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Abstract

To date, surgery is the most common method to treat cancer. Complete tumour
resection, however, can be challenging as it relies on the surgeon’s ability to visu-
ally discriminate healthy from diseased tissues. Additional contrast mechanisms
are needed to further guide cancer identification during surgery.

Small field of view (SFOV) gamma imaging has been widely introduced for
image-guided cancer surgery. A novel SFOV hybrid gamma camera (HGC) has
been developed, at the University of Leicester, that is capable of providing co-
aligned images from optical and gamma modalities simultaneously. The HGC
has the potential to enhance tumour localisation intraoperatively.

In this thesis, a dedicated near infrared fluorescence imaging (NIRFI) systems
have been characterised for combination with the HGC. The performance of two
NIRF imaging systems using phantom studies, various fluorophores and differ-
ent experimental configurations was evaluated. Bespoke lymph node phantoms
simulating metastases and tissue-like layers were constructed to evaluate the
detection capability. The threshold detectable concentration of both dyes were
investigated for both systems. The maximum depth at which NIRF targets
could be distinguished was determined for both systems.

Silicon photomultiplier (SiPM) is a novel photon sensing device, with potential
applications in medical gamma imaging. This thesis also characterised different
parameters of the SiPM under different operating conditions. Better knowledge
of the SiPM technology was obtained to exploit its advantages in an introperative
SFOV gamma imaging system.

This work also reported the performance of gamma detectors comprising SiPM
detector optically coupled to a monolithic GAGG:Ce and a columnar CsI:TI
scintillators. A thin layer of both scintillators was investigated in order to de-
termine their performance features such as linearity, intrinsic energy resolution
and detection efficiency when combined to a SiPM.
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Chapter 1

Introduction

1.1 Background and motivation

Cancer, as an intricate genetic fatal disease and a leading cause of death, contin-
ues to thwart patients, physicians, and researchers despite the significant techno-
logical advancements and various scientific breakthroughs in understanding its
biological underpinnings. Given this dilemma, the complexity of cancer treat-
ment manifests at every different stage, including reliable early detection, precise
distinction, accurate determination of tumour margins during intra-surgical pro-
cedures, tracking of tumour metastasis and prediction of recurrence [1, 2].

On average, there was more than 1000 new patients diagnosed with cancer every
day between 2015 and 2017 in the United Kingdom [3]. The total number of
new cases is predicted to increase by 55% in men and 35% in women by 2030. In
breast cancer cases, incomplete tumour removal was reported at rates between
20 and 25% with an alarming recurrence rate of 27% [4]. However, the mortality
rate has decreased in the last decade, despite the increased new cases, due to
enormous developments in diagnostic and therapeutic procedures [1, 3].

Various clinical procedures have been used to combat cancer such as surgery,
chemotherapy, radiotherapy and immunotherapy. Surgery is considered as the
principal and most effective approach for a complete cancer removal [5]. This
practice predominantly relies on surgeons’ visual inspection and palpation to
detect and resect tumour while keeping normal tissue untouched. However, this
practice may lead to a possible failure in achieving negative margins and then ne-
cessitate a repeat surgery [6, 7, 8]. Incomplete resection is commonly associated
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with significantly higher cancer recurrence rates and poorer survival. Precise
tumour distinction from normal tissue is based on changes in the appearance
(colour) and morphology (shape) of tissues. However, at very small tumour size
in early stages, contrast could be lower to a cellular or sub-cellular level making
tumour identification significantly challenging [9].

There are only six major imagining modalities that are commonly available for
cancer identification, namely: X-rays (plain and computed tomography (CT)),
ultrasound (US), magnetic resonance imaging (MRI), single-photon emission
computed tomography (SPECT), positron emission tomography (PET), and
optical imaging. These medical imaging technologies have played a key step
towards addressing the challenges across the various types of cancer manage-
ment [4]. However, it is still a challenging task to translate these modalities
to the surgical phase due to, in general, changed body setup, internal organs
manipulations, large device sizes, cost, increase operation time and interruption
of surgical workflow [4, 10].

Non-imaging gamma probes technologies provided an integral solution to local-
ise tumour site in surgical beds [11, 12]. This technique has a small size, is easy
to operate, widely available and routinely used to detect radioactive accumu-
lation. Gamma probes provide information as a sound output, thus, they are
unable to determine radioactive distribution precisely [13, 14]. Alternatively,
interaoperative SFOV gamma camera can enhance cancer treatment by provid-
ing higher degree of accuracy for tumour delineation in comparison to gamma
probes [12, 15]. More details about these modalities are given in Chapter 3.

However, current intraoperative gamma imaging experiences inadequate spatial
resolution; this prevents clinicians from accurately discriminating between ma-
lignancies and adjacent healthy tissues [16]. Another source that may affect
the ability of detecting a target by a gamma device is the background radiation
from surrounding tissues [16, 17]. Moreover, acquisition time requires several
minutes to gain good statistics of photon counts in order to construct a proper
image [17, 18, 19]. Radio-tracers are not always available to all hospitals and
normally requires special preparation. It is also known that a human’s cell
normally has an average diameter of 10 µm and a tumour requires about 106

cells to proliferate uncontrollably by the so called angiogenic switch process [9].
Accordingly, imaging such a cohort of cells number could be challenging for con-
ventional SFOV gamma camera [20]. This can be overcome utilising an imaging
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tool that has better sensitivity and spatial resolution to detect such a tumour
with a micro-scaled structure.

The application of optical imaging modalities in medicine have captivated the
attention of many clinicians and researchers due to the feasibility of visualising
anatomical and molecular structures intra-surgically, compactness and low cost
[21, 22, 23]. These modalities include ultraviolet (UV), visible, NIRF and in-
frared (IR) light. Despite its limitations in terms of tissue penetration depth,
optical imaging can offer significant advantages for early cancer detection be-
cause of the superior molecular sensitivity and spatial resolution [17, 18, 21].
Optical imaging (visible) has been used for a long time in combination with
gamma probe and SFOV gamma camera for various types of cancer surgery
[17, 24]. In such a multimodality system, the penetration ability of gamma al-
lows better detection of lesion at high depth while the high spatial resolution of
optical imaging facilitates a complete tumour resection.

In this regard, a novel multimodality handheld gamma camera called the HGC
has been already designed to simultaneously visualise gamma and visible images
for surgical procedures [25]. The HGC has been developed by the BioImaging
Unit at the Space Research Centre (SRC) – University of Leicester in collabor-
ation with the University of Nottingham. This camera consists of a columnar
CsI:TI attached to an electron multiplication charge coupled device (EMCCD).
A knife edge pinhole collimator is used while an optical camera is placed in front
of the camera head. The HGC camera is capable of obtaining real-time fused
images of gamma and optical (visible light) modalities with small, compact,
good resolution and cost effectiveness.

In comparison to the visible-range light imaging techniques, NIRF imaging
(wavelength range 700-1000 nm), an area that this thesis concern with, offers
deeper tissue penetration capabilities (1-2 cm) and less autofluorescence from
adjacent tissues, providing better signal-to-noise background ratio [17, 18, 22].
Different studies have shown that the concurrent use of NIRF-radioactive tracers
enhances sentinel lymph node (SLN) detection rate in comparison to the stand-
ard techniques using gamma emitters with visible blue dye [16, 17, 18]. For this
reason, there was an interest to improve the HGC efficiency of SLN detection
by changing the optical imaging system from the visible to the NIRF range.
Therefore, the high penetration ability of gamma can be combined with the
high spatial resolution of NIRF technique for successful cancer eradication.
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Recently, SiPM has emerged as a compelling technology in various devices such
as gamma cameras, SPECT, PET, X-ray scanners, calorimetry and radiation
monitoring [26, 27, 28]. This is due to the several advantages of SiPM that
outweigh those of APD and PMTs such as high internal gain (at the level of 106),
lower operating voltages, lower power consumption, insensitivity to magnetic
fields, robust and small design.

Different studies have investigated SiPM-based scanners in medical use, showing
their potential advantages. For example, a study was conducted by Queiroz et
al. to optimise radiation dose of patients [29]. This was done by comparing
PMTs-based fluorodeoxyglucose (FDG)-time of flight (TOF)-PET/CT to SiPM-
based TOF-PET/MRI. Their findings assumed that SiPM-based PET provided
images with good to excellent quality, even when reducing the dose of injected
FDG by more than 50%. Another study by Zeimpekis et al. evaluated SiPM-
based technology TOF-PET/MRI compared to conventional TOF-PET/CT as
a function of acquisition time [30]. This clinical evaluation showed an improved
image quality and sharpness with lower noise levels when using SiPM-based
PET/MRI instead of PET/CT images. Several other studies have shown that
the use of SiPM demonstrated decreased radiation dose, reduced acquisition
time and good image quality for PET scanner [31, 32, 33].

For SPECT modality, Carminati et al. characterised a prototype SiPM-based
MRI-compatible SPECT for human brain imaging using CsI:TI scintillator and
arrays of SiPM [34]. Trigilio et al. experimentally evaluated a SiPM-based
scintillation detector for MRI-SPECT systems for clinical imaging [35]. A study
by Brown investigated several monolithic scintillator crystals coupled to SiPM
for SPECT applications [36].

In the intraoperative imaging context, Popovic et al. developed a round hand-
held gamma camera using cerium-doped lanthanum bromide (LaBr3:Ce) plate
coupled to SiPM array [37]. Goertzen et al. constructed a miniature gamma
camera for SLN biopsy utilising CsI:TI crystal and SiPM [38]. Further study
by Bizzozero et al. evaluated pixelated scintillation arrays of GAGG:Ce, LYSO
and CsI:TI attached to SiPM [39]. Based on their findings, a compact gamma
camera was designed combining GAGG:Ce to SiPM due to the better achieved
energy resolution of GAGG compared to LYSO and CsI:TI crystals. These stud-
ies provided an insight into the useful advantages of new SiPM-based imaging
systems, such as reduced scanning time, radiation dose reduction and enhanced
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image quality. Thus, earlier tumour detection with more accurate surgical delin-
eation could be achieved with such systems, leading ultimately to better cancer
patient care and improved clinical management.

1.2 Aim of thesis

The primary aim of this thesis is to provide solutions to enhance surgical cancer
detection through exploiting gamma and NIRFI techniques. This work evaluates
different NIRFI cameras using various bespoke phantoms, fluorescent dyes and
different experimental configurations. The eventual aim of this assessment is
to combine the NIRFI technique with the HGC imaging system. In addition,
this thesis seeks to demonstrate the usefulness of SiPM technology for nuclear
medicine imaging, in particular for intraoperative imaging. To achieve this,
SiPM performance was evaluated with temperature and overvoltage variations.
Following this, SiPM technology was combined to scintillator layers, a columnar
CsI:TI and a monolithic GAGG, to investigate its use for intraoperative gamma
imaging. The ultimate aim is to design an intraoperative gamma-NIRF imaging
system with high cancer detection capability.

1.3 Outline of thesis

The research work presented in this thesis is described over 7 Chapters. The
first Chapter presents a general introduction to the main concepts that underpin
intra-surgical imaging and describing the motivation of this thesis. The second
Chapter explains briefly the principle of γ−rays measurement describing the
physics of scintillators and photodetectors. In the third Chapter, the existing
imaging modalities were summarised and compared with a particular focus on
different gamma and optical imaging methods for intraoperative applications.
Chapter 4 describes the method that was developed to evaluate NIRF imaging
cameras to be combined with the HGC for dual gamma-NIRF imaging concept.
Chapter 5 focuses on SiPM to study different parameters under different experi-
mental conditions. In Chapter 6, scintillators SiPM-based detectors were tested
including thin layers of CsI:TI and GAGG:Ce to investigate their feasibility for
intraopertive imaging. Chapter 7 presents the overall conclusions, and draws a
map of possible future work that can be conducted utilising this knowledge to
guide the design of instrumentation.
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1.4 Personal contribution to this research

The HGC imaging system was developed by the research group before commen-
cing my PhD studies. The research group has evaluated the HGC capability for
clinical application using various theoretical, experimental and clinical configur-
ations with different designs. The initial notion of radio-NIRF combined system
was suggested and tested before joining the BioImaging unit. I fully designed
the characterisation experimental method, constructed the medical phantoms,
collected data and analysed the results described in Chapter 4. The evaluation
setup in Chapter 5 was designed by Mr Angaraj Duara in order to characterise
the electrical properties of the SiPM. The python script for converting the trace
file to text format was developed by Dr Steve Leach. I carried out data collec-
tion and analysis procedures. In Chapter 6, I fully planned and conducted the
experiment, and analysed the produced data.
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Chapter 2

Principles of radiation
measurements

2.1 Introduction

Detection of ionising radiation plays a vital role in many branches of science and
technology [40]. Detectors could be simply used to detect the presence of ion-
ising radiation, but they often are designed to further give precise information
about the type and energy of the detected radiation. The following sections will
briefly describe various detectors based on scintillation principles in conjunc-
tion with the most common photosensor, the photomultiplier tubes (PMTs).
Other devices that are made of silicon materials, including the charge coupled
device (CCD), complementary metal oxide semiconductor (CMOS), PN, PIN,
avalanche photodiodes (APD) and silicon photomultiplier (SiPM), will also be
briefly discussed.

2.2 Scintillation detectors

The detection of ionising radiation by scintillators is based on the conversion of
the kinetic energy of ionising radiation to visible light. Scintillating materials
can be solids, liquids or gases. Therefore, when a γ-ray enters a scintillation
detector, all or part of the photon energy will be transferred to an electron by
an ionisation or excitation process [40, 41]. In the excitation process, electrons
are raised to excited states which subsequently decay by emitting photons in the
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visible light range. This prompt emission of visible light from a substance by
means of excitation is called fluorescence. This visible light can be detected by
sensitive photodetectors to convert it to a signal that will be suitable for data
analysis. Scintillating materials can, in the main, be categorised in two ways:
as either organic or inorganic materials.

