method.
The peak position, energy resolution and count uniformity showed insignificant
differences between the two methods (Chaudhari et al., 2009). The watershed

based segmentation can be explained with a simple example in fig. 4.9. The
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peaks in the template image can be compared to catchment basins. These
catchment basins collect water and the point in which water begins overflow-
ing into another basin denotes a watershed (segmentation line). Attempting
to segment the reconstructed image rather than the template image results in
oversegmentation as each discrete point acts as a catchment basin. Our seg-
mentation algorithm also allows for the manual peak selection if the watershed

segmentation is unable to locate all of the discrete crystals.

Catchment
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Figure 4.9: Catchment basin analog for watershed-based segmentation

(Jorgensen, 2011)

Fig. 4.10 shows the segmentation of the pixelated crystals. Each gray
scale shade represents an incremental increase in number of crystals and simply
denotes a different crystal. The segmentation map is also overlayed on the

reconstructed image identifying the crystal boundaries.

Spatial Distortion Correction

As described in the previous section, the scintillator limits the intrinsic spatial

resolution to the size of the detector. A spatial distortion correction was
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Figure 4.10: Segmentation map of crystals (left) Segmented image (right)

implemented into the simulation to reposition detected events corresponding
to the crystal in which it was incident. A look up table is produced such
that each pixel location corresponds to a specific discrete crystal as outlined
in the segmentation map. The crystal segmentation map varies with different
sources because the reconstructed image varies with photon energy (Cherry
et al., 2003).

The reconstructed flood histogram is corrected by using the look up
table to determine where to reposition the detected events. Fig. 4.11 shows
the corrected flood histogram of a 2mm discrete crystal. The corrected image
results in a fairly uniform flood image as expected. However, there are some
non-uniformities in the corrected image resulting from the crystals partially
hanging over the SiPM. The number of detected photons using a flood source
should be relatively uniform across the detector area. In fig. 4.11, we can see
the SiPMs around the perimeter of the detector area detect a smaller num-

ber of photons. This detector nonuniformity is corrected using a uniformity
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correction map which is discussed next.

Figure 4.11: Spatial Distortion Correction (left), Uniformity correction map
(right)

Spatial Uniformity

Theoretically, a simulated flood source should result in a completely uniform
image. However, with the addition of noise, there is some fluctuation in the
number of detected photons across the area of the detector. The central region
of the detector area is relatively uniform. There is also some significant light
loss in the crystals around the perimeter. A spatial uniformity map is used
to correct for the nonuniformities in the image. The map is generated by
normalizing the inverse of the acquired corrected flood histogram so that the
number of detected photons in each crystal is the same. This uniformity
correction map is shown in fig. 4.11. Applying this correction map to the
corrected spatially distorted image results in an image with a similar number

of counts in each crystal.
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Energy Correction

The energy resolution is a characteristic which determines how well the de-
tector system can resolve gamma rays of different energies. Theoretically, all
detected photons would be measured with the same signal and so the energy
spectrum would be a delta function at the photopeak. However, due to differ-
ences in light collection, there is a spectrum of detected energies. The corrected
spectrum accounts for lower energy photons as a result of dead space within
the detector area and is determined by normalizing the photopeak in each
discrete crystal element to the the energy corresponding to the photopeak.
To determine the energy resolution, the peak spectrum is fitted to a
Gaussian function as described briefly in eqn. 4.13 (Knoll, 2000), where A is
the peak area, F, is the peak energy, and o, the standard deviation. The
quantification of the energy resolution is represented by the full width at half
maximum (FWHM) as shown in eqn. 4.7. The energy resolution is simplified
to eqn. 4.14 (Knoll, 2000) with a Gaussian curve. The energy resolution of the
simulated energy spectrum with a 245keV source is 31 % and 22 % with the

correction.

A —Bo)?
G(F) = e~ (4.13)
oV 2w
FWHM
W) »
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Channel Number

Figure 4.12: Energy Spectrum with 245keV source (left), Corrected energy spec-
trum (right)

Gain Correction

Photodetector performance can vary due to slight variations in production.
This would result in detected photons occurring in different channels depending
on which photodetector it was incident on. Similar to the energy correction,
a correction to normalize the peak channel is necessary so that the response
is uniform between each photodetector. This is usually necessary with PMTs,
however, the fluctuation in the gain of SiPMs does not affect the signal. This
is because the signal is dependent on the number of micropixels triggered, not
the high gain signal itself. The sum of the micropixels triggered results in
a signal proportional to the number of photons. There may be fluctuations
in the number of photons generated within each SiPM for a flood source of
gamma rays, but it may not be significant. Therefore, a gain correction was

not implemented.
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4.2 Electronic Instrumentation and
Development

Simulations of our proposed gamma camera were performed in conjunction
with developing the hardware for our imaging system. Our electronics pulse
processing components consist of a charge sensitive preamplifier, pulse height
detection circuit and a digital acquisition system (DAQ) for analog to dig-
ital conversion. A brief discussion of each of the general pulse processing
components are described below, followed by details on our specific hardware

development

Preamplifers

Preamplifiers are an essential component to signal processing because the sig-
nal measured from radiation detectors are usually very small (on the order of
uA and mA) and very fast (ns — us range). Preamplifiers aid in signal pro-
cessing by amplifying, as well, by lengthening the pulse such that all charges
may be collected. It is important to minimize the distance between the pream-
plifier and the signal source to maximize the signal to noise ratio (SNR) be-
cause the cable in which the signal travels along introduces additional capaci-
tance (Knoll, 2000). There are three different variations in which preamplifiers

can be operated to optimize the signal output:

e Voltage Sensitive Preamplifier
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e Charge Sensitive Preamplifier

e Current Sensitive Preamplifier

The output voltage gain of preamplifiers are dependent on the input
voltage in all the configurations listed above. The shape of the output voltage
is governed by the instantaneous current in the current sensitive arrangement
or by integrating the current pulse in the voltage and charge sensitive ar-
rangement. The appropriate amplifier configuration is chosen depending on
the charge collection time which will be discussed below (Ahmed, 2007; Knoll,

2000; Spieler, 2001).

Voltage Sensitive Preamplifiers

Based on the circuit diagram of a voltage sensitive amplifier in fig. 4.13, the
input voltage in the amplifier is given by eqn. 4.15. Ideally, the voltage input
into the amplifier should be the same as the source voltage. In order to operate
the amplifier in this arrangement, the input impedance to the amplifier must
be very large (ideally infinite) so the current does not flow into the amplifier.
Minimal current should be drawn from the source so that the input voltage
into the amplifier is approximately the same as the source voltage. If the input
impedance R; is sufficiently large such that the condition R; >> R, is satisfied,

then V; =~ V,, where R, is the source impedance.

R;

=0y 4.15
YT RARS (4.15)
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Fig. 4.14 is a typical circuit arrangement for a voltage sensitive ampli-
fier with Cy representing the capacitance of the detector. When a photon is
incident on the semiconductor photodetector, it generates a current pulse in
which the total charge is integrated on the detector capacitance from ¢ = 0
to t = to. The source voltage is then approximated by V; ~ @/Cy; where
Q= / v is(t) dt. The gain on the input voltage is governed by the electronic

0

components in eqn. 4.16

Voul

Figure 4.13: Voltage sensitive preamplifier modelled with a voltage source

Ry

1

Figure 4.14: Voltage sensitive preamplifier with feedback resistor Ry

Vout = ——7 Uin (416)
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The time constant R;Cy; should be relatively large compared to the
charge collection time ¢. in order to ensure full integration of the current signal.
One of the disadvantages associated with voltage sensitive amplifiers is that
the current pulse is integrated on the detector capacitance. Semiconductor
detector capacitance values may change as a result of temperature changes
during operation, therefore the output voltage is no longer proportional to the
total charge accumulated on the capacitor (Ahmed, 2007; Knoll, 2000; Spieler,
2001).

Current Sensitive Preamplifiers

Current sensitive preamplifiers are different in that the instantaneous current
is converted to a voltage signal. This is also known as a current to voltage
converter. This configuration is not as commonly used and is optimal when
the input impedance is relatively small compared to the source impedance.
This results in the current being drawn into the amplifier which results in an
output voltage proportional to the input current. Unlike the voltage sensitive
configuration, the detector capacitance must discharge faster than the charge
collection time in order to ensure the instantaneous current is converted to a
voltage signal. Therefore the condition R;Cy < t. should be satisfied for the
current sensitive configuration to be optimal (Spieler, 2001).

The current sensitive amplifier is similar to the voltage sensitive am-
plifier in that it has the same general structure. The current input is given

by eqn. 4.17. If the current amplifier is to convert the current to a voltage,
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isé ip{% R, |i %R Vou

Figure 4.15: Current sensitive preamplifier modelled with a current source

the input current should be equal to the source current. In a perfect arrange-
ment, the input impedance of the operational amplifier will have no resistance.
However, in a realistic case, the source impedance should be much larger than
the input impedance of the amplifier, R; << R, such that ¢y = i; since the
operational amplifier will always have some impedance associated with it. The
current sensitive preamplifier is essentially a current to voltage converter and
the output voltage is then proportional to the input current by a factor of the

feedback resistor Ry in eqn. 4.18 (Spieler, 2001).

R,

“T R +R. (4.17)

Figure 4.16: Current sensitive preamplifier with feedback resistor Ry
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Vout = _Rf[ln (418)

This arrangement is ideal for when energy information is not as impor-
tant as obtaining high count rates and accurate timing information (Ahmed,

2007).

Charge Sensitive Preamplifiers

As a solution to suboptimal configuration of voltage sensitive amplifiers to
semiconductor detectors, a charge sensitive amplifier is introduced. Instead of
integrating the current on the detector capacitance, charge is accumulated on
a feedback capacitor. Therefore the output voltage V,,: o< Qf/C; where Q) is
the charge accumulated on the feedback capacitor C; and is not dependent on

the detector capacitance (Spieler, 2001).

g R, —* Vout

Figure 4.17: Charge sensitive preamplifier with feedback capacitor Cy
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The charge sensitive amplifier is widely used in pulse processing with
semiconductor detectors due to the negligible detector capacitance parameter.
The addition of a feedback resistor is necessary to control the decay time
of the pulse. Without it, the voltage signal would be held high due to the
accumulation of charge on the feedback capacitor. The decay time is governed
by 7 = RyC} (Spieler, 2001).

A general guide to determine the appropriate preamplifier configura-
tion is determined by a few criterion. The first is identifying the ampli-
fier impedance. If the amplifier impedance is large compared to the source
impedance, the voltage sensitive or charge sensitive configuration is more ap-
propriate. If the time constant is larger than the charge collection time, then
the signal is most likely integrated on the detector capacitance or feedback
capacitor in the voltage sensitive or charge sensitive configuration respec-
tively.The current sensitive amplifier is more appropriate when the time con-
stant is smaller in comparison to the charge collection time. However, in order
for a current sensitive amplifier to operate optimally, the input impedance of

the amplifier should be relatively small compared to the source impedance.

Pulse Shaper

Pulse shapers are a common signal processing component. Their main purpose
is to eliminate the long tail introduced by the preamplifier and essentially shape
the pulse into a Gaussian shape. This prevents pulse pileup from occurring and

acts to quickly restore V,,; to a zero baseline following an event. If the tail of a
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signal is long and a new event occurs, the voltage signal may ride on top of the
previous decaying signal (Knoll, 2000). In our photodetector system, a pulse
shaping component was not included because the charge sensitive amplifier

has a relatively short decay time (~ 25us).

Pulse Height Detection

The peak detection circuit was programmed so that peak detection only occurs
for a short period of time when an event is triggered. The signals are held for
a period of time before it is reset. During this time, no other signals are
detected and this period of time would represent the detector dead time. The
peak detection circuit will be described in further detail shortly. To extract
information from the preamplifier signal, the height of the pulse needs to be
determined. The pulse passes too quickly for the digital acquisition system to
sample the whole pulse due to the relatively fast rise time of the signal from
the preamplifier. A specific peak detection circuit is programmed to identify
the pulse height and hold it for a specified amount of time to ensure all signals

are digitized.

Analog to Digital Conversion

The analog signals need to be converted to a digital signal so that further
signal processing such as image reconstruction can be performed. There are

various methods of analog to digital converters (ADC) such as a digital ramp
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ADC, Wilkinson, successive approximation and flash ADC. These methods are

briefly discussed.