2.2.1 Organic scintillators

Organic-based liquids and plastics scintillators are typically faster in their re-
sponse times but have lower light yields compared to inorganics [42]. The fluor-
escence process in organic scintillators originates from raising electrons to higher
electronic states and, in addition, exciting the vibrational states in the molecule
of interest. The energy required to excite the molecular vibrational states is in
the region of 0.1 eV, while it is greater than 1 eV to excite an electron [41]. Or-
ganic scintillators have different applications and are often used for detecting β,
α and neutrons particles [42]. This type offers the most economical means when
large area (> 1 m2) is required in applications such as high energy radiation
detection and cosmic ray physics. Examples of common organic scintillators are
anthracene, stilbene and naphthalene [40].

Figure 2.1 illustrates the various energy levels resulting from the absorption of
incoming photons and subsequent emission of light for organic scintillators [40].
It shows a number of singlet states (electronic spin 0) that are labelled S0, S1, S2

and S3 with increasing energy alongside triplet electronic levels (spin 1) that are,
in the same manner, denoted by T1, T2 and T3. Each electronic configuration
is further subdivided into a number of vibrational energy levels with smaller
spacings. Electrons excited by incoming photons undergo electronic transitions
to different higher states. Prompt fluorescence results when an electron de-
excites and is transferred from, for instance, the singlet state S1 to the ground
state, S0. Another decay phenomenon which takes place with different transition
process is that of intersystem crossing. In this case, excited singlet states may de-
excite to a triplet states but with a longer lifetime. Whilst intersystem crossing
itself is radiationless, the light subsequently emitted from the triplet state is
known as phosphorescence.
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Figure 2.1: Excitation of an organic molecule by an incoming photon showing
electronic excitation states. Absorption of photons excites electrons from S0 to
S1 and higher singlets. Fluorescent light is emitted when electron transitions oc-
cur between S1 and any vibrational level in the ground state. Phosphorescence
may appear at longer time delays when conversion via intersystem crossing oc-
curs between singlet and triplet states [40].

2.2.2 Inorganic scintillators

In comparison to organic materials, inorganic scintillators have a higher dens-
ity that provides a higher stopping power for γ-rays, better energy resolution,
higher light output, shorter decay times, and excellent linearity with incident
photons [43, 44]. These characteristics have seen the introduction of inorganic
scintillators as the most commonly used type in γ-ray detection and nuclear
medicine applications. However, the main drawbacks of inorganic crystals are
the difficulties in obtaining specific shapes and some types are hygroscopic [44].

Unlike organic scintillators, the scintillation mechanism in inorganic crystal oc-
curs in the electronic band structure [41]. In pure inorganic scintillators (alkali
halides), incident radiation elevates electrons from the valence band to the con-
duction band. Then, excited electrons returns instantly to the valance band,
emitting fluorescence photons. However, photons emitted in pure crystals such
as NaI are not in the visible light range, and may be absorbed by the crystal
itself or by the glass window of the photodetector [40, 45]. For this reason, heavy
metal activators are used to alter the wavelength of produced light. Therefore,
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Figure 2.2: Scintillation process in inorganic crystal showing the electronic band
structure with the presence of the activator. Incident radiation excites electrons,
some of which migrate to the activator sites leaving behind vacancies in the
valance band. De-excitation of electrons to the valance band causes fluorescence
emission [41].

doping with thallium shifts the wavelength from 333 nm in pure NaI to 410 nm
for NaI [TI], which improves the detection response for traditional photodetect-
ors [41]. Figure 2.2 shows a schematic diagram of the fluorescence process in an
inorganic scintillator.

There are different scintillators that were developed during 1950s which are well
known today, such as NaI (Tl), CsI (TI) and Eu-doped Ca F2 [44]. Currently,
the majority of scintigraphy cameras in medical applications, such as SPECT
scanners, use NaI [Tl] and CsI [Tl] crystals as their performance is perfectly
adequate for the needs of SPECT imaging [45, 46]. After the 1980s, different
man-made materials were developed such as Bi4Ge3O12 (BGO). In comparison
with NaI, CsI and CaF2, BGO has very high effective atomic number, providing
high photoelectric conversion efficiency. Therefore, BGO was the scintillator
candidate in the early types of PET devices. Further development was achieved
through the approach of Cerium-doping in insulating host materials, such as Ce-
doped Lu2SiO (LSO) and its Y admixture (LYSO) [44]. These new scintillators
have shown better sensitivity and spatial resolution with faster decay times than
BGO. For this reason, the newest generation of PET scanners are equipped with
Ce-doped LYSO instead of BGO [46].

During the last two decades, an enormous amount of research has been con-
ducted to develop scintillators with even greater efficiencies and faster detection
capabilities. Ce-doped Gd2O2S exhibits very high scintillation intensity and has
been utilised in CT scanners with a decay time of only several microseconds
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[47, 48]. Moreover, GOS has a scintillation emission that is well-matched with
the spectral sensitivity of Si-based photodetectors. Another example is Ce-doped
Gd3(Al,Ga)O12 (GAGG), which is a newly developed crystal that has good stop-
ping power and ruggedness [49]. It has an emission peak at 520 nm which is
suited to silicon photomultiplier (SiPM) readout. More details of SiPM will be
given in section 2.3.6. GAGG crystal is useful in various applications in medical
imaging, such as CT, PET, and SPECT scanners [46]. Considerable attention
has recently also been given to Eu3-doped (Lu,Gd)2O3 for medical applications
[47]. This new crystal has a higher emission intensity in the red wavelengths
which also makes it suitable for coupling with silicon-based photodetector.

Table 2.1 reports examples of various inorganic scintillators used in medical
imaging. One of the main important characteristics of a scintillator material
is the stopping power at a given energy range; therefore, material with high
density is favoured. Another important requirement is the high output which
is usually needed to be > 20,000 photons/MeV in order to reduce the noise
in the image at low signal levels and improve the energy resolution. CsI [Tl],
GAGG and LaBr3 have the highest light yield compared to other scintillators
in the table. Another important property is the scintillation emission that is
required to match the spectral sensitivity of silicon photodetectors. Decay time
has also to be short to reduce the dead time and hence increasing the counting
rate capability [40].

Scintillator &
reference

Density Bandgap Light yield Emission
light

Decay
time

(g/cm3) (eV) (ph/MeV) (nm) (µs)

NaI [TI][46] 3.67 5.9 38,000 415 0.23
CsI [Tl][46] 4.51 6.4 54,000 550 1
BGO[46] 7.13 5 9000 480 0.3
LuAP [Ce][46] 8.34 NA 10,000 365 0.017
LSO [Ce][46] 7.4 6 27,000 420 0.04
LaBr3[Ce][46] 5.29 5.6 61,000 358 0.035
GOS [Ce][48] 7.34 4.3 35000 512 600
GAGG [Ce][49] 6.63 6 60,000 520 0.09-0.17

Table 2.1: The main characteristics of most common scintillators developed for
medical applications.
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2.3 Photodetectors

2.3.1 Photomultiplier tubes

The photomultiplier tubes (PMTs) are considered as the oldest photosensor still
in use for converting emitted visible light (scintillation photons) into an electrical
signal that is proportional to the incident radiation energy [40, 41]. A standard
PMTs consists of a photocathode, a dynode chain and an anode, as shown in
Figure 2.3. The photocathode is made of a metallic material that has a low work
function (such as potassium) to enhance electrons release by incident photons via
the photoelectric effect. Released electrons normally have low kinetic energies in
the range of about 1 eV [41]. These electrons are then guided under high electric
fields to be accelerated towards the dynode chain where impact ionisation occurs
to produce higher gain through electron multiplication. An electron gain of up
to 106 can be achieved using the PMTs operating principle.

The high gain associated with low noise remains the principal advantage to
PMTs, making them appropriate for reading out large areas of scintillators [40,
41]. However, PMTs have some practical limitations such as heavy weight, large
size, high operating voltage (normally from 0.5 to 3 keV), fragility and sensitivity
to magnetic fields. These problems can complicate the use of PMTs in portable
devices or in small instruments where space is more important [40, 50].

Figure 2.3: Schematic diagram representing PMT components that are normally
placed within a glass enclosure [41]. Primary electrons are accelerated in vacuum
to produced secondary electrons with a gain of up to 106.
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2.3.2 Charge-coupled devices

Silicon-based charge coupled devices (CCDs) were first introduced in 1970 as
a microcircuit device for visible light imaging. Since then, CCDs have become
widely used sensor for ionising radiation detection. Figure 2.4 shows a schematic
diagram of a simple CCDs architecture that typically has a square shape with an
area of 1-2 cm2 [40, 51, 52]. When a voltage is applied to the control electrodes,
each pixel will produce an individual potential well. Therefore, any electron
generated by the incident ionising radiation will be stored at each corresponding
pixel. Following the exposure period, a time variable voltage sequence is applied
using a pulse drive in a specific pattern to shift the charge packets to the required
direction. Subsequently, accumulated charges will be sequentially transferred to
the adjacent column or row to reach the readout part.

However, thermally generated electrons within the silicon, corresponding to leak-
age current electrons, will also accumulate in all pixels, representing a source of
noise [40, 52]. In this case, it is necessary to cool the CCDs system in order to
reduce the leakage current. Another limitation of CCDs is that it cannot re-
gister the specific arrival time of the signal as each follows a sequential transfer
of signals of rows of pixels towards the readout section.

Figure 2.4: Layout of the CCDs surface showing a number of pixels fabricated on
a control electrode and divided by channel stops. Arrows represent the direction
of charge collection towards the readout section [40].
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Figure 2.5: A simplified structure for back- and front-illuminated CCDs types.
In the front-illuminated design, light passes through the frontside gate structure
to reach the sensitive area. The back-illuminated structure allows light to reach
the sensitive area directly [52].

Thus, the CCDs exhibit a relatively slow readout process compared to detectors
that drive charges continuously to their respective readout sections. Smearing
effects from any additional hits during charge movement may also result in an
incorrect positional registration, which could represent a potential problem [53].

The CCDs are usually classified as either front- or back-illuminated designs.
These two terms indicate whether light is incident on the frontside or the back-
side of the detector, as shown in Figure 2.5. The CCDs that employ frontside
illumination are sensitive to light with wavelengths in the 400-1100 nm range
with quantum efficiencies (QE) of up to 80% in the 450-800 nm range [54].
However, they are not suitable for wavelengths under 350 nm as the QE val-
ues measured below 400 nm are typically less than 5%. This is attributed to
the atomic structure of silicon and to the light absorption by the frontside gate
structure [54]. Therefore, the back-illuminated design has been developed where
light can pass directly through a thinned substrate (thickness less than 20 µm)
onto the sensitive area. As a consequence lower absorption is achieved, leading
to better sensitivity for shorter wavelengths.

Another approach in manufacturing has allowed CCDs to be utilised for low-
light imaging applications. This approach is based on increasing the charge level
collected above the readout noise using electron multiplying (EMCCDs) tech-
nology [55]. Electron multiplication takes place before the charge reaches the
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readout amplifier in the multiplication register, where electrons are accelerated
from pixel to pixel by applying a high voltage (up to 50 V) [55]. Accelerated
electrons generate secondary electrons by an impact ionisation process. This en-
ables EMCCDs to increase the gain by a factor of 103 compared to normal CCDs,
resulting in better signal-to-noise ratio (SNR) for low-level signal applications
[52, 55].

2.3.3 Complementary metal oxide semiconductor

Complementary metal oxide semiconductor (CMOS) detectors have received
considerable attention over the last few decades. This technology has shown
a promising performance compared to CCDs technologies. Figure 2.6 demon-
strates the overall architecture of a CMOS imager which contains, in general,
a pixel array, analogue signal processor, raw and column selector, and timing
and control units [40, 56]. The dominant type of pixel circuit is the active pixel
sensor (APS) where an amplifier is incorporated into each pixel, improving its
performance.

Each pixel has its own charge to voltage converter and voltage amplifier circuits,
providing a higher-speed imaging process [56, 57]. Moreover, power consumption
is generally lower than that of CCDs as each amplifier is only activated during
the readout process. The synchronous shutter design in CMOS enables sharper
image and reduces the typically observed smearing effect in the CCDs array [40].

Figure 2.6: CMOS sensor architecture, illustrating its main components [40].
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CMOS CCD
Lower power consumption Lower noise
Lower cost Lower dark current
Single power supply Higher sensitivity
High integration capability Smaller pixel sizes
Single master clock 100% Fill factor
Random access Electronic shutter without artefacts

Table 2.2: The main advantages of CMOS and CCDs sensors [56].

Table 2.2 provides some of the main advantages of both CCDs and CMOS
light detectors. However, CMOS detectors APS-based technique, has a lower
sensitivity due to the limited fill factor, resulting in lower quantum efficiency
(QE) compared to CCDs [58, 59]. Another fundamental drawback of CMOS is
the high noise levels that affect the signal, in particular for detecting low-levels
of photons [40]. This stems from different sources such as shot noise, thermal
noise after each pixel readout, amplifier and other electronic noise.

Recently, more advanced fabrications with highly integrated processing circuits
have been used to enhance both CMOS and CCDs performance [57, 58, 59].
The main focus has been on the desired features of the overall imaging system
including low noise, low power dissipation, high dynamic range, high-speed ima-
ging, high sensitivity and low voltage operation. Nevertheless, it is a difficult
task to achieve all of these properties in one system; rather, one feature will
have a greater priority than another as dictated by the specific application.

2.3.4 PN and PIN photodiodes

Although photomultiplier tubes (PMTs) are the most commonly used type of
photodetector in medical gamma detection, advances in the development of
silicon-based semiconductor photodiodes have started to allow for the replace-
ment of PMTs [60]. This is due to the various advantages of photodiodes com-
pared to PMTs including, in general, better energy resolution, reduction in power
consumption, smaller size, lower price, lower noise, longer lifetimes, improved
ruggedness and insensitivity to magnetic fields [40, 60].