Digital Ramp ADC

The digital ramp ADC increases in value with each clock cycle and is compared
with the analog input signal via a comparator. When the digital signal is
below the analog signal, the comparator output is high. The digital signal
will continue to increase until the analog input exceeds the digital signal at
which point, the comparator outputs a low signal. The number of clock cycles
represents the pulse height. The digital signal is updated into the ADC and
resets the ADC. This is not a particularly efficient ADC method because digital
conversion of large signals require a longer period of clock cycles to reach the

analog pulse height (Kal, 2002).

Wilkinson ADC

Wilkinson ADCs are also known as a linear ramp converters. The input analog
signal is compared with a linear ramp signal via a comparator. The comparator
outputs a signal which opens a gate until the input signal exceeds the ramp
signal at which point the comparator goes low and the gate is closed. A
constant frequency square wave is fed through the linear gate. During the
time when the gate is opened, the number of pulses produced is proportional
to the amplitude of the signal. The number of pulses is tracked by the address

register and outputs a digital signal. The time it takes to output the digital
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signal is proportional to the time it takes for the ramp signal to reach the
input pulse height which limits the speed in which the signal is digitized. To
minimize the time required for ADC conversion, Wilkinson ADCs are built

with clock frequencies of ~ 100 M Hz (Knoll, 2000).

Successive Approximation ADC

Analog to digital conversion of a signal with the successive approximation
method is performed by comparing the input pulse to the full scale ADC
range. If the signal is in the upper half of the full scale range, a one is entered
into the most significant bit (MSB) and half of the full scale ADC range is
subtracted from the input pulse. If it is in the opposite region, a 0 is placed in
the MSB. In the second stage, the input pulse is then compared with half of
the full scale range. Again, if it is in the upper region, a 1 is placed in the next
significant bit and half of the current ADC range stage is subtracted from the
input pulse, otherwise a 0 is entered. This process is continued until all the bits
of the converter is filled. The resolution of the digital signal is limited by the
number of bits in the converter. One of the advantages of using a successive
approximation ADC is that it takes the same amount of time to convert an
analog signal to a digital signal irregardless of the size of the signal (Knoll,

2000).
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Flash ADC

An n-bit flash ADC digitizes the input pulse by a series of 2" comparators
with the threshold voltage increasing for each comparator. The input pulse
is sent through all the comparators in parallel. For the comparators in which
the input pulse is larger than the reference voltage, a logic 1 is outputted.
The patterned output from the comparators are converted to a binary number

which corresponds to the digital signal (Knoll, 2000).

4.3 SiPM based Radiation Detector
Specifications

The schematic of our gamma camera is shown in fig. 4.18. Our system consists
of a charge sensitive preamplifier to amplify the signal, followed by a buffer
to prevent any signal reflection to the peak detect as a result of impedance
mismatching. A monolithic peak detection circuit is used to measure the pulse
height of the signal and analog to digital conversion is executed by a digital

acquisition system (DAQ).

SiPM /Scintillator - CsI(TI)

The SiPM selected for this gamma camera is the SPMArrray4 manufactured
by SensL which consists of a 4x4 array of SiPMs approximately 3x3mm in size

(Fig. 4.19 (SensL, 2010¢)). The current model being used for our experiments
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Figure 4.18: Functional Diagram

is the SPMArray4: 305G16. Due to its structure, and small form factor, these
SiPMs can be tiled to create a larger area detector. The SiPM specifications
and dimensions are listed in table 4.2 and illustrated in fig. 4.20 (SensL, 2009,
2010d). The silicon photomultipliers are insensitive to magnetic fields and
so the packaging encasing each of the elements have been developed to be
insensitive to magnetic fields as well. Fig 2.13 shows the SiPM readout circuit
for one row of the SPMArray4. The SPMArray4 has 16 SiPMs with each row
summed on the cathode side of the diode. The signal for each individual SiPM
is read out on the anode side of the diode.

The photodetector assembly consists of the SensL. SPMArray4 cou-

pled to a pixelated CsI(Tl) crystal with optical grease to minimize light loss
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Figure 4.19: SensL SiPM

Table 4.2: SiPM Detector Specifications

SiPM Sensl. SPMArray4
Pixel Chip Area 3.16x3.16mm?
Pixel Active Area 2.85x2.85mm?
Typical Operating Voltage | 29.5V

Pixel to Pixel Spacing 200 pm

Microcell Gain 10°

Total active area 13.4x13.4 mm?
Number of microcells 3640/ pixel

Dark Rate SMHz

from photon interaction in air. The emission spectrum of CsI(T1) peaks at a
wavelength of 540 nm (Fig. 4.21 (Saint-Gobain Crystals, 2007; SensL, 2010a)).
These SPMArray4s are built with the n on p structure and therefore are most
sensitive to light in the red region of the spectrum. The SiPM PDE response
as a function of wavelength is shown in fig. 4.21 and shows a peak detection
efficiency at 500nm which corresponds with the emission spectrum of CsI(T1)
for optimal light detection (SensL, 2010a). From the simulations of various
crystal geometries, the following crystals listed in table 4.3 will be used for

characterizing our gamma camera.
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Figure 4.20: Schematic of SensL. SiPMArray4 (left), SPMArray4 readout circuit
(right)
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Figure 4.21: Scintillation emission spectrum of CsI (left), SensL SiPMArray4 PDE
vs wavelength (right)

Preamplifier - AD8048

The raw signals undergo several pulse processing steps before being digitized.

The current signal is initially converted to a voltage signal via a charge sen-
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Table 4.3: Crystal Geometry

Material Dimensions Dead Array
Space

CsI(T1) 2mm x 2mm x 6mm | < 0.lmm 6x6

CsI(T1) 3mm x 3mm x 6mm | < 0.1lmm 4x4

sitive preamplifer. Analog Device’s AD8048 is a high speed voltage feedback
operational amplifier operating in the charge sensitive configuration with feed-

back components, C' = 100 pF' and R = 47 k€). This results in a time constant

of 4.7 us.
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Figure 4.22: Charge Sensitive Preamplifier

The AD8048 operational amplifier has a high gain bandwidth of 250 MHz
which allows for high count rates and a high slew rate, (1000 V/us) to process
the full height of the pulse (Analog Devices, 2003).

Using National Instrument’s Multisim, a simulated pulse was sent through
the AD8048 with various time constants as shown in fig. 4.23. As the time con-
stant increased, the amplitude and pulse length increased as expected with a

charge sensitive configuration. The signals are sent through a unity gain buffer
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Figure 4.23: Preamplifier Simulation with R = 10 k€(1), 20 £ (2) and 30 Q2 (3),
C =100pF

using the AD8048 operational amplifiers to prevent any signal reflecting from
impedance mismatching. The signals are then sent to the peak detect and

hold mode chip to determine the pulse height of each channel.

Peak Detection - PKDO1

The pulse height detection is performed by a monolithic peak detector with
reset and hold mode chip. The peak detect chip detects the peak of the signal
and holds the pulse until the signal is digitized. The chip is then reset to
digitize the next signal. There are three modes in which the peak detector
chip can be operated: detect, hold and reset as outlined in table 4.4 below.
The peak detect chip is initially held in the reset mode.The signals from
all 16 channels are summed via a buffer op amp to trigger a detected event.
The trigger is fed into the comparator which goes high when the signal exceeds

some threshold level indicating a detected event. When an event is triggered,
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Table 4.4: PKD Operation Modes

Operational Mode | RST | DET

Peak Detect 0 0
Peak Hold 0 1
Reset 1 1
Indeterminate 1 0

it enters peak detect mode and the highest signal will be detected, the rest of
the signal will be ignored. Once the height of the pulse is reached, the peak
detect chip will be sent to hold mode, until all channels have been sampled.

The chip is then reset to detect another pulse.
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Figure 4.24: SiPM signal before preamplifier (left), SiPM signal after preamplifier
(bottom right) & Peak detect output (top right)

The monolithic nature of this chip allows for minimization of charge
injection and droop rate errors (Analog Devices, 2001). According to Analog
Devices, charge injection occurs from parasitic capacitance resulting in a drop
in the signal level. Droop rate errors occur as a result of leakage capacitance
which lowers the signal detected on the peak detect chip. The suggested hold
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capacitor for the PKDO1 is 1000 pF' and Analog devices reported a slew rate
of 0.5V /pus. J. Smith performed experiments to determine the optimal hold
capacitor (C1) value to maximize slew rate. A 330 pF' capacitor resulted in a
slew rate of ~ 1.1 — 1.65V/us and a 56 pF' capacitor resulted in a 6.6 V/us
slew rate (Smith, 2007). While decreasing the capacitor helps to improve
the slew rate, it also minimizes the amount of charge that can be stored on
the capacitor. If the capacitor value was too small, the maximum charge on
the capacitor may prevent accurate peak detection. The 330 pF' was used in
our peak detection circuit to ensure full collection of the SiPM signal while

improving the slew rate.
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Figure 4.25: PKDO1
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Analog to Digital Conversion - NI USB-6259/ ATMEL

ATmega328 Microcontroller

A National Instruments digital acquisition system (NI-USB 6259 M Series
Multifunction DAQ) and an ATMEL 8-bit AVR ATmega328 microcontroller
are used to digitize the signal and control the peak detection system. The
microcontroller controls the operational mode of the peak detect chip. When
an event is triggered from the comparator, it sets the reset (RST) and not-
detect (DET) pin to peak detect for a short period of time (~ 8us), the
RST and DET are then put into peak hold and is held until all channels
have been sampled. The ADC can sample up to a maximum 1.25MS/s and
digitizes the analog signals via a successive approximation architecture. The
total time for peak detection and analog to digital conversion is approximately
25 pus. The microcontroller then resets the PKDO1 chip. The microcontroller
is also connected to the digital acquisition system (DAQ) to set the clock for
signal digitization. The trigger for analog to digital conversion occurs when
the PKDO1 goes from peak detect to peak hold. Below is the timing diagram
of the peak detect RST and DET pins, event trigger and interrupt for analog
to digital conversion (Fig. 4.26). The event sampling time is determined by the
communication between the microcontroller and the trigger signal. The DAQ
has 16-bit resolution, maximum voltage range of -10V to 10 V and maximum
clock rate of 1 MHz. The DAQ was programmed to have an input range -5V
to 5V resulting in a resolution of 0.039 V.

Below is a circuit diagram of our pulse processing electronics for 1 SiPM
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e |
e ] [

Figure 4.26: Timing diagram of the gamma camera system

channel of our SPMArray 4 matrix. Since the output of the SiPM is biased
below -29.5V, an AC coupling capacitor (C=100pF) is used to block the DC
signal and only allow the AC signal to pass through. The result of an AC
coupling capacitor shown in fig. 4.27 eliminates the bias voltage portion of
the signal. The peak detection circuit is housed on a monolithic chip which
provides the peak signal of our input pulse. This is controlled with the RST

and DET pins and the microcontroller (not shown).
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Figure 4.27: Circuit Diagram of one SIPM channel pulse processing electronics
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Five

Results and Discussion

Photodetector Assembly — Scintillator/Light guide/Photodetector

"Power Connectors/
Voltage Regulators

Preamplifiers

Peak detection circuit

Buffers

Figure 5.1: Photograph of photodetector (with SiPM) and pulse processing elec-
tronics

The SiPM, light guide, crystal and pulse processing electronics were
contained on one circuit board and enclosed in a light tight box. The circuit

board is shown in fig. 5.1 with the photodetector assembly on the far left. Each
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channel from the SiPM is fed through the preamplifier, followed by a buffer and
the peak detection circuit. The analog signals are then send to the DAQ (DAQ
not shown). Our system was set up as shown in the schematic in fig. 5.2. Inside
the light tight box, another cover is placed over the photodetector assembly
to ensure a light tight system and a lead shield is placed over the source to

minimize radiation exposure to the surrounding environment.

& source
I

Foam support

17.5cm| 9 cm Circuit board
Csl(Tl) crystal
light guide
SiPM Y
v
¢ ‘ $2 cm

Figure 5.2: Schematic of our experiment set-up

Our experiments consisted of imaging four different sources, Co-57
(122keV), Tc-99m (140keV), In-111(171keV, 245keV), and Na-22 (511keV).
The measurements outline by NEMA NU1 were used to quantify and maintain
clinical gamma camera performance. These include, energy resolution, intrin-
sic spatial resolution, intrinsic spatial linearity, system uniformity and system
sensitivity (NEMA Standards Publication, 2001). The protocols outlined by
NEMA are modified to quantify our gamma camera performance. The meth-
ods by which each of these measurements were performed are described in each

corresponding sections.
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5.1 Performance Characteristics

Based on the MATLAB simulations, 2mm (6 x 6) and 3mm (4 x 4) discrete
CsI(T1) crystals were used in our experiments. The sources were imaged and
reconstructed with a centre of mass localization algorithm at five different re-
verse bias voltage levels ranging from 30.5V to 34.5V (1-5V above breakdown
voltage). The images in figs. 5.3 and 5.4 were acquired with a 3mm (4x4)
and 2mm (6x6) CsI(T1) crystal respectively at a bias voltage of 32.5V. The
detected events on the SiPMs are well resolved over a wide range of photon

energies and they are comparable to the simulations as seen in fig. 5.5.