Silicon positive-negative (PN) photodiodes are formed by attaching a p-type
semiconductor (the majority of charge carriers are holes) to n-type semicon-
ductor (the majority of charge carriers are electrons) [61]. Once p-type (anode)
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Figure 2.7: A PIN photodiode with an intrinsic region in the middle. When
gamma photons passes through the depletion regions electron-hole pairs are
created. Electrons (red) diffuse to n-type region and holes (blue) diffuse to the
p-type region creating a signal [61].

and n-type (cathode) regions are connected, a depletion region is created at
the junction that is sensitive to radiation. When radiation passes through the
depletion layer, electron-hole pairs are created under the influence of the electric
field and forms a current pulse represents incident radiation.

Jun-ichi Nishizawa invented the PIN diode in 1950 [62]. This device improves
the frequency response and bandwidth of PN photodiodes. This can be achieved
by inserting a region of intrinsic silicon in between the p- and n-regions, as can
be seen in Figure 2.7 [61]. The main role of the intrinsic region is to decrease
the capacitance of the photodiode per unit of area to speed up the movement of
charge carriers between the two regions. Therefore, PIN can be used for applic-
ations where faster operation is desirable making it suitable for high-frequency
pulsed applications. These photodiodes operate at a gain of 1, i.e., no signal
amplification is used, and are thus not used for detecting lower light signal levels
[60, 61].

2.3.5 Avalanche photodiodes

In PIN photodiodes, the amount of signal produced is relatively small. This
signal can be increased above the level of the electronic noise by applying higher
bias voltage [60, 63]. Photodiodes operating using this technique are called
avalanche photodiodes (APDs). Similar to the PIN junction, the incident photon
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Figure 2.8: Gain-voltage characteristics of silicon photodiode. Ordinary pho-
todiode operate at gain equals 1. By increasing the bias voltage, the gain can
reach a magnitude of a few hundreds in the linear avalanche region. With further
increase in the bias voltage, photodiode enters the Geiger region [64].

generates an electron-hole pair which is then separated by the electric field. In
APDs, the higher applied voltages cause the charge carriers to accelerate and
thus gain sufficient kinetic energy to create further electron-hole pairs through
impact ionisation. This internal signal amplification property of APDs allows
higher signal-to-noise-ratio (SNR) and improved sensitivity compared to PIN
type [63, 64]. APDs are normally operated at a reverse bias voltage close to, but
below, the breakdown voltage (VBD). VBD is the point where Geiger discharge
starts; more details about VBD will be given in section 2.3.6.1. Figure 2.8
illustrates the three distinct regions based on gain-voltage curves showing modes
of operation for photodiodes.

Despite the overall performance improvement introduced by the APDs tech-
nique, high performance is limited to detectors with sensitive areas of about
1 cm2 [65, 66]. The avalanche process also has an effect on thermally excited
electrons in that it increases dark current signal. Its gain is still limited to a
factor of 102-103, compared to 105-107 for PMTs with a poorer timing resolution
[66]. Moreover, APDs need to be connected to a well-regulated high voltage
supply (up to 350 V) as the gain factor is quite sensitive to the applied voltage
and thermal variations. These challenges have limited the overall performance
characteristics of APDs to replacing PMTs-based design systems in medical ap-
plications such as in PET scanners [66].
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Figure 2.9: A cross-section of GAPDs design in (a). The avalanche region is
shown in light green. The electric field distribution is depicted in (b), reaching
the maximum value at the n+ and p+ junction [67].

With further increase of the bias voltage above the breakdown voltage, as de-
noted previously in Figure 2.8, the photodiode enters Geiger mode (GAPDs),
where a substantial higher electric field ( 5 × 105 V/cm) is generated that en-
hances intensity of each avalanche [67]. At large values of the electric field, an
exponentially growing number of avalanches can be created, hence the gain does
not follow a linear relationship with changes in reverse voltage. Therefore, all
pulses generated from GAPDs are of the same amplitude, regardless of the num-
ber of photon-induced events. This large output pulse allows GAPDs to be used
for detecting even single optical photons, and is also called the single photon
avalanche diode (SPADs) [66, 67]. Figure 2.9 illustrates the typical structure of
GAPDs and the accompanying electrical field as a function of depth.

In GAPDs mode, the impact ionisation is faster than the signal extraction caus-
ing avalanche to be a self-sustaining process. Thus, a current will continually
flow through the GAPDs unless quenched [63, 67]. This freely flowing current
prevents the production of discrete output pulses of the new photons arriving
at the detector. This problem can be solved by connecting a metal quench-
ing resistor (Rq) to allow further signal output from incident photons. As the
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avalanche is triggered there will be an increase in the current that results in a
voltage drop across the resistor, where the resistance is typically in the range
of 1 MΩ [67]. Impact ionisation decreases when the reverse bias falls below the
breakdown voltage, resulting in an avalanche drop and consequently a current
drop. This returns GAPDs to the initial state in a cyclic process with typical
rise and recovery times of 1 ns and 100 ns, respectively [63, 67]. The entire
cycle will then be repeated, producing a continuous output of multiple pulses as
illustrated in Figure 2.10.

However, the main disadvantage of a single GAPDs is the independence of the
output pulse amplitudes on the number of photons that are interacting within
the detector [65, 66]. This has limited the utilisation of GAPDs to applications
where there is a need to discriminate between incident photon energies. To
overcome the lack of proportionality, a two dimensional (2D) array consists of a
large number of GAPDs components can be used to image very low light levels.
This new form of photodetector is referred to as the silicon photomultiplier
(SiPM).

Figure 2.10: Illustration of the steps in the passive quenching process and their
dependence on the applied voltage. Once the photon has been absorbed, the
GAPDs discharges, resulting in a high current followed by the quenching that
causes a drop in voltage and current. After the quenching process, the cell
recharges and returns to its idle-state. The equivalent circuit diagram for a
reverse biased GAPDs is depicted in the upper insert [67].
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2.3.6 Silicon photomultiplier

SiPM is a novel photon counting semiconductor detector that consists of an array
of microscopic APDs operating in Geiger mode to provide a higher gain, usually
referred to as microcells [68, 69]. A typical individual microcell is made of a p-n
junction that has dimensions in the range of 10 to 100 µm. A depletion layer
with a thickness of about 0.8 μm is created between the p+ and n+ layers. Due
to the micro-thickness of the depletion layer, only tens of volts are required to
achieve a high electric field [67]. Then, cells are combined on a silicon substrate
while the output signal is collected through the metal conductor. As a result,
the advantages of SiPM and GAPDs can thus be combined in a single system,
namely those of signal proportionality to number of incident light quanta and
the ability to detect single photons. Figure 2.11 shows the equivalent circuit for
the SiPM detector and the typical SiPM design.

It is necessary to understand the typical characteristics and behaviour of SiPM
and how these relate to the operating principles. These parameters include
the breakdown voltage, overvoltage, gain, photon detection efficiency, dynamic
range, linearity, optical crosstalk, afterpulses and dark current rate. All of these
terms will be explained briefly in the following sections.

Figure 2.11: The equivalent circuit for SiPM shows that a single pixel consists of
an APDs operating in Geiger mode and is connected to a quenching resistor. A
diagram of an array of typical SiPM design is shown with the main components
[67, 70].

2.3.6.1 Breakdown voltage and overvoltage

The breakdown voltage (VBR) is defined as the point at which SiPM creates
a Geiger discharge. It is important to determine SiPM operating point using
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the gain-bias voltage plot to derive VBR [67]. Mathematically, the breakdown
condition within the depletion region can be derived from the basic integral
of the ionisation rate. When the avalanche process is triggered by holes, the
breakdown condition is given by the ionisation integral [60]:

∫ WD

0
αpexp

[
−
∫ x

0
(αp − αn) dx′

]
dx = 1 (2.1)

where WD is the depth of the depletion region in which electron-hole pairs are
created by the impact ionisation process, αn and αp are the electron and hole
ionisation rates, respectively. In the case of initiating the avalanche process via
electrons rather than holes, the ionisation integral is expressed by [60]:

∫ WD

0
αnexp

[
−
∫ WDm

x
(αn − αp) dx

′
]
dx = 1 (2.2)

The breakdown conditions enable ionisation rates to be determined with electric
field dependence, the breakdown voltage, the width of the depletion region and
the maximum applied electric field. In the depletion region, the electric field
and the potential can be calculated from the Poisson equation. The boundaries
of the depletion region in equations 2.1 or 2.2 can be determined numerically via
iterative methods and therefore the breakdown voltage can be obtained using
[60]:

VBD = εsξ
2
m

2qN (2.3)

where εs is the dielectric constant of the semiconductor, ξm is the maximum elec-
tric field across the junction, q is the charge and N is the impurity concentration
of the lightly doped side.

Typically, a SiPM is required to operate at few volts above the breakdown
voltage, referred to as the overvoltage (∆V ). The overvoltage is defined as the
difference between the applied reverse bias voltage and the breakdown voltage,
as in the following equation [60]:

∆V = Vbias − VBD (2.4)
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Overvoltage is associated with current growth when an electron-hole pair initi-
ates an avalanche. The electron-hole population, with the accompanying pho-
tocurrent, increases exponentially with time and, hence, the greater the over-
voltage, the faster the growth [69, 71]. However, current only increases to a value
that is limited by the circuit’s resistance. Overvoltages are usually between 1
and 5 V and are commonly recommended by the manufacturer.

2.3.6.2 Gain

The gain of SiPM detector can be described as the amount of charge created by
each photon detected. Gain is dependent on overvoltage and can consequently
be changed by varying the bias voltage which relates to the breakdown voltage.
The breakdown voltage also changes according to temperature, which can result
in a gain variation of 0.5% per 1 K for a given bias voltage [69]. Microcell size
also has an effect on the gain as each microcell produces a highly uniform amount
of charge each time an avalanche is created [69, 71]. Therefore, the gain of a
microcell is described by the ratio of the charges generated from each activated
microcell to the charge of an electron. The gain can be calculated using equation
2.5 [69]:

G = C.∆V
q

(2.5)

where C is the microcell capacitance, ∆V is the overvoltage and q represents
the electron charge. Typically, the gain of SiPM is in the order of 106.

2.3.6.3 Photon detection efficiency

Photon detection efficiency (PDE) is a measure of the probability of an incid-
ent photon to trigger an avalanche on SiPM. There are different factors that
are taken into account to calculate PDE such as avalanche initiation probab-
ility (Pav), fill factor (FF), the applied overvoltage and the incident photon
wavelength [60, 71].

The probability that charge carriers will trigger avalanche depends on the ap-
plied bias voltage; the higher the bias voltage the higher the average energy of
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the charge carriers and consequently the higher the chance to cause impact ion-
isation. The fill factor has a significant role in PDE measurements as the active
sensitive area occupies only a fraction of the surface of the SiPM and photo-
electrons will be lost in the dead areas between cells [68]. Improvement of the
fill factor can be attained by tightly packing microcells using shorter resistors,
or by producing microcells with larger sizes. Nonetheless, a trade-off exists as
increasing the microcell size leads to a lower microcell number, and hence lower
dynamic range, and increases non-linearity with the number of detected photons
[68].

Another factor influencing PDE is the incident photon wavelength as photons
with short wavelengths do not penetrate deeply into SiPM and consequently
there is a lower chance to create an electron-hole pair within the depletion region
[71, 72, 73]. When wavelength increases in the range between 400 to 600 nm,
photons penetrate more deeply creating a greater fraction of electron-hole pairs
in the depletion region. Therefore, generated electrons need to pass through
the high electric field region which increases the impact ionisation probability
leading to a higher PDE [72].

By combining the terms mentioned above, given the avalanche probability Pav,
the quantum efficiency QE and the fill factor FF, the PDE can be expressed as
[61]:

PDE = PAv ×QE × FF (2.6)

2.3.6.4 Dynamic range and linearity

For a given SiPM, their associated dynamic range can be described as the ratio
between the highest and the lowest input signals [66, 67]. The dynamic range
depends on the total number of microcells, the pixel recovery time, the applied
overvoltage and the incident photon wavelength [67, 68]. Therefore, a larger
number of microcells with a small pixel size result in a larger dynamic range
and shorter recovery time than sensors with larger pixel sizes.

The linearity of SiPM is represented by the proportionality between the sensor
response and the number of incident photons. Theoretically, the ideal pho-
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todetector has a linear response within the constraints of SNR >1 and up to
saturation [69].

2.3.6.5 Dark count rate

One of the main sources of noise in SiPM is the dark count rate (DCR) that
results from thermal electrons within the active volume [69]. DCR depends
primarily on the active area, overvoltage and temperature.

Charge carriers generated by thermal agitation are the major contributors to the
DCR [68, 71, 72]. But at lower temperatures, tunnelling effects become the main
source of DCR noise. This stems from the fact that electrons may tunnel through
the band gap and move from the valence to the conduction band [73]. This effect
increases as the applied electric field increases. Therefore, the DCR in both cases
represents an unwanted source of noise that is essentially indistinguishable from
any impinging photons. This noise source is a limiting factor for detecting low-
intensity photons and the timing properties of the detector.

2.3.6.6 Optical crosstalk probability

During the avalanche process, it is possible for a secondary photon to emit and
travel to a neighbouring SiPM pixel and trigger an undesirable new avalanche
in a process which is referred to as optical crosstalk [74, 75]. Penetration into
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Figure 2.12: Following the primary avalanche caused by the incoming photon,
the two possible ways in which a secondary photon can trigger further avalanches
are shown [75]. The photon can propagate directly to the neighbouring pixel or
be reflected from the substrate and enter an adjacent pixel. An opaque trench
is used to minimise the effects direct propagation.

a neighbouring pixel can occur either directly or by reflection from the cell
border, as depicted in Figure 2.12. To prevent the effect of this phenomenon,
trenches can be created between pixels and filled with light-absorbing material
to stop direct photon propagation into adjacent pixels.

In general, there are two types of crosstalk: prompt and delayed [68, 74, 75].
In prompt crosstalk, the photon produced creates an electron-hole pair in the
depletion region of a neighbouring pixel, leading to a new avalanche and a sim-
ultaneous crosstalk output pulse appearing with the original pulse. By contrast,
delayed crosstalk occurs when the photon produces an electron-hole pair out-
side the depletion region. It is probable for this electron-hole pair to reach the
depletion region by diffusion, resulting in further avalanche processes. There-
fore, a delay exists between the original pulse and the noise from the crosstalk.
Crosstalk is considered as a source of noise, in particular the prompt type which
has a significant impact on low-level light detection [75].

2.3.6.7 Afterpulses

During the avalanche process, some charge carriers may be trapped in the mi-
crocell and released at a later time because of impurities in the silicon [74]. The
carriers so released can potentially initiate avalanches and create afterpulses
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with a short delay, occurring during the recovery time in the same microcell.
Afterpulses are considered another source of noise in SiPM, and the probability
of an afterpulse occurring as a function of time can be calculated according to
equation 2.7 [67]:

Pap(t) = Pt.
exp(−t/τt)

τt
.Ptr (2.7)

where Pap is the afterpulse probability, Pt is the trapping probability, which de-
pends on the density of the impurities and the carriers flux during the avalanche
process, τt is the trapping lifetime, which depends on the band gap energy level
and temperature and Ptr is the probability of triggering an avalanche, which
depends on the applied electric field strength.

2.4 Conclusion

This chapter briefly touched upon the basics of gamma radiation measurements.
Scintillators play a considerable role in gamma-ray detection. Modern develop-
ment in scintillators materials along with the current advancement in photo-
detector technologies can provide high performance medical imaging modalities
with enhanced sensitivity and spatial resolution.
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Chapter 3

Overview of medical imaging
modalities

3.1 Introduction

Medical imaging plays a critically important role in treatment of numerous dis-
eases. Different imaging techniques are used to differentiate healthy and cancer-
ous tissues in order to perform the best cancer management. This chapter will
present the most common imaging modalities in daily routines where examples
of anatomical and functional imaging will be discussed providing their strengths
and limitations. In addition to that, intraoperative imaging technologies will be
addressed followed by the important role of multimodality imaging principles in
both pre- and intraoperative procedures. The hybrid gamma camera, which is
the main focus of this thesis, will also be described showing the latest research
development. Lastly, medical phantoms that have been developed for optical
imaging studies will be discussed.

3.2 Conventional imaging techniques

Medical imaging modalities can be mainly divided into two categories; anatom-
ical and functional imaging [76, 77]. Anatomical imaging has been the primary
tools for cancer diagnosis, response assessment, and follow-up. Despite the fact

28



that anatomical imaging provides important information regarding to tumour
location, morphology, size and discrimination from adjacent tissues, these tech-
nologies do not represent details related to metabolic activity of tissues. On
the other hand, functional imaging has the power to provide insight into the
lesion biological functions and the surrounding micro-environment, but without
anatomical references [76, 77, 78].

The former group typically involves computed tomography (CT), magnetic res-
onance imaging (MRI) and ultrasound (US). Ionising radiation is employed in
CT imaging where X-ray propagates through the patient to reconstruct an image
of a chosen two dimensional (2D) slice of tissue. This technique uses differences
in X-ray attenuation coefficient, which in turn provides the physical properties
of the biological region being imaged [76, 78, 79]. Figure 3.1 illustrates the
typical design of a CT device, consisting of an X-ray source emitting a nar-
row fan of beams typically with energy levels between 20 to 150 keV. Radiation
passing through the patient from different angles is recorded by several hundred
detectors that are placed in an outer ring.

Figure 3.1: Schematic diagram of the CT imaging system. (a) X-ray passes
through the patient and then to a scintillator where it is converted into op-
tical light. Optical light is recorded by a photodiode layer and converted to an
electrical signal. The substrate layer preserves a flat structure and transfer the
signal to electronics to obtain images. (b) shows a clinical CT scanner [76].
.
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Figure 3.2: (a) Illustration of the basic components of an MRI device. RF coil
transmits and receives electromagnetic signal from the patient. The gradient
coil alters the magnetic field produced from the magnet source. (b) a clinical
MRI device [76].

In contrast, MRI does not expose patients to ionising radiation but mainly ex-
ploits electromagnetic field to image proton concentrations (i.e. water). Electro-
magnetic field is used for protons alignment and relaxation which is associated
with electromagnetic emission that can be measured [76, 78]. Compared to CT
images, MRI provides better contrast of soft tissues even in absence of a con-
trast medium. The basic components of a typical MRI machine can be divided
into three main components as depicted in Figure 3.2 (a). The first element is
the magnet which generates very intense and stable magnetic field commonly
between 0.5 and 7T [80]. The main magnetic field is then altered using the
second component; the gradient coils. The third part is the radio frequency
(RF) coil which is placed close to the body of the patient for transmitting and
receiving signals for producing an image.

Another non-ionising technique is ultrasound that uses high frequency sound
waves to propagate in the body. US method relies on recording reflected acoustic
waves. The main component responsible for generating and recording sound
wave is the transducer [81]. In clinical imaging, a transducer usually produces
mechanical vibrations between 2 MHz and 20 MHz via materials that have a
piezoelectric properties [82].
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Figure 3.3: (a) illustration of a clinical ultrasonic transducer. Once the ultra-
sound wave is generated, the reflected echoes vibrates the piezoelectric elements
and electrical potential is created across the two electrodes. The vibrating ma-
terial is fixed to a damping material from one side while flexible layer is used to
scan the body surface. (b) an image of US system in clinical use [76].

This effect is described as the ability of some materials, such as quartz, Rochelle
salt, topaz, barium titanate and lead zirconate titanate, to generate an electric
charge in response to applied mechanical stress. Figure 3.3 (a) demonstrates the
basic components of a clinical transducer consisting of a 1D array of hundreds
of small packed elements of the piezoelectric material. When a sound wave is
sent to the body, the returning echo will set into vibration the piezoelectric
elements generating an electrical potential which can be amplified and recorded
to produce an image.

The above mentioned anatomical imaging techniques play an indispensable role
in medicine for diagnosis, surgical guidance and ultimate treatment outcomes.
However, functional imaging methods have been increasingly used in early dia-
gnosis of disease due to the significantly higher detection sensitivity. Molecular
imaging offers improvements in the specificity and quantitation of personalised
treatment planning [76, 77]. This can be attained by imaging key molecular
factors in carcinogenesis in order to treat cancer. There are different functional
imaging methods that are commonly performed in nuclear medicine for cancer
investigations including gamma camera, SPECT and PET scanners.
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Figure 3.4: (a) basic gamma camera design. The first processing layer, the
collimator, restricts the direction of emitted gamma to small angular range to
project the spatial distribution of the radiotracer on the scintillator. The emitted
light from the scintillator will be directed via a light guide to an array of PMTs.
Produced signals that then can be analysed in xy positions producing a 2D
image. (b) an image illustrating a clinical gamma camera with two heads [76].

The common device that has been used in nuclear medicine is the gamma cam-
era, also called Anger camera. Figure 3.4 (a) shows a simplified sketch illus-
trating the main elements of a planar gamma camera consisting of a multi-hole
collimator, a scintillator, a light guide, an arrays of photomultiplier tubes and
positional and summing circuit. Prior to a scan, the patient is injected with a
radioactive isotope (such as 99mTc) which is subsequently distributed throughout
the body based on the tracer’s chemical characteristics and the organ physiology.
As the radioactive nuclei decays, it emits gamma radiation which consequently
is detected by the gamma camera indicating the radio-tracer distribution in
two-dimensional image [76, 78].

Since the plain gamma camera generates data in 2D form images, SPECT tech-
nique uses a planar gamma camera to reconstruct three dimensional (3D) images
by rotating detection systems around the patient either a complete 360° or par-
tial 180° rotation [76, 77]. Therefore, more heads can be used (2 or 3) which
improves the sensitivity and image quality by taking a series images from dif-
ferent projections.
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Figure 3.5: (a) schematic diagram represents imaging components of PET scan-
ner to detect two gamma photons with energy of 511 keV. (b) shows an image
of a clinical PET device [76].

Another imaging option in nuclear medicine is PET which consists of a scintil-
lator crystals coupled to photodetectors. This device detects gamma photons
produced from annihilation process (energy of 511 keV) with the unique co-
incidence in 180◦ opposed as shown in Figure 3.5 (a). Due to the nature of
the annihilation process, physical collimators can be entirely removed providing
much higher sensitivity of PET compared to SPECT system [83, 84].

There are different advantages and disadvantages features of SPECT and PET
based on differences in physical, biological and molecular considerations [83, 84].
Without delving into the details of these differences, Table 3.1 summarises some
of the main properties of SPECT and PET in the clinical use.

Modality Advantages Disadvantages
SPECT Resolution limited by technology Long scan time

Low dose Semiquantitave information
Longer observational time window Lower sensitivity
Detecting different gamma energies
3D imaging
Widespread used
Different clinical applications
Cheaper

PET Physically limited resolution Short life-time radiotracer
Higher sensitivity Expansive device
3D acquisition Higher doses
Quantitative information Not widely used

Expensive isotopes production

Table 3.1: Advantages and disadvantages of SPECT in comparison to PET
scanners [83, 84].
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Figure 3.6: SPECT and PET brain scans of 57-year-old woman. Tumour-to-
brain contrast was identified by 18F-FET PET showing a low grade glioma
(within the red circle) but not on 123I-IMT SPECT images [85].

Figure 3.6 shows also a comparison of clinical case images by 18F-FET PET
and 123I-IMT SPECT. This example illustrates that PET scan enables better
tumour-to-brain contrast of a low grade tumour (glioma) compared to SPECT
images [85].

All aforementioned medical devices are indispensable tools in preoperative can-
cer identification. Nuclear medicine techniques have long been a useful adjunct
in oncology. Preoperative images are normally registered to the patient’s ana-
tomy and shown in the context of diagnostics and surgical plans [86]. Further
registration between the patient and preoperative images is required to improve
cancer tissues positioning during surgery.

In intraoperative imaging guidance US, CT and MRI have been used to accur-
ately discern tumour margins [87, 88, 89]. Nevertheless, US is not always a viable
option and has some limitations regarding to, for example, the need of direct
contact to the surgical field that may lead to induced ultrasound artifacts [87].
Other devices including CT, MRI, SPECT and PET have several limitations
to be used intraoperatively such as cost, complex, requirement of large space,
interrupts surgical workflow and lengthens operative time [15, 88]. Therefore,
there is a need for simple, small and appropriate imaging modality that provides
real-time positioning and does not hamper surgical procedures.
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3.3 Intraoperative imaging modalities

There are different intraoperative imaging tools that provide useful cancer surgical-
guidance such as non-imaging gamma probes, SFOV gamma cameras and optical
imaging. In this section, small scaled imaging tools will be highlighted in the
context of tumour resection and SLN mapping.

3.3.1 Intraoperative gamma probes

The first use of radiation detection in surgical theatre dates back to 1949 where a
hand-held Geiger-Müller tube was used to detect beta particles in brain tumour
patients [90, 91]. Since that time, a tremendous development has been devoted
to establish the discipline of radio-guided practice within surgical procedures.
This has provided an important real-time information to surgeons resulting in
better assessment for cancer resection. In this review, the focus will be only on
the use of gamma detection technique in intraoperative procedures.

The basic principle of intraoperative gamma probes is based on the detection
of gamma rays emitted from the patient during surgery after the injection of
a specific radiopharmaceutical solution. This enables more precise detection of
hot spots and better information regarding to the location and the extent of
cancer non-invasively [12, 15, 92]. Based on the probe system, gamma photons
can be either detected directly using semiconductor materials (cadmium tellur-
ide (CdTe), cadmium zinc telluride (CdZnTe), and mercuric iodide (HgI2)), or
indirectly via scintillation crystals (thallium-activated sodium iodide (NaI[Tl]),
thallium-activated cesium iodide (CsI[Tl]), samarium-activated lutetium ortho-
oxysilicate (LSO), and bismuth germanate (BGO) [15, 91, 93, 94]. Figure 3.7 (a)
shows a simplified illustration of a gamma probe components utilized in surgical
procedures.
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Figure 3.7: (a) a simplified diagram showing the detecting system of an intra-
operative gamma probe. Gamma detection system is enclosed in a collimator
(typically lead) to reduce scattered background. (b) picture of the Neoprobe
gamma detection system [95].

There are advantageous features of using semiconductor detectors in gamma
probes compared to scintillation crystal. This includes higher energy resolution
due to the direct collection of charges produced by radiation interaction within
the semiconductor [91, 93]. Furthermore, semiconductor-based probes have bet-
ter scatter rejection, more compact design and can be designed with smaller
size. However, semiconductors exhibit lower sensitivity, in particular, at me-
dium and high energy gamma photons. On the other hand, a scintillation-type
probe has higher sensitivity because of its higher atomic number and density.
Nevertheless, due to indirect gamma detection, scintillators show poorer energy
resolution and scatter rejection. Table 3.2 shows some of the currently available
gamma probe devices in the clinical use.

36



Probe name &

reference

Detector Diameter

(mm)

Sensitivity

(cps/MBq)

Spatial reso.