Figure 5.3: Reconstructed images using COM algorithm with superimposed seg-

mentation map. SiPM coupled with 3 mm CsI(TIl) crystal: Co-57 (top left), Tc-99m
(top right), In-111 (bottom left), and Na-22 (bottom right)
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The figures in 5.4 shows simulated reconstructed image of a 140keV
peak source on the left, and a 511 keV peak source on the right at a bias voltage
of 31.5V. The simulations used a 2 mm x 2 mm x 6 mm discrete crystal for both
sources and are a good approximation to the gamma camera performance. The
experimental images may also appear to be slightly different depending on the
alignment of the crystal to the SiPM as well as the individual performance
of each SiPM in the array. Overall, there is a relationship between the peak
energy to the resolution of the crystals in the reconstructed image. Images
obtained with lower energy sources are less distinct (more blurring) because
there are a smaller number of visible light photons produced and the statistical
fluctuations in the number of photons contributes more significantly than with
a larger number of photons.

The goal is to develop the gamma camera for compatibility with mag-
netic resonance. Therefore, it is necessary to test the performance of the
gamma camera within a magnetic field. The gamma camera system was sub-
jected to a 130 mT magnetic field from a permanent magnet. Fig. 5.6 compares
the reconstructed image of a Co-57 source with a 2mm x 2mm crystal in the
absence and presence of a magnetic field. There is no significant spatial dis-
tortion in the image with the magnetic field. However, there is some slight
blurring compared to the image without the magnetic field. Typical magnetic
fields in clinical MRI machines are approximately between 1.5-3T, which is
significantly larger than the magnetic field tested. These results certainly do

not eliminate the possibility of spatial distortion at larger magnetic fields. At
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Figure 5.4: Reconstructed images using COM algorithm with superimposed seg-
mentation map. SiPM coupled with 2 mm CsI(Tl) crystal: Co-57 (top left), Tc-99m
(top right), In-111 (bottom left), and Na-22 (bottom right

larger magnetic fields, there may be some effects as a result of the chang-
ing magnetic fields during MRI operation (ie. when the gradient magnetic
fields are turned on and off). However, these initial results are promising for
further developments and our gamma camera will be tested within a larger
magnetic field environment. We do not expect any influence on the perfor-
mance of the SiPM with larger magnetic fields, but the magnetic field could
potentially affect the electronics of our pulse processing components such as

the microcontroller.
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Figure 5.5: Gamma camera simulation (SiPM coupled with 2 mm CsI(T1) crystal)
using COM algorithm: Tc-99m (left) and Na-22 (right)

Figure 5.6: Reconstructed image using COM algorithm. SiPM coupled with 2 mm
CsI(T1) crystal: Co-57 (left), Co-57 in the presence of a magnetic field (right)

Energy Resolution

The spectral response of scintillation detectors is relatively poor compared to
other forms of detectors such as semiconductors because of the low quantum
efficiency, but it remains sufficient for medical imaging applications (Knoll,
2000). As mentioned previously, the smaller the crystal pixels, the poorer the
energy resolution. Monolithic crystals enhance energy resolution by ensuring

full light collection. Incomplete light collection occurs in pixelated crystals due
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to the many boundaries in which photons can undergo more interactions, thus
resulting in loss of energy via scattering or absorption. The energy resolution
is defined by the FWHM divided by the center of the peak.

The detected photon energies are corrected on a crystal by crystal basis.
Photons which are detected in discrete crystals should register the same energy
peak. However, due to several factors, the amount of light detected may not
be the same. There are a few factors which affect the energy of a detected
event. There is a statistical variation in the number of photons generated
from the scintillator and detected on the SiPM (PDE). Due to the geometric
efficiency of these photodetectors, there is a relatively large contribution to
dead space. Photons incident within the dead space of the detector will not be
accounted for resulting in an energy lower than expected. The total number of
photons incident on the detector can vary from each scintillation event which
is proportional to the energy of the gamma ray. As well, photons incident
on the edges of the crystals may interact and scatter out of the crystal which
contributes to loss of light. This variation of peak energy in each crystal
warrants a correction such that the intended photopeak occurs in the same
detection channel. Each pixel in the image corresponds to a crystal and has
an associated energy spectrum.

The segmentation map is used to generate energy spectrums for each
discrete crystal element. The calibration curve is made up of the photopeak
channels for each source imaged (Co-57, Tc-99m, In-111(2 peaks), and Na-22)

and plotted against the true energy respectively (122keV, 140keV, 171keV,
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245keV, and 511keV) (Cherry et al., 2003; NCHPS, 2011; Perkin Elmer, 1999;
Safety and Health, 2010). At low energies, the calibration curve is relatively
linear, however a quadratic relationship at higher energies is more appropriate.
This curve shows the SiPM linearity. The point at which the curve plateaus,
two gamma rays of energies along this portion of the curve can not be dis-
tinguished from one another. As stated previously, the number of micropixels
limits the number of photons which can be detected and thus limits the max-
imum gamma ray energy which can be resolved. An example of a calibration
curve for one crystal is seen in fig. 5.7. According to the calibration curve,
we are approaching the limit of our detection system as the curve begins to
plateau out. We are well in the linear range of photon energies for the purpose

of SPECT imaging.
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Figure 5.7: Calibration curve - 2mm x 2mm CsI(T1) crystal element (@ Bias
Voltage = 32.5V)
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After the energy correction, the detector response function was mea-
sured at each reverse bias voltage level for four different sources. The results
of the energy resolution are shown in table 5.1. These results were performed
with a 3mm pixelated CsI(Tl) crystal and calculated with the calibration
curve fitted with a quadratic curve. Using the polyfit function in MATLAB,
the polynomial coefficients for a quadratic function were optimized to fit the
relationship between the gamma ray energy and detected energy. The equation

for the optimized quadratic function for the above calibration curve is given

by:

Energy = —0.0002Channel® 4 0.27Channel + 0.84 (5.1)

There is a general trend that energy resolution improves with photon
energy. As the reverse bias voltage increases, the energy resolution deterio-
rates. We were able to obtain a resolution of ~ 30 % with a Tc-99m source
and 11 % with Na-22. The Na-22 source isn’t important for SPECT imaging,
however, the source was used for characterization of our gamma camera and
to quantify the range of photon energies. We performed a comparison of the
spectral resolution quantification with both the quadratic and linear fit to see
how the values deviate from one another. Na-22 was omitted from the linear
fit because at higher energies, the detector response deviates from a linear re-
lationship. Each set of experiments were performed on three separate days to
measure the stability and reproducibility of our results.

Table 5.2 summarizes the energy resolution using a linear calibration
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Table 5.1: Energy Resolution - 3mm (quadratic fit)

VBias Co-57 Tec-99m In-111 In-111 Na-22
vy | (122kev) | (140KeV) | (1T1keV) | (245 keV) | (5L1keV)
AFE/E % | AE/JE% | AE/JE % | AE/E % | AE/E %

30.5 33+2 3041 34+4 21+2 1141

31.5 3314 33+2 3246 23+3 18+2

32.5 36+2 3443 3142 2447 2245

33.5 3613 3544 3316 20+4 2245

34.5 35+3 36+4 33+4 21+4 23+5

curve represented by eqn. 5.2. The energy resolution of the two different
calibration curves for each source at each bias voltage were similar to one
another and for the most part was within the statistical error except for a
few sources with a bias voltage of 34.5V. Values for Na-22 were not included

because the relationship is not linear at high energies.

Energy = 0.2Channel + 6.78 (5.2)

Table 5.2: Energy resolution - 3mm (linear fit)

VBias Co-57 Tec-99m In-111 In-111 Na-22
vy | (122kev) | (140KeV) | (1T1keV) | (245 keV) | (5L1keV)
AFE/E % | AE/JE% | AE/JE% | AE/E % | AE/E %
30.5 33+£1 30+£2 34+4 22+4 -
31.5 34+7 3142 3246 21+6 -
32.5 3313 3312 31+8 2313 -
33.5 3445 2547 3242 2645 -
34.5 24+6 2443 34+5 28+4 -

The results of the 3mm crystal were pretty stable over the course of

several days. However, our results show that the resolution of the 171keV
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peak (In-111) is poorer than the 140keV peak (Tc-99m) at the majority of
bias voltage levels in both the quadratic and linear fit.

Comparing these results to previously published results, we were able
to obtain superior energy resolution with Na-22. Other groups determined the
optimal performance to be with LYSO and Na-22. However, we used CsI(T1)
and reported less than 20 % energy resolution. SensL reported an energy res-
olution of 14 % for a Na-22 source with their SiPM coupled to LYSO (SensL,
2010b). While the scintillator may be different, we were able to achieve an
energy resolution of approximately the same level. It was not our primary ob-
jective to have very fast scintillators since SPECT doesn’t require any timing
information, rather the scintillator should have high conversion efficiency to
optimize the energy resolution. CsI(Tl) is a relatively slow scintillator com-
pared to LYSO which is more suitable for timing applications in PET.

Efthimiou et al. also published results in which the energy resolution of
the 140 keV peak was superior to the 171 keV peak. We used very similar SensL
SiPM models at similar bias voltages. Our quantified energy resolutions at
different peak energies are very similar to one another with Efthimiou reporting
slightly better energy resolution as seen in table 5.3. This may be a result of
the use of a single monolithic crystal. Measurements were also obtained with
a 2mm pixelated crystal at a reverse bias voltage of 30.5V. These results are
shown in italics in table 5.3 and has slightly poorer energy resolution than
the 3mm crystal. A 130 mT magnet was placed adjacent to the photodetector

on the gamma camera system to confirm the compatibility in magnetic fields.
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The energy resolution as reported in table 5.4 does not deviate significantly

from the values obtained without a magnet.

Table 5.3: Energy resolution - CsI(Tl) crystal (2mm x 2 mm)

VBias Co-57 Tc-99m In-111 In-111 Na-22
(V) (122keV) | (140keV) | (171keV) | (245keV) | (511keV)
AE/E% | AEJE% | AEJE % | AE/E % | AE/E %
30.5 35%3 28+2 37£3 2545 17+4
30.5 N/A 25 27 21 14
Table 5.4: Energy resolution with magnet
CsI(T1) 2 mmx2 mm 3 mmx3 mm
Source Energy (keV) AE/E (%) AE/E (%)
Co-57 122 33 £ 3 32+ 3
Na-22 511 19 £3 13 £ 2

Fig. 5.8 shows the corrected energy spectrums of all the different sources.
The lower energy sources such as Co-57, Tc-99m and In-111 do not have sig-
nificant energy spectrum characteristics except for the full energy peak. Na-22
on the other hand exhibits a Compton continuum with a backscatter peak and
Compton edge. The energy spectrum of the Co-57 and Na-22 source with the
magnetic field is superimposed on the energy spectrums without the magnetic
field. There is no significant differences in the spectrums as is with the energy

resolution.
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Figure 5.8: Corrected energy spectrum of all sources (left), Energy spectrum of
Co-57 an Na-22 - magnetic field (right)

Spatial Resolution

From the reconstructed images, it is clear that the detected events are well sep-
arated and 2 mm (6 x 6) crystals are well resolved. However, the reconstructed
image only represents the approximate location as a result of the positioning al-
gorithm. As explained in the simulation section, the intrinsic spatial resolution
is limited by the crystal size. Using the look up table from the segmentation
maps, the positioned events are repositioned to the corresponding crystal. The
image in fig. 5.9 was corrected with a spatial distortion and non-uniformity
correction. This corrected image is exactly what we expected, a uniform flood
histogram.

From the NEMA NU 1 protocols, there are two measurements to quan-
tify the uniformity, the integral and differential uniformity (NEMA Standards
Publication, 2001). The integral uniformity is the maximum deviation in the

number of detected counts across the useful field of view (UFOV) and the dif-
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Figure 5.9: Corrected flood histogram of a Tc-99m source with 2mm x 2mm
scintillator

ferential uniformity is the maximum deviation over a limited range around the
detector size. In the case of a traditional photomultiplier tube based gamma
camera, the differential uniformity would be a practical measurement. How-
ever, the size of SiPMs are on the order of the pixel pitch (crystal size) and
quantifying the differential uniformity is not feasible. However, the integral
uniformity is an appropriate quantity to measure our gamma camera unifor-
mity. This can be quantified extrinsically (with a collimator) or intrinsically
(detector only) . Since we have not considered a collimator yet, we calcu-
lated the intrinsic integral uniformity of our gamma camera to be +3 % using
eqn. 5.3. J. Halama noted that the integral uniformity should typically be
within 2-3% (Halama, 1987). This corrected image is what we expected, a

uniform flood histogram and is within clinical gamma camera standards.