FWHM

(mm)

Weight

(g)

Crystal Probe[93] CsI 15 NA 16 400

Gamma finderr[93] CsI [TI]+PMTs 14 1577 14 210

C-Trak[96] CsI [TI]+PMTs 11 1500 28 191

Europrobe3[96] CsI [TI]+SiPMs 15 1900 43 150

Node SeekerT M [96] LYSO 14 2300 21.2 133

Neoprobe[96] CdZnTe 14 2200 53 142

Navigator[96] CdTe 14 510 35 182

Surgeoguide [97] CsI [TI]+SiPMs 16 1700 75 185

TruNoder[98] NA 10 3400 14 70

GammaProbe II[99] CdZnTe 10 1063 20.5 NA

Table 3.2: A summery of the physical properties for some of the commercially
available gamma probes.

Intraoperative gamma probes have been frequently used for different clinical ap-
plications, such as breast cancer surgery [100], SLN mapping [101], radioguided
interaoperative margin evaluation (RIME), melanoma [102], sarcoma [103, 105],
lymphoma [104], brain tumour [105], bone lesions [106], gastrointestinal malig-
nancies [107], head and neck tumours [108], thoracic cancer [109], gynecologic
malignancies and urological cancer [110, 111]. These tremendous studies have
evolved and established what is now considered as an important discipline in
surgery due to the high reported detection rates.

However, some considerations should be made related to the limitation of this
method. In some cases, it is difficult to identify a small structure lesion when
it is located near to a high-activity site, close to the injection site or has an
activity below than 1% [112]. Moreover, high detection rates in reported cases
not always possible by all surgeons in all cases even with proper exposure and
training. Therefore, SVOF gamma camera has been introduced in the surgical
use to enhance cancer detection rates.

3.3.2 Small field of view gamma imaging (SFOV)

With the advent of solid state photodetectors and their widely-used applications
in nuclear medicine, smaller and more compact designs of gamma camera have
allowed SVOF devices. SFOV term means a significantly smaller device than
that of conventional large field of view (LFOV) devices in nuclear medicine.
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A LFOV camera is usually used to image a relatively large area of the body
with limited distance to the organ of interest. In some cases, a LFOV device
receives a significant background activity from other organs such as the back-
ground resulting from the myocardial intake in breast imaging [113]. This may
lead to under- or overestimation of the actual activity leading to limited spatial
resolution and sensitivity of the imaged organ.

An intraoperative SFOV gamma camera provides a useful tool to perform ra-
dioguided surgery procedures. SFOV gamma cameras can be used with the focus
only on a specific region or organ of the body with reduced undesired activity
from surrounding tissues [15, 114, 115]. Furthermore, SFOV gamma camera
can provide comparable to better intrinsic spatial resolution than LFOV at a
reasonable cost-effective. These small devices are portable and have compact
design offering simple use in surgical theatre, clinics, cardiology or any other de-
partment where the bulkiness of conventional nuclear medicine cameras limits
their use [116]. Furthermore, a SFOV can be a useful tool to provide a real-time
quantification, spatial orientation on a screen [116, 117]. Figure 3.8 compares
LFOV images to SFOV showing two SLNs in a neck region of a rabbit at 4 hr
after injection. It can be seen that the SFOV was able to build images of the
radioactive uptake in 15 s compared to 600 s by LFOV technology.

Figure 3.8: Two images compares LVOF to SVOF. (a) shows two SLNs (in the
rectangular frame) detected by LFOV technique with acquisition time of 600 s.
The same SLNs imaged by SFOV system with acquisition time of 15 s in (b)
[118].

In comparison to gamma probes, an additional practical advantage can be
achieved by SFOV imaging systems. For instance, several centimetres FOV can
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be produced by SFOV gamma cameras compared to less than 1 cm provided
by gamma probes [91, 114]. Larger FOV expedites tissue interrogation for large
areas with lower statistical noise. Recorded signal then can be displayed as
a scintigraphic image rather than a numerical display or a variable-frequency
audio output as in gamma probe technique.

To date, several portable and handheld gamma cameras have been designed for
intraoperative applications or under development. For example, Sentinella 102
imaging system is manufactured by Oncovision/GEM Imaging Valencia, Spain,
shown in Figure 3.9. It utilises CsI [Na] crystal coupled to position sensitive
PMTs and exchangeable pinhole collimator with apertures range of 1-4 mm
[119]. This camera has been used clinically in different investigations such as
SLN detection in breast, penile, prostate cancer and intraoperative imaging for
primary hyperparathyroidism.

Figure 3.9: (a) the mobile gamma camera Sentinella 102 [119]. (b) Sentinella in
the operation room detected the radioactive hotspots in head and neck region.
(c) shows (SLN1 and SLN2) pre-excision overview with regards to the injection
site (T) and in (d) to confirm removal of SLNs [120].
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Another example of a handheld gamma camera based on solid-state detector is
CrystalCam, which is manufactured by Crystal Photonics, Berlin, Germany. It is
equipped with CdZnTe semiconductor detector (5 mm thickness) and provides
FOV of 40×40 mm2 [121, 122]. The CrystalCam and an example of clinical
images are demonstrated in Figure 3.10, where CrystalCam was compared to
SPECT/CT modality. This camera has been used to visualize the location of
SLN in breast cancer and melanoma [123, 124]. Table 3.3 summarises differ-
ent SFOV gamma cameras that have been intended for intraoperative cancer
treatment. Note that this table is not for comparison purposes as resulted sens-
itivity and energy resolution were obtained using different imaging systems with
different procedures at different energy ranges.

Figure 3.10: (a) picture of handheld gamma camera CrystalCam [121]. (b)
acquired image of melanoma cancer using SPECT/CT with acquisition time
(20s/angular increment). Images obtained pre-operatively using CrystalCam
showing (c) the upper and (d) the lower lymph nodes at 20 s acquisition time
[125].
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However, the main inadequacy of current intraoperative nuclear medicine ima-
ging is the lack of good spatial resolution that allows clinicians to achieve a
higher contrast among malignancies and adjacent normal tissues [16, 18]. The
background radiation emitting from surrounding tissues and organs can affect
detection ability of tumours. Moreover, radioisotopes are not always available
to all treatment centres and their preparation requires experienced staff working
in licensed nuclear medicine departments [17, 138]. Beside the relatively high
cost of this technique, it also exposes patients and workers to ionizing radiation
that may increase the probability of initiating a new cancer in the future [17].
Furthermore, several minutes acquisition times are usually required to build
up an image of the target without anatomical information. Finally, and since
the patient needs to be anesthetised, the time window between the radiotracer
injection and operation is limited.

3.3.3 Optical imaging

Optical imaging techniques have received a great deal of attention for image-
guided surgery due to ease of use, availability with various contrast agents,
high resolution, high detection rates, low cost and provide direct feedback of
the natural surgical view [17, 138, 139]. In comparison to preoperative imaging
modalities such as CT, MRI and PET, optical imaging can detect a small lesion
in the range of 10 µm making it particularly appealing for early cancer detection
[138]. This feature could have a significant impact on cancer surgical outcome.
There are currently various optical technologies that have been developed at
different stages or still in clinical translation. Table 3.4 compares optical imaging
to the aforementioned conventional modalities for cancer detection.
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Technique Information Resolution Molar

sensitivity

(M)

Depth Ionising

radiation

Cost

CT Anatomical 100 µm- 1 mm NA Whole body Yes $$

MRI Anatomical,

functional

100 µm- 1 mm 10−3−10−5 Whole body No $$$

US Anatomical,

functional

100 µm- 1 mm ∼10−12 < 10 cm No $$

SPECT functional 5-10 mm 10−10−10−11 Whole body Yes $$

PET functional ∼ 5 mm 10−11−10−12 Whole body Yes $$$

Optical Anatomical,

functional

10 µm- 10 mm 10−9−10−17 < 5 cm No $

Table 3.4: Comparison of different imaging technologies used for cancer detec-
tion. Adapted from [138].

In medical investigations, optical tomography can be mainly classified based on
electromagnetic wave used visible (400–750 nm) or near infrared (NIR) light
(750–1000 nm) [140, 141]. Figure 3.11 demonstrates the optical imaging range
based on the electromagnetic spectrum.

Since the early days of medicine, physicians have used their own vision and
tactile feedback to diagnose and treat diseases [141]. In 1950, surgeons started
using magnifying lenses and microscopes in surgical rooms for cancer resection
[142]. Endoscopy is considered as the simplest example of optical imaging where
a flexible tube consists of light and camera is used to illuminate internal organs
or tissues to investigate causes of symptoms. Optical coherence tomography
(OCT) is another technology using backscattered light measurements to

Figure 3.11: Optical imaging related to the electromagnetic spectrum. The
visible spectrum (400–750 nm) and the near-infrared (NIR) spectrum (750–1000
nm) are highlighted. NIR is not visible to the human eye and can be detected
only by an IR camera [141].

43



obtain tomographic internal microstructure of the biologic tissues [143]. The
OCT provides image resolution of 1-15 µm up to 2-3 mm deep in most tissues.
This technology has a variety of applications in ophthalmology, coronary artery
disease, neoplasia and guiding surgical intervention [144].

However, surgeon’s visual inspection is still restricted inherently to superficial
contrast. Moreover, unaided eye can only identify anatomical structures, but it
is not able to distinguish diffuse cancer from normal tissue merely on molecular-
based features [141]. Therefore, precise tumour detection can be subjective
and depends significantly on surgeon’s experience. This may lead to several
undesired consequences such as incomplete tumour resection, removal of healthy
tissue and iatrogenic side effects [17, 138].

Various approaches have been developed to enhance surgeons’ vision via the use
of targeted and non targeted agents, which can reveal otherwise invisible disease
bio-markers [138]. Visible dyes have an obvious role in oncology which are widely
used for cancer demarcating in all stages starting from initial identification,
histopathological confirmation, biopsy and intraoperative guiding. There are
various visible dyes types that have been used for SLN mapping, melanoma
and surgical guidance. For example, methylene blue is considered as the visual
tracer of choice for different surgical procedures due to its reported efficiency,
wide availability and low cost [17]. Regardless of the advantageous features of
the visible blue dye, it has some drawbacks that make it an undesirable option
in many cases. The main limitation of this method is the difficulty to locate
deep-seated targets due to its limited penetration ability, a few micrometers, in
tissues and dense fat [17, 145].

Other technologies dedicated to tissue interrogation intraoperatively are combin-
ing both; contrast agents and imaging systems. These technologies include, for
example, bioluminescence imaging (BLI), Cerenkov luminescence imaging (CLI)
and NIRFI. The BLI and CLI imaging system will be described succinctly, where
more details will be given for florescence imaging as it is a part of this thesis.

In BLI imaging system, a CCDs camera is used to identify light signals (560
nm) produced from enzymes such as luciferase. This imaging modality remains
clinically unavailable and currently studies are focusing on different diseases
amongst cancer in animal models [146, 147].

The CLI is also a multi-modality emerging imaging technique that utilises emit-
ted visible light from radioactive materials used in nuclear medicine applications
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particularly PET scanners [19, 148, 149]. When a charged particle (electron and
positron) travels with a velocity higher than that of light in a dielectric me-
dium, prompt bluish-white light emitted due to relaxation in the medium. This
prompt light can be detected using an ultra sensitive CCDs camera in dark
conditions as used in BLI. Different preclinical and clinical trials have proposed
this novel technology for image-guided cancer surgery and radiotherapy driving
a widespread clinical adoption.

The NIRFI is based on detection of light emission after the absorption of electro-
magnetic energy. When a fluorescent molecule, called a fluorophore, is exposed
to light at a particular wavelength, absorption of the photon creates an excited
electronic state. In the order of a few nanoseconds, the electron relaxes toward
the lowest vibrational energy level and emits a photon [17]. Emitted light then
can be detected using a suitable imaging system. Figure 3.12 illustrates the
three different optical modalities using different molecular agents but almost
have similar imaging systems. Some of the other optical imaging technologies
are summarised in Table 3.5.

Figure 3.12: A representation of optical modalities that use different molecular
dyes and have been used in preclinical and clinical trials for molecular-based
cancer detection.