Max — Min

Int luni ity =+ ——m——
ntegral uni formity (Max T Min

) % 100% (5.3)

104



M.Sc. Thesis (A. T. Tao) McMaster University (Medical Physics)

Detector Limitations

The SiPM needs be operated sufficiently above breakdown to minimize the ef-
fect from charge collection time, and other effects such as carrier recombination
and trapping to create a more uniform electric field across the detector (Knoll,
2000). On the same note, one should not impart too large a voltage as dark
noise may increase. The dark count signal was measured as a function of bias
voltage, but acquiring raw data from our gamma camera without any radioac-
tive sources, besides background. As the bias voltage is increased, there is a
higher contribution of thermally generated electron hole pairs and the electric
field is also larger increasing the probability of triggering an avalanche. This
results in a non-linear increase in dark counts as shown in fig. 5.10 as the bias
voltage is increased. Therefore, operating the SiPM with too high a voltage
may significantly deteriorate the gamma camera performance.

A Tec-99m source was used to analyze and determine an optimal op-
erating voltage for the SiPM. The peak to valley ratio is a measurement to
quantify the ability to discriminate the crystals. This is measured by averag-
ing the peak number of counts divided by the baseline counts for each discrete
crystal. The peak to valley ratio was measured at different bias voltages and
compared to the energy resolutions at the corresponding bias voltage. The
results of these measurements are shown in fig. 5.11. There is a significant
amount of fluctuation in the peak to valley ratios and energy resolutions at
bias voltages close to V,y. However, as the bias voltage increases, the peak to

valley ratio increases and the energy resolution improves. At the bias voltage
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Figure 5.10: Dark signal variation versus bias voltage

increases beyond 31V, the peak to valley ratio begins to decrease. As well,
the energy resolution slowly decreases. There is an approximate optimal op-
erating voltage which occurs approximately 2V above breakdown. Therefore,
the optimal operating voltage was determined to be ~ 31V. The decrease
in the peak to valley ratio with increasing bias voltage is a result of a higher
probability of thermally generated electron-hole pairs and cross talk between
SiPM microcells. In addition the significant uncertainty in the energy resolu-
tion at bias voltages close to breakdown is influenced by a combination of the

probability of cross talk and avalanche triggering probability.
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Figure 5.11: Peak to valley ratio of Tc-99m image versus bias voltage (left), Tc-
99m energy resolution versus bias voltage (right)

Energy Resolution

There are several factors which limits our detector performance in regards
to energy resolution. The potential factors which may affect the quality of
the response function are external light contributions, thermally generated
electron hole pairs, and the statistical noise arising from the detector nature of
the signal itself and statistical noise limit on the detector performance (Knoll,
2000). The effects of statistical fluctuation in the number of counts would be
less significant if there was a higher efficiency of photon detection. In addition,
if there are a large number of photons near the number of pixels, the probability
that a second photon is incident on the same microcell increases. Since the
microcell is already in avalanche, the second photon is not detected, thereby

limiting the accuracy of energy detection.
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Dead Time

There are two dead time behaviours which are exhibited by radiation detectors.
The first being a non-paralyzable model. In the case of the non paralyzable
model, a fixed dead time exists in which events occurring during the dead time
go undetected and ignored. Due to the detector dead time, we may observe
a smaller number of counts than is actually incident on the detector. For the
non-paralyzable case, with measured counting rate, m, the true interaction
rate, n is given by eqn. 5.4 with 7 equal to the system dead time (Knoll,

2000).

m

(5.4)

n =
1—mr

The second model is the paralyzable model. This dead time in this
model is dependent on the counting rate. If a second event arrives during the
dead time of the initial event, it acts as a new detected event and extends the
dead time by 7. In this case, the dead time varies depending on how close or
far apart events are detected. It is important to note that with the paralyzable
model, the measured counting rate, m may correspond with two potential true
counting rates. This is because as the count rate increases to very high levels,
the detector experiences a longer dead time which may result in a count rate

equivalent to that at lower count rates.
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The timing diagrams depicting these dead time behaviours are shown

in the fig. 5.12 below:

Voltage
Signal
=> Time
Dead ==
Live Nonparalyzable
Dead ==+ I
Live == Paralyzable

Figure 5.12: Paralyzable and nonparalyzable dead time models

The theoretical dead time of our detector system is approximately 25 s
which should yield a maximum count rate of 1/7 = 40000 cps (counts per
second) using the non-paralyzable model. When an event is detected, the
comparator is set as the trigger for our peak detection circuit. The DET and
RST pin of the peak detect and hold chip go into peak detect mode for ~ 8 us.
They are then sent into peak hold mode for analog to digital conversion for
all 16 channels. Theoretically, the ADC conversion should take approximately
16 s because the DAQ has a maximum clock rate of 1 MHz. However, this
time may be a little bit longer because the DAQ itself requires time to respond
to the trigger signal. The DET and RST pins are programmed such that the
peak detect and hold mode consumes 25 us of the pulse processing time during
which time no other events can be detected.

We compared the measured counting rate as a function of the relative

true counting rate at a bias voltage of 31.5V to determine the detector dead
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time which is seen in fig. 5.13. NEMA NUI1 suggests the use of copper plates
to adjust the count rate (NEMA Standards Publication, 2001). However, we
simply moved the source with various distances from the detector to achieve

different count rates. The measured dead time of the detector is 26 us.
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Figure 5.13: Variation of the observed count rate versus the true interaction rate
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Figure 5.14: Timing diagram of comparator output

Our gamma camera system behaves like a paralyzable system because
while the comparator is held high, pulse pile up may occur. Additional events
may be triggered causing the comparator to remain high for an extended period

110



M.Sc. Thesis (A. T. Tao) McMaster University (Medical Physics)

of time. The length of the comparator output varies depending on the number
of photons incident within any period of time. This is shown in the timing
diagram in fig. 5.14. Since the peak detect mode occurs within the first 8 us
of detection, the pulse pile events are not actually detected. However, because
we get pulse pile up occurring during the trigger signal, our detector dead
time is actually limited by this pulse pile up. Following the analog to digital
conversion, data is stored in batches and then sent to the computer for further
signal processing. This portion of the signal processing diminishes the ability
to achieve higher count rates resulting in a dead time of 26 us. If the digital
signals were not transferred to the computer, the maximum count rate extends
to ~ 17000 cps resulting in a dead time of ~ 21 us. In addition, as the bias
voltage increases, the limiting measured count rate increases. However, this
may not actually represent the true count rate, rather there is an increase in
thermally generated counts and dark counts.

The cause for pulse pile up occurs at the comparator level and is a
result of insufficient pulse shaping in the pulse processing electronics. This
accounts for the discrepancy between the theoretical and the actual gamma
camera dead time. The peak detect and hold circuit/DAQ requires 25 ps to
detect and digitize the signal. While the rise time of the pulse is fast (on
the order of ns), the signal takes approximately 25 us to decay. During the
decay portion of the signal, if another event is detected, the signal "piles up’
on the previous pulse resulting in the comparator to remain high. This is

shown in fig. 5.14. The length of the comparator pulse limits the count rate
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because a new event cannot be detected until the comparator is reset. If a
pulse shaper was implemented, the signal would be shaped into a Gaussian
pulse truncating the long tail allowing another event to be detected. The
comparator would then be able to distinguish between the two events and
the pulse height analyzers or peak detection circuits can accurately quantify
the maximum signal. A pulse shaping component will be one of the future
improvements to our gamma camera. So while, our gamma camera produced
a dead time on the order of what we expected. We limit our true counting
rate to 1/7 due to the paralyzable nature of our detector

Another factor to consider is the uniformity of the detector. From the
previous section, we quantified the integral uniformity of our gamma camera
with a uniformity correction map. This correction map assigns a scaling factor
to each crystal. The measured count rate (¢pSmeasurea) can be corrected to the
true count rate (cpSywe) by multiplying the measured count rate by scaling

factors () for each crystal as shown in eq. 5.6.

N
CPStrue = CPSmeasured Z % (56)
i=1:N

We calculated a 2.8 correction factor resulting in an expected true count
rate of &~ 48000 cps. Since our gamma camera has a theoretical dead time of
25us, even if we were able to detect the true count rate, we would still not
be able to detect all counts as the limiting count rate is 40000cps. With that
said, the paralyzable response of our system limits the maximum true count

rates (1/7) we can detect which in turn limits the measured count rate (1/er).
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System Sensitivity

The relative detector sensitivity was measured in conjunction with determining
the detector dead time. The absolute detection efficiency is given by the
eqn. 5.7. However this is not necessarily the optimal way of reporting the
efficiency since it does not account for the solid angle in which photons emitted
from the source are actually incident on the detector. As well, it also doesn’t
account for the dead space regions on the detector. Another parameter used
to describe the efficiency is the intrinsic efficiency (eqn. 5.8) which takes into
account the distance from the source to detector distance, dead space, energy

and detector material (Knoll, 2000).

number of counts recorded

€abs =

5.7
number of radiation events emitted by the source (5:7)

number of counts recorded

(5.8)

€int = . .
number of radiation events incident on the detector

Bear in mind that the overall sensitivity of the system may decrease
with the addition of a collimator. The sensitivity of the detector itself is re-
lated to our dead time measurement. The system sensitivity is limited due to
the current increase in dead time. Further work will include quantifying the
gamma camera sensitivity. Typically, quality measurements for gamma camera
sensitivity is dependent on a few factors such as collimator type, gamma ray
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energy, and source position/configuration etc. Without actual measurements
we can conclude the system sensitivity of our gamma camera without the col-
limator and other factors need to be improved such that reasonable sensitivity
measurements can be achieved when all other factors are considered (NEMA
Standards Publication, 2001). The detector sensitivity is usually reported in
(cps)/MBq. Typical sensitivity contributions of collimators can range from

(0.28 — 0.58) x 106 cps/M Bq (Halama, 1987).
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Six

Conclusion

In this thesis, we have investigated a novel gamma camera based on silicon
photomultipliers in place of traditional photomultiplier tubes.

Simulation exercises were used to evaluate various scintillator geome-
tries in order to optimize image resolution and energy resolutions. Based on
these results, we have designed and built a prototype detector using a 4 x 4
array of SiPMs.

Silicon photomultipliers have been shown to potentially become a new
standard in gamma cameras. They perform well in magnetic fields and the
magnetic field has no effect on the accompanying electronics. The measured
energy resolution of a Co-57 source was 35 + 3% in the absence of a mag-
netic and 33 + 3% within the presence of a 130mT magnet. The gamma
camera will be tested in larger magnetic fields, on the order of MRI magnetic
field strengths. Higher bias voltage results in energy resolution degradation.

However, while the intrinsic spatial resolution is limited, the measured spatial
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resolution before corrections improves with increasing bias voltage. This aids
in improving crystal identification through image segmentation. We were able
to obtain an energy resolution of ~ 28 — 30 % with Tc-99m, and ~ 11 — 13 %
with Na-22.

The image was reconstructed using the centroid method to position the
detected events. Currently all SiPM signals are being read out for positioning.
It is known positioning through Anger logic results in an edge compressed im-
age distortion. The current imaging system consists of a 16 channel readout
and if the imaging system is to be expanded to a larger area detector, it may
become cumbersome to process data from all contributing SiPMs. To minimize
the number of readout channels, Chaudhari et al proposed a positioning algo-
rithm called the Adaptive method which incorporates Anger logic and Zhang’s
method to produce a relatively non-distorted image (Chaudhari et al., 2009).
This method only requires a total of four readout signals compared to poten-
tially hundreds of readout channels and could be implemented in the future
to minimize computational demand. The form factor of the SensL. SiPM al-
lows for tiling multiple SiPM arrays together, so the gamma camera can be
expanded into a larger area detector. A novel multiplexing scheme will also
be investigated which would require 32 channels versus 256 readout channels.

Further development in the gamma camera design and characterization
can be explored. Investigation into collimator material for magnetic field com-
patibility and geometry can be explored for optimal performance. As well,

the gamma camera performance can be optimized by the addition of a pulse
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shaping component which in turn would improve the detector efficiency.
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