45



T
ec
hn

ol
og
y
&

re
fe
re
nc

e
W
or
ki
ng

pr
in
ci
pl
e

R
es
ol
ut
io
n

D
ep

th
A
dv

an
ta
ge
s

Li
m
it
at
io
n

O
C
T

[1
43
]

D
es
cr
ib
ed

in
th
e
te
xt

1
µ
m

2-
3
m
m

H
ig
h
sp
at
ia
lr

es
ol
ut
io
n,

3D
im

ag
in
g
po

ss
ib
le

Ex
pe

ns
iv
e,

la
ck

of
sp
ec
ifi
ci
ty
,

lim
ite

d
de

pt
h

B
LI

[1
46
,1

47
]

D
es
cr
ib
ed

in
th
e
te
xt

1-
4
m
m

~
10

m
m

C
he

ap
,s

ho
rt

sc
an

ni
ng

tim
e,

hi
gh

se
ns
iti
vi
ty
,e

as
y
to

us
e,

3D
im

ag
in
g
po

ss
ib
le

Lo
w

re
so
lu
tio

n,
la
ck

of
cl
in
ic
al

tr
an

sla
tio

n,
co
m
pl
ex

co
nt
ra
st

ag
en
t

C
LI
[1
48
]

D
es
cr
ib
ed

in
th
e
te
xt

0.
3
-2

m
m

10
-2
0
m
m

C
he

ap
,r

ea
l-t
im

e
im

ag
in
g,

te
st
ed

cl
in
ic
al
ly
,

Lo
w

se
ns
iti
vi
ty
,r

el
ie
s
on

ra
di
oa
ct
iv
e
di
st
rib

ut
io
n,

lim
ite

d
de

pt
h,

2D
on

ly
N
IR

FI
[1
7]

D
es
cr
ib
ed

in
th
e
te
xt

50
µ
m
-5

m
m

10
-3
0
m
m

R
ea
l-t
im

e
im

ag
in
g,

ch
ea
p,

ea
sy

to
us
e,

ap
pl
ie
d
cl
in
ic
al
ly

2D
im

ag
in
g,

re
so
lu
tio

n
de

cr
ea
se
s
w
ith

de
pt
h

T
PM

[1
50
]

To
w

ph
ot
on

s
w
ith

id
en
tic

al
or

di
ffe

re
nt

w
av
el
en

gt
hs

ex
ci
te

a
m
ol
ec
ul
e
to

co
ns
tr
uc

t
an

im
ag
e

1
µ
m

1-
2
m
m

H
ig
h
sp
at
ia
lr

es
ol
ut
io
n

Ex
pe

ns
iv
e,

lim
ite

d
FO

V

R
am

an
[1
51
,1

52
]

A
ft
er

in
ci
de
nt

ph
ot
on

s,
di
ffe

re
nt

fr
eq
ue

nc
ie
s
of

sc
at
te
re
d
lig

ht
ar
e

us
ed

to
de
te
rm

in
e
m
ol
ec
ul
ar

co
m
po

sit
io
ns

N
A

†
<
1
µ
m
-1

m
m

H
ig
h
sp
ec
ifi
ci
ty
,n

o
co
nt
ra
st

m
ed

ia
ne

ed
ed

Li
m
ite

d
de

pt
h,

slo
w
,d

iffi
cu

lt
to

an
al
ys
e

D
O
T
[1
53
]

In
te
ns
iti
es

m
ea
su
re
m
en
ts

of
lig

ht
w
he

n
pr
op

ag
at
in
g
in

tis
su
es

>
1
m
m

10
0
m
m

3D
im

ag
in
g
po

ss
ib
le

Sl
ow

,l
im

ite
d
FO

V

O
PA

I[1
54
]

D
et
ec
tio

n
of

ac
ou

st
ic

sig
na

ls
pr
od

uc
ed

af
te
r
lig

ht
ab

so
rp
tio

n
in

tis
su
es

50
µ
m
-1

m
m

50
m
m

H
ig
h
re
so
lu
tio

n,
hi
gh

pe
ne

tr
at
io
n
ab

ili
ty
,3

D
im

ag
in
g
po

ss
ib
le

Ex
pe

ns
iv
e,

di
ffi
cu

lt
to

an
al
ys
e

O
C
T
:
O
pt
ic
al

C
oh

er
en
ce

To
m
og

ra
ph

y,
B
LI
:
B
io
lu
m
in
es
ce
nc
e
Im

ag
in
g,

C
LI
:
C
er
en
ko
ve

Lu
m
in
es
ce
nc
e
Im

ag
in
g,

N
IR

FI
:
N
ea
r
In
fr
ar
ed

Fl
uo

re
sc
en

ce
Im

ag
in
g,

T
P
M
:
Tw

o-
P
ho

to
ns

M
ic
ro
sc
op

y.
D
O
T
:
D
iff
us
e
O
pt
ic
al

To
m
og

ra
ph

y,
O
PA

I:
O
pt
oa
co
us
tic

Im
ag
in
g.
†
N
A
:
no

t
av
ai
la
bl
e
as

R
am

an
te
ch
ni
qu

e
he
re

pr
ov
id
es

sp
ec
tr
os
co
pi
c
ou

tp
ut

fr
om

su
b-
m
ill
im

et
re

re
gi
on

of
tis

su
e.

H
ow

ev
er
,R

am
an

im
ag
in
g
is

us
ed

in
m
ic
ro
sc
op

y.

Ta
bl
e
3.
5:

Su
m
m
ar
y
of

op
er
at
in
g
pr
in
ci
pl
es

an
d
pe

rfo
rm

an
ce

fo
r
so
m
e
of

op
tic

al
im

ag
in
g
te
ch
ni
qu

es
in

ca
nc
er

de
te
ct
io
n.

46



Figure 3.13: The basic components of a NIRF imaging system. A fluorophore
(ICG) is injected into the body and attached to albumin in the blood. Photons
in the range of 800 nm are emitted using excitation light and can be detected
using filters and an imaging system [17].

NIRFI is a novel technology that has the potential to assist surgeons in real-time
imaging. More details about this approach in clinical applications are given in
Chapter 4. The basic elements of a NIRFI detection system are a light source for
excitation, NIR fluorescent agents, filters, collection optics and a NIR camera
as shown in Figure 3.13.

Indocyanine green (ICG) is considered the most common NIRFI contrast agent
used for cancer identification [156, 157, 158]. This dye has been approved by
the Food and Drug Administration (FDA) and the European Medicines Agency
(EMA) for differnt clinical applications [17, 157, 158]. Another emerging NIRF
dye is the IRDyer 800CW that has been introduced for molecular imaging. It is
still in the evaluation stages and has been tested with animal models and clinical
trials in Europe and the U.S. In comparison to ICG, IRDyer 800CW showed
lower toxicity and faster attachment to the biomolecules [159, 160, 161]. Table
3.6 summarises the most common fluorophores that have been used clinically or
being under evaluation.

47



Fluorophore Absorption

peak (nm)

Emission

peak (nm)

Quantum

yield

Extinction

coefficient

(M−1cm−1L−1)

FDA/EMA

approved

Fluorescein [162] 490 520 0.93 77000 Yes

ICG[163] 780 810 0.03 150000 Yes

MB[164] 665 685 0.05 80000 Yes

IRDyer[165] 785 830 0.034 180000 No

Cy5.5 [166] 675 694 0.28 250000 No

Cy7[166] 743 767 0.28 200000 No

Table 3.6: Summary of the common intraoperative NIRFI dyes for cancer treat-
ment. Extinction coefficient refers to how strongly the fluorophore absorbs light
at a given wavelength per molar concentration.

In most imaging systems, the excitation source, in the NIR wavelength range
of 700-1000 nm, is directly positioned either above, below, or to the side of the
imaging field [167]. There are three common types of light sources that can
be used to illuminate fluorophore molecules: arc lamps, light emitting diodes
(LEDs) and laser diodes. Arc lamps are widely used because of their high
optical power output and broad emission spectrum [156, 167]. Recently, LEDs
have gained increasing interest even though with their lower-power output is a
drawback [156]. This is owing to their lower cost, narrower wavelength range,
longer lifespan, lower energy consumption and lower heat generation. The laser-
based imaging system produces highly monochromatic and coherent light with
very narrow spectral bandwidth. Nevertheless, the higher price of laser sources
and safety issues associated with laser bio-effects have limited the uptake of
these systems [156, 168].

CCDs imaging technology is the most common sensor that has been used in
interaoperative imaging systems [156, 167]. CMOS sensors are considered as
an alternative option to CCDs because of reduction in size, power consumption
and increased frame rate, but their QE also remains low with high readout noise
[167]. The new generation of scientific CMOS (sCMOS) image sensor has been
introduced achieving the desired properties, such as the extremely low noise,
rapid frame rate, high resolution and better QE at 800 nm. Table 3.7 concludes
some of the common intraoperative optical imaging device that are commercially
available or under development.
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3.4 Towards multimodality imaging techniques

Multimodality imaging is defined as the combination of two or more imaging
technologies into a synchronous acquisition procedure. This new form is syner-
gistic in a way that provides functional information within the anatomical con-
text in a single imaging session. The first device that combines a simultaneous
imaging of CT and SPECT was pioneered by Hasegawa in 1990, while the first
commercial introduction of SPECT/CT and PET/CT was in 1998 [171]. There
are different approach of hybrid imaging modalities currently in existence in-
cluding US/MRI, SPECT/CT, PET/CT, SPECT/MRI and PET/MRI. These
advanced technologies have the potential to aid the development of personal-
ized, molecular medicine primarily in oncology. Figure 3.14 shows an example
of transversal simultaneous datasets of a brain tumour using hybrid PET/MRI
modality.

Figure 3.14: PET/MRI image acquired simultaneously for a 60-y-old patient
with anaplastic astrocytoma [172].

In intraoperative cancer navigation, different multimodal gamma-optical tech-
niques have been employed for tumour margins delineation and SLN mapping.
This includes the use of gamma probes with visible dyes, SFOV gamma camera
with optical imaging and gamma-NIRF techniques. The most common pro-
cedure is the injection of a gamma emitter alongside the injection of a visible
blue dye [17, 173]. This method has been evaluated widely in many clinical
cases. For example, in a group of breast cancer patients, when 99mTc was in-
jected alone, SLN identification rate was 88.6% compared to 80.3% when the
blue dye was injected only. The concurrent use of both techniques increased the
identification rate to reach about 95.7% [24]. Such a significant improvement in
SLN localization rate yields to a better surgical outcome and more reduction of
morbidity.
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Figure 3.15: (a) after the injection of the radioactive fluid, gamma probe aids
surgeons to locate the target. (b) blue dye is then injected during the surgical
procedure to visually allows complete resection of the cancer target [174].

Figure 3.15 shows a melanoma case that injected with a blue dye and gamma
source to locate SLN. The gamma probe is used to locate the target while the
blue dye visually labels cancer tissue in order to eradicate it completely.

Hybrid gamma-optical imaging can also enhance surgical accuracy in SLN detec-
tion and tumour delineation. The Sentinella, a SFOV gamma camera has been
mentioned previously, was adapted for hybrid gamma using two optical cam-
eras [19, 120]. This system has been evaluated intraoperatively showing useful
method to determine the position and orientation of the gamma imaging FOV.
Another example of gamma-optical multi-modality is HGC, which this thesis is
focusing on, will be mentioned in details in the following section.

The hybrid gamma-NIRFI has also emerged as a new hybrid intraoperative
imaging tool. This is due to the higher penetration ability of NIRFI compared to
optical imaging. Therefore, NIRFI provides a high resolution real-time imaging
combined with the high penetration depth of gamma system to localise sources
at depth within the body [17, 19, 156]. Figure 3.16 illustrates the current image-
guided surgery where surgical plan can be decided based on a suitable imaging
system in the clinic while intraoperative hybrid imaging tool aids surgeons in
the operation room.
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Figure 3.16: Conventional or hybrid preoperative imaging modalities assist in
diagnosis and surgical plans in the clinic. Portable hybrid gamma-optical ima-
ging technique can further help surgeons to accurately detect and remove dis-
eased tissues in the operation room.

3.4.1 The hybrid gamma camera (HGC)

The hybrid gamma camera was developed by the BioImaging Unit at the Space
Research Centre (SRC), University of Leicester. The first SFOV gamma camera
was designed in 2003 and called the high-resolution gamma imager (HRGI) [25].
It was based on 500-µm-thick gadolinium oxysulphide Gd2O2S scintillation layer
attached to a CCDs device with a sensitive area of 20 mm × 30 mm. The HRGI
provided a spatial resolution of 0.6 mm.

In 2006, Lees et al. explained the development of a scintillator-CCDs based
camera to investigate detection of radioactive uptakes [175, 176, 177]. The cam-
era was upgraded with a 500-μm-thick terbium-doped gadolinium oxysulphide
Gd2O2S [TB] scintillation layer. A Peltier cooling system was used to reduce
temperature to around -5 ◦C to suppress the dark current to 10 e−/pixel/second.
A parallel hole lead collimator was used while the detection head was enclosed
in a plastic container for protection purposes. This camera design was small
enough to be a handheld.

Further development was continued on the camera and a novel prototype named
the mini gamma ray camera (MGRC) was built. This camera offered an im-
proved spatial resolution images to be used in nuclear medicine imaging. The
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scintillation crystal was changed from Gd2O2S [TB] to a thallium-doped cae-
sium iodide Csl[TI] [176, 175]. The scintillator then was attached optically to
back-illuminated EMCCD using optical grease. The detector system then was
encased in a 4 mm thick lead shield in order to reduce the background and
scattered radiation level [178]. The MGRC design allowed different interchange-
able collimators systems such as parallel hole collimator or pinhole collimator.
Different diameter pinhole collimators (0.5 and 1.0 mm) with angular apertures
of 60◦, were made from tungsten discs (6 mm thick). The MGRC was used
for photon energy in the range between 20 to 140 keV. Therefore, images of ra-
dioactive sources were obtained using interactive data language (IDL) software
[176, 177]. This imaging design offered a spatial resolution of ~1 mm.

Lately, the camera was further improved with better outer and more com-
pact design and called the compact gamma camera (CGC) [176]. The current
design includes a cooling system consists of a praffin-based phase-change mater-
ial (PCM) that enables CCD temperature reduction to about -13 ◦C.

Taking into account the importance of multimodality imaging techniques in
enhancing theranostic procedures of cancer, the CGC was combined with an op-
tical imaging camera and called the HGC [179]. The current design of the HGC
consists of 600 µm thick columnar CsI [Tl] scintillator coupled to back-thinned
EMCCD [175, 180]. The back end of the EMCCD is thermally coupled to a ther-
moelectric cooler (TEC) and to a phase-change material. The detector system is
encased in an Al chamber maintaining a pressure level of 1 Pa to protect the hy-
groscopic scintillator CsI [Tl] and to improve cooling performance. The chamber
is shielded by 3 mm thick tungsten material. A knife edge pinhole collimator is
used with (0.5 or 1 mm) diameter and 60◦ acceptance angle to increase imaging
FOV. An optical system combined of a miniature optical camera and a mirror
is fitted to the collimator ensuring that both systems FOV are independent on
the distance between both imaging systems and the radioactive source. The
mirror is tilted with 45◦ and reflects optical photons towards the optical camera
while gamma ray passes through it with minimal absorption (<1%) to reach
gamma detection system [175, 176, 177]. Therefore, gamma-optical images can
be obtained simultaneously offering a hybrid imaging tool. Figure 3.17 displays
the development stages of the HGC showing images of previous and current
camera designs. It also shows hybrid optical-radioactive uptakes of preclinical
and clinical images of thyroid and lacrimal glands.
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Figure 3.17: Development stages of the HGC starting from the first prototype
(HGRI) to hybrid clinical images of the thyroid and lacrimal glands.

The HGC has been evaluated in various configurations including in vitro imaging
using different phantoms, clinical investigations for SLN mapping, thyroid and
lacrimal drainage imaging [181, 182, 183, 184]. It has been also used to estimate
the depth of a radioactive source below the surface. Furthermore, hybrid NIRF-
gamma imaging was tested showing the feasibility of a new modality to be added
to the HGC [184]. Figure 3.18 illustrates the initial hybrid NIRF-gamma images
of Eppendrof tube contained 111In radionuclide tracer and ICG fluorescence dye.

Figure 3.18: Images obtained using the HGC for ICG fluoresence dye (a), gamma
image of 111In source (b) and fused image of both modalities in (c) [184].
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3.5 Phantoms in optical imaging

Similar to any new diagnostic or therapeutic modality, the development of op-
tical imaging technology requires appropriate phantoms that have the same
physical and biological properties of human tissues. Measurements on tissue
equivalent phantoms have a crucial role in evaluating the performance of the
optical system, validating imaging algorithms, characterisation and optimisa-
tion before translating into clinical practice and routine calibration [185]. For
these reasons, many materials have been proposed to simulate the characteristics
of biological tissues in optical imaging studies during the past two decades.

Phantoms can be fabricated either in solid or liquid forms. In general, a typ-
ical optical phantom is made of three main components: a bulk material (wa-
ter, silicone, agar gel, epoxy resin), an absorbing material (India ink, printer
toner, black silicone, food colouring) and a scattering material (milk, non-dairy
creamer, intralipid, titanium oxide, aluminum oxide, silica microspheres) [185].

Liquid-based phantoms (mainly water-based) are considered as the most appro-
priate type for evaluating optical imaging systems. Liquids allow a homogeneous
medium in which small solid targets can be inserted with different sizes at differ-
ent depths [185]. However, there are some drawbacks of liquid-based phantoms
including the need of a solid barrier to contain the liquid, difficult to handle
in daily routines, short shelf-life and difficulties in moulding a realistic organ
shapes. These disadvantages can be avoided using solid phantoms that have
been introduced with various recipes mimicking different tissues and human
organs [185].

Silicone rubber, in particular, has allowed simulating not only the optical proper-
ties of tissues but also constructing a more realistic human organ. For example,
a highly scattering material called Delrin was investigated for mimicking human
tissues by Berg et al. [186]. Jiang et al. used room-temperature vulcanizing
(RTV) silicone to simulate tissues for NIR tomography application [187]. Dif-
ferent other mixtures were investigated including for example; paraffin wax with
colouring pigment [188], agar with ink and intralipid [189], haemoglobin and in-
tralipid in gelatine [190], polyester resin with dye and titanium dioxide particles
[191], dye and quartz glass spheres in polyester resin [192], polyvinyl alcohol
(PVA) slime with titanium dioxide [193] and cosmetic powder with aluminium
oxide particles in silicone rubber [194].

55



Figure 3.19: Examples of phantoms designed for optical imaging system evalu-
ation. Recipes and 3D printing technology simulating an infant brain (a) and
the upper part of an infant in (b) [195, 196]. (c) shows a moulded breast shaped
phantom made of silicone to simulate breast surgery using ICG and an imaging
system [200]. (d) a comprehensive solid phantom to evaluate NIRFI system
using a single snapshot [201].

More benefits of silicone rubber could be achieved in simulating soft tissues
and moulding the desired shape and thicknesses such as skin layers, breast and
head and neck geometries. The advent of 3D printing technology has also en-
abled more realistic phantoms for optical imaging. A recipe and method of 3D
printing brain phantom was presented by Dempsey et al. [195]. They created
a tissue-equivalent premature infant brain based on MRI atlas data. Larsson
et al. simulated the upper part of an infant representing; lung, heart, bones
and muscles based on segmented CT images [196]. The 3D model is designed to
study an optical technique called gas in scattering media absorption spectroscopy
(GASMAS). Other examples of phantoms that have been also used for NIRFI
system evaluation include; chicken breast tissues [197], bovine muscle [198] and
gelatine dough-flour based compositions [199]. Figure 3.19 demonstrates differ-
ent examples of phantoms that have been designed to evaluate optical imaging
systems.
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3.6 Conclusion

Conventional medical imaging techniques play an indispensable role for a large
number of diagnostic and therapeutic procedures. This chapter demonstrated
the fundamental aspects and basic components of routinely used medical imaging
devices. It also reviewed the currently available intraoperative gamma probes,
SFOV gamma imaging systems and optical imaging techniques for cancer detec-
tion. The characteristics and operating principles of the various medical imaging
tools were compared and discussed. The HGC properties and its development
stages have been also highlighted.
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Chapter 4

Characterisation of NIRF
imaging systems intended for
hybrid gamma-NIRF
image-guided surgery

4.1 Introduction

Cancer remains one of the leading causes of morbidity and mortality worldwide
[202]. Surgery is the oldest form of treatment and is still currently considered the
most effective method for solid tumour resection. Although modern preoperative
imaging technologies have significantly improved the success of cancer surgery,
there is still an unfulfilled demand for additional guidance during the surgical
procedure [5, 17]. This stems from the fact that surgeons cannot precisely detect
or ‘see’ the target tissue margins that need to be resected, whilst preserving non-
diseased tissues.

Recently, a growing body of research has shown that fluorescent light within
the NIR window has the potential to provide the basis for a new intraoper-
ative imaging technology for SLN localisation and the assessment of tumour
margin delineation [18]. NIRFI approach has a higher spatial resolution than
conventional radiological and nuclear medicine technologies, providing better
discrimination between diseased and healthy tissues [203]. It has been repor-
ted clinically that NIRFI has a better detection ability compared to the current
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gold standard 99mTc probe guided techniques for SLN detection. For instance,
a prospective study comparing both methods was conducted on a group of 134
patients to resect axillary SLN in early breast cancer. This cohort presented a
total of 246 SLN, detected by one or both techniques. The 99mTc method detec-
ted 231 SLN (93.9%), while the NIRFI detected 245 of 246 (99.6%) of the total
SLN found during surgical procedures [157]. Several other studies have indicated
that NIRFI for detecting SLN shows a sensitivity of 97-100% and was associated
with low toxicity and few side effects, such as allergic reactions [204, 205, 206].

During the last decade, there have been an increasing number of NIRFI systems
approved by the FDA for use in the operating theatre [17, 156]. These are not
only for open surgery procedures, but also for laparoscopic, thoracoscopic, and
robotic surgery. Examples of the currently available intraoperative systems are
PDEr manufactured by Hamamatsu [207], the SPY fluorescence imaging system
by Novadaq [208], the FLARETM system from the Frangioni Laboratory [209],
and Fluobeam developed by Fluoptics [210]. The Artemis, a recent imaging
system developed for real-time guidance during surgery, has been developed by
Quest Medical Imaging (Essex UK) and the Leiden University Medical Centre
in Holland [170]. This imaging system has been evaluated in vivo for tumours,
SLN and vital structure visualisation, demonstrating the possibility of its use in
the operating room, albeit with further improvements.

Other systems for in vivo molecular imaging are also commercially available,
providing NIRFI and optical imaging for small animal studies. For example, the
Pearl Impulse Small Animal Imager (LI-COR) combines two laser excitation
systems in a closed box in which the sample is isolated from external sources of
light [211]. This system is light-tight, offering high-quality NIRFI with very low
background signal, and therefore has an exceptional imaging sensitivity imaging,
even for deep targets.

Despite the fact that the NIRFI approach has emerged as a new intraoperative
imaging technique, it has certain limitations with regards to the limited depth
penetration of which it is capable, which is about 1-2 cm under the skin [17, 18,
156]. To overcome this impediment, gamma emitting and NIRFI agents have
been combined for SLN navigation. This complementary combination allows
the use of the penetrative nature of radioactivity to perform gross navigation
of the lesion, while the superior spatial resolution of NIRFI assists surgeons in
detailed target identification and resection [18]. This concurrent use of radio-
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fluorescence imaging has the potential to reduce surgical time, anaesthesia, costs
and improve cancer treatment outcomes.

In 2011, van der Poel et al. used the ICG-99mTc-nanocolloid to detect the
location of SLN in 11 patients who underwent robot-assisted laparoscopic pro-
statectomy (RALP) [212]. SLNs were localised preoperatively using SPECT/CT
imaging. Then, fluorescence imaging enabled intraoperative identification with
improved surgical guidance, particularly for SLNs at sites with high radioactive
background signals. Brouwer et al. also evaluated ICG-99mTc tracers to detect
SLN in 11 patients with head and neck melanoma in 2012 [213]. This allowed
preoperative visualisation and intraoperative guidance for SLN resection in head
and neck cancer patients. Another study performed by van den Berg et al. in
2012 studied the concomitant application of ICG-99mTc for SLN mapping in
oral cavity malignancies [214]. The combined use of radio-fluorescence imaging
demonstrated the feasibility of SLN detection, in particular when found in close
proximity to the primary site. Jeschke et al. (2012) investigated the use of
a 99mTc-nanocolloid which was injected preoperatively with immediate injec-
tion of ICG before surgery for lymph node mapping in prostate patients [215].
Two separate systems were used in this study with a laparoscopic fluorescence
imaging system designed to visualise lymphatic vessels and nodes. The second
system was a laparoscopic gamma probe that could detect the radio localisa-
tion in SLN. This study showed that fluorescence navigation has the potential
to be an effective tool not only for lymph nodes but also for lymphatic vessel
visualisation. However, these findings were based on the sequential application
of pre- and intraoperative gamma imaging/probing and real-time NIRFI due to
the lack of any single system that combines gamma and NIRFI during surgery.

A recent study by Kang et al. in 2018 presented a proof-of-concept for a pro-
totype multimodal laparoscope that enables NIR/gamma/visible imaging using
a wavelength division multiplexing method [216]. They evaluated each imaging
method and obtained simultaneous NIR/gamma/visible fused images of Eppen-
dorf tubes containing a mixture of ICG and 99mTc that were placed within a dark
box. A novel SFOV hand-held HGC has already been developed for scintigraphic
procedures and intraoperative SLN mapping [176, 181]. This camera combines
gamma and optical images to provide high spatial resolution and demonstrates
a new possibility for SLN identification during surgery [218]. This chapter de-
scribes research undertaken to develop and integrate a new NIRFI system for
combination with the HGC gamma imaging system. The eventual aim of this is
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that the penetrative nature of gamma emission, together with the high spatial
resolution of fluorescence imaging, can be combined simultaneously in a single
device. This work has evaluated two NIRFI cameras using two different NIR
florescent contrast agents at various concentrations and with different formats
and phantoms, with the ultimate focus on detection ability in order to identify
areas for future development.

4.2 Materials and methods

Different experimental configurations were used to study system performance
under a range of simulated situations with variables including dye concentration,
depth of target and target diameter. All images were acquired with the room
lights turned off to reduce possible interference from visible light. A primary
aim was to measure the signal-to-noise ratio (SNR), which indicates a system’s
ability to detect a particular feature in an image. The other quantity investigated
was the contrast-to-noise ratio (CNR), which is a measure of how easily different
regions can be distinguished from each other. Each of these quantities can be
calculated using equations 4.1 and 4.2.

SNR = Mean

σBackground
(4.1)

CNR = Mean−MeanBackground
σBackground

(4.2)

4.2.1 NIRFI cameras

Two cameras were used in this experiment to detect the fluorescence agents: the
USB2 uEye XS industrial camera, and the USB3 uEye UI-3240CP Rev.2 camera
[219, 220]; these are described in more details in the following sections.
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4.2.1.1 The XS camera

The USB 2 uEye XS optical camera consisted of a lens, autofocus system and a
5 megapixel CMOS sensor with a pixel size of 1.4 µm [219]. The sensor provided
a resolution of 2592 × 1944 pixels with a frame rate of 15 fps. This lightweight
camera, with a mass of 20 g, has dimensions of 26.5 mm × 23.0 mm × 21.5 mm.
Camera readout was via a USB 2.0 interface and operation is controlled using
Imaging Development Systems’ (IDS) software suite to enable image acquisition.
This optical camera has already been incorporated with the HGC system to
obtain images in the visible wavelengths; it was not designed for NIRF imaging
and therefore its infrared-blocking filter was removed for modification to act as
a NIRF camera. Figure 4.1 shows the internal components of the XS camera.

Figure 4.1: Components of the modified optical XS camera.

4.2.1.2 The CP camera

The UI-3240 CP, as shown in Figure 4.2, camera contained one of the most light-
sensitive sensors in the IDS product portfolio, a 1.3 megapixel CMOS sensor with
a 5.3 µm pixel size [220]. It had a resolution of 1280 × 1024 pixels at a frame
rate of 60 fps. The dimensions of this camera were 29.0 mm × 29.0 mm ×
29.0 mm with a weight of 52 g. This NIR camera was connected to a manual
focussing lens that had a focal length of 6 mm. It was directly connected to a
computer via USB 3.0 interface that ran using its own software program.
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Figure 4.2: The CP NIR camera parts with the circular optical filter.

4.2.2 NIRFI probes

The most commonly used NIRF contrast agent in the 800-900 nm range is
indocyanine green (ICG) [18, 158, 160]. It has been approved for several medical
applications by the Food and Drug Administration (FDA) and the European
Medicines Agency (EMA) [158]. When ICG is injected into the patient, it
binds with serum albumin, the most abundant protein in blood, and emits light
between 800 to 840 nm after excitation. ICG has been used for lymph node
mapping in various types of tumour including breast cancer, melanoma, anal
cancer, colorectal neoplasia, gynaecological cancers and head and neck lesions
[18, 160]. More recently, an emerging NIRF dye with the product name IRDyer

800CW has been introduced for molecular imaging. It has an excitation peak
at 770 nm and a light emission peak at 805 nm [18]. This new agent has
been evaluated in animal models and is currently being used in phase II clinical
trials, both in Europe and in the U.S. It has been reported that, in vivo, the
IRDyer 800CW has lower toxicity than ICG and conjugates with biomolecules
in a straightforward manner [159, 161]. Figure 4.3 shows the excitation and
emission spectrum properties of ICG and IRDyer 800CW contrast agents.

Both cameras were evaluated using various concentrations of both ICG and
IRDyer 800CW. ICG was dissolved in deionised water while IRDyer 800CW
was dissolved in phosphate-buffered saline (PBS). Then, different concentrations
were prepared in the range from 1 μM to 100 fM.
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Figure 4.3: The excitation and emission spectra of (a) ICG and (b) IRDyer

800CW [17, 157].

For each concentration, a volume of 100 μL was added to a 96-well plate, and
individual wells were imaged with each camera in different experimental setups.
ImageJ software was used to measure the mean signal of the regions of interest
(ROIs), whilst background signals were measured outside the ROIs [221]. The
camera noise was considered to be the standard deviation within the background
area (σvBackground). SNRs were calculated using equation 4.1, and the resultant
curves were compared to the data published for the Pearl and Artemis devices
[170].

4.2.3 Excitation light

A NIR LED ring with a peak intensity at 740 nm was used as the illumina-
tion source [222]. The full-width at half maximum (FWHM) of the spectral
intensity is 30 nm, which makes this product suitably matched to the excitation
wavelength of both fluorescence dyes. It has a ring geometry with a diameter of
70.8 mm. This provides a radiant flux of 80 W/m2 with a spot size of 100 mm
diameter when placed at a distance of 40 mm from the target surface.

4.2.4 Filters

NIR optical bandpass filters were used to select narrowband emission wavelength
from the target with the aim of rejecting the excitation light and enhancing
the detectability of the emitted light. Multi-layer hard-coating bandpass filters
centred at 850 nm were fitted in each camera during the study [223]. For the XS
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camera, a square filter with dimensions of 8 mm2 and a thickness of 1.1 mm was
fixed in front of the lens; a circular bandpass filter, with an 18 mm diameter and
a 1.1 mm thickness and the same transmission properties, was placed between
the manual lens and the sensor of the CP camera.

4.2.5 Phantoms

To evaluate the SLN mapping and target navigation capabilities of the imaging
system, three phantoms were constructed in-house; two were made of polymethyl
methacrylate (PMMA), also known as acrylic glass, to simulate lymph nodes.
For the tissue-like phantom, a mixture of different components was used to
build a phantom with optical properties similar to that of human tissues. These
phantoms are described in more detail in the following sections.

4.2.5.1 Lymph node phantoms

The first phantom was a plastic slab with dimensions of 80 × 80 × 8 mm3.
It was designed with a 10 mm diameter well, 6 mm deep, positioned centrally.
This phantom was used to simulate a large lesion (LL) in the body. The second
phantom had a rectangular shape with dimensions of 26 mm × 14.5 mm and a
thickness of 7 mm. It consisted of four columns, each having five different-sized
holes with a fixed depth of 5 mm and diameters of 4, 3, 2, 1 and 0.5 mm. These
different diameter sizes were used to simulate metastatic lesions (ML). Figure
4.4 is a schematic diagram illustrating each of these designs.

Figure 4.4: Illustration of the lymph node phantoms representing a large lesion
(LL) in (a) and metastatic lesions (ML) in (b).
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4.2.5.2 The optical tissue-like phantom

In order to characterise a target at depth within the body, a phantom with tissue-
like optical properties was created based on a previously published study [194].
The phantom was made of a transparent silicone rubber in which scattering
materials were mixed [224]. The scattering materials were Al2O3 and a cosmetic
powder, which were used to imitate scattering substances under the human
skin such as water, lipids, oxyhemoglobin, deoxyhemoglobin, melanin and fat
[225, 226]. The phantom components were well-mixed in a glass beaker using
a mixture of 97.52% silicone rubber, 2.22% Al2O3 and 0.26% cosmetic powder
[227]. Then, the mixture was moulded in a standard Petri dish using different
volumes to build phantoms with different centroid thicknesses of between 1 to
4 mm. The mixture was then kept for more than 48 hrs. at room temperature
to ensure it was completely cured. After that, it was extracted from the Petri
dishes with the final shapes shown in Figure 4.5.

Figure 4.5: An image of the final constructed tissue phantoms with different
thicknesses ranging from 1 to 4 mm.

4.2.6 NIRFI procedures

In this experiment, two identical setups were used for both the XS and CP
cameras, where the excitation light was placed in two positions, namely above
and to the side of the phantoms, as depicted in Figure 4.6. In the parallel
position, each of the cameras was fixed in the middle of the excitation ring.
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Figure 4.6: The experimental setup using the excitation ring to the side (a) and
parallel to the imaging field (b).

4.3 Results and discussion

The performances of two NIRF cameras were assessed in the detection of ICG
and 800CW dyes. These performances were put into perspective by comparison
with the Pearl and Artemis NIRFI systems. Moreover, the detection capabilities
of both imaging systems were determined for imaging metastatic targets with
various concentrations at various distances and depths.

4.3.1 Concentration-based sensitivity analysis

Images of the 96-well plates were acquired for concentration series of both NIR
fluorophores described above to estimate the concentration-dependent sensitiv-
ity of each camera. The resultant SNR curves were plotted as a function of
concentration and compared to the Pearl and Artemis imaging systems from a
study conducted by van Driel et al. in 2015 [170]. Similar to this study, the
excitation light was placed parallel to the 96-well plate. For the ICG dye, Figure
4.7 (a) shows that the SNR of the Pearl increased with increasing concentra-
tion and peaked at a concentration of approximately 10 μM. After this peak,
the SNR started to decrease due to peak quenching. The Artemis registered its
lowest reliable concentration of 10−2

μM, and its SNR peaked earlier than the
Pearl due to sensor saturation [170]. The CP and XS cameras were unable to

67



Figure 4.7: Signal-to-noise ratio (SNR) for series dilutions of ICG (a) and 800CW
(b) imaged in 96-well plate for CP and XS cameras, as compared to the Pearl
and Artemis.

distinguish lower concentrations due to high background noise from the bright
reflection of the LED ring which was visible as a circular spot on the plastic well-
plate. Also, it can be seen that the CP camera registered higher SNR at lower
concentration compared to the other systems. Both the XS and CP were found
to have a threshold for reliable ICG detection of 1 μM and reached maximum
SNRs at concentrations of about 10 μM using the ICG.

Similarly, the 96-well plate was imaged for a serial dilution of 800CW dye and
compared to the Pearl and Artemis, as illustrated in Figure 4.7 (b). The SNR
curve for the Pearl began from almost zero followed by a considerable increase
at a concentration of 10−3

μM, which then increased as the concentrations of
800CW increased, demonstrating its higher sensitivity for detecting very low
concentrations [170]. The SNR started to increase for the CP, indicating its
minimum detectable concentration at 10−3

μM, and then reached its peak earlier
than all the cameras at about 10−3

μM. The lowest reliably detectable concentra-
tion for the XS was 10−2

μM, which recorded a maximum SNR at approximately
1 μM but at lower values compared to the other three cameras.

It is worth mentioning that the XS camera is designed to provide optical and
coloured images, while the other three systems are specifically manufactured
for NIRF applications. The minimum and maximum detectable concentrations
were extrapolated for both dyes from SNR curves of the serial dilutions. Both
cameras were able to detect ICG concentrations between about 0.8 to 80 μM,
while the concentration ranges for 800CW began to be observed at 10−2

μM
and plateaued at high concentrations up to 10 μM. The optimal concentration
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of ICG (80 μM) was still comparable to the in vivo injected dose (100 μM) that
has previously been used in Artemis-based studies. At low concentrations, the
reflection of the excitation light had a negative influence on the sensitivity of both
cameras. A diffuser plate was tested to eliminate the reflection of the LED ring
on the sample, however this strongly decreased the intensity of the illumination
and for this reason was not used further. The effect of the reflected excitation
light on detection ability has been reported as a major challenge that limits
the reduction of the noise floor when attempting to collect weaker fluorescence
signals [170, 228, 229, 230].

4.3.2 CNR as a function of camera distance

Both cameras were used to image the ML phantom which contains different
concentrations of ICG. Images were taken at distances of 5, 10, 15, 20, 25 cm
between the camera and the phantom. Then, CNR was measured for one row
with fixed diameter of 4 mm and different dye concentrations at both LED
positions. Figure 4.8 depicts an example of images obtained by the CP camera
for the ICG dye at different distances and both LED ring positions. The same
procedure was followed for both cameras and both fluorescence dyes as well.

Figure 4.9 demonstrates CNRs of the XS and CP cameras at the angled and
parallel positions. At each distance, the focusing lens of the CP camera needed
to be adjusted manually for each acquisition. The XS camera did not require
adjustment as it has an internal autofocus system. The highest intensity of
ICG was measured at concentrations of 10 μM at all distances for both cameras
positions.

Figure 4.8: Example images of ML phantom filled with ICG using CP camera
at different distances. The red rectangular indicates the row of 4 mm diameter
wells that were used for CNR calculations.
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ICG Angled Parallel

XS

CP

Figure 4.9: CNRs as a function of camera distance for the XS and CP with the
ICG and 800CW. The angled position of the LED ring showed a better CNR in
all setups.

Distances of 5 and 10 cm offered the best position for detecting different concen-
trations at both cameras and LED setups. The angled position slightly enhanced
the ICG intensities for both cameras compared to the parallel position at same
distances.

Using the 800CW dye, images also acquired for the ML phantom by both cam-
eras and both LED ring positions. Figure 4.10 shows the CNR for both cameras
at the angled and the parallel positions. It can be seen that the CNRs of 800CW
at both LED positions for the XS camera are doubled their values using the ICG
dye. This difference between the two dyes is also observed in the concentration-
dependent sensitivity analysis for this camera. The CP camera, likewise the XS,
is also measured higher CNRs using 800CW compared to the ICG probe. It
reached the maximum intensity at 5 cm distance for concentration of 0.2 μM.
However, this concentration (0.2 μM) has the highest 800CW intensity for both
cameras at all distances. Again, a small improvement in CNRs was achieved
when the LED ring was placed in the angled position for both cameras due to
the absence of the frontal LED reflection on the ML phantom.
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Figure 4.10: CNRs as a function of camera distance for the XS and CP with the
ICG and 800CW. The angled position of the LED ring showed a better CNR in
all setups.

4.3.3 CNR as a function of target diameter

The ML phantom was used to investigate the detection ability of each camera
for imaging simulated small-sized metastatic lesions with focal spots between 4
and 0.5 mm in diameter. At 10 cm distance, one column containing optimal
concentrations resulting from a dilution series in concentration-based sensitivity
analysis was chosen for each dye. Chosen concentrations were 10 and 1 μM for
ICG and 800CW, respectively. Figure 4.11 shows images that were obtained for
the ML phantom using the CP and XS with both dyes.
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Figure 4.11: Example images of the ML phantom filled with different concen-
trations of ICG and 800CW using CP and XS cameras at 5 cm distance using
different light source positions. The red rectangle indicates the column of dif-
ferent diameter wells filled with concentrations of 10 and 0.2 μM of ICG and
800CW dyes, respectively. The effect of the reflection on the imaged field can
be seen in both LED positions. Air bubbles are shown within the well for 800CW
using the XS camera.

As can be seen in Figure 4.12, the CNR of the XS, using ICG and 800CW probes
with angled and parallel positions of the LED ring, are plotted for all holes for
one column. When the excitation ring was in the angled position, higher CNR
values were observed, such that smaller wells (0.5, 1 mm) could be identified with
a lower surrounding background signal. However, when the parallel position was
used, the smaller wells could not be distinguished from the background. This
was due to the fact that the photons exciting the fluorescence dyes followed a
similar and contorted path as the light emitted towards the detector [18, 232].
Thus, the high amount of scattering from the excitation light at the surface of
the ML phantom produced stronger light signals than the small-sized targets.
This accumulation of consecutive scattering events led to random changes in the
emitted photon paths and consequently prevented the accurate localisation of
small-sized sources.
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Figure 4.12: CNRs as a function of well diameter for the XS and CP with the
ICG and 800CW. The angled position of the LED ring showed a better CNR in
all setups.

4.3.4 CNR as a function of target depth

One of the main limitations of the NIRFI technique is the limited penetrative
ability due to absorption and scattering within tissues. Scattering events (i.e.,
changes in photon direction) occur much more frequently than absorption events
[232]. Thus, to evaluate the performance of each camera, measurements using
the optical tissue-like phantom were conducted. Figure 4.13 shows example
images of the ML phantom filled with 800CW and imaged under different layers
of the tissue-like phantom at a fixed distance (5 cm).
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Figure 4.13: Example of the ML phantom filled with different concentrations
of 800CW and covered with the optical tissue-like phantom with thicknesses
between 0 and 3 mm. Images were obtained using the XS and CP cameras at 5
cm distance. The LED was in the angled position.

Images were also taken with the LL phantom using optimal intensity concen-
trations of 10 μM and 1 μM for ICG and 800CW, respectively. An example of
the images acquired is shown in Figures 4.14 and 4.15 for the LL phantom filled
with 800CW and placed at 5 cm distance. It was imaged with the CP camera
under thicknesses between 1 to 8 mm of scattering equivalent medium and the
LED ring was placed in the parallel and angled positions. It was observed that
the spatial resolution degraded at 5 mm and the fluorescence target disappeared
completely at an 8 mm depth due to the increased scattering and absorption
effects of the optical tissue-like phantom.
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Figure 4.14: Images of the LL phantom containing a concentration of 0.2 μM
800CW and imaged by the CP camera. The tissue-like phantom was used with
a 1 mm thickness increment. The circular ring around the fluorescence target is
the reflection of the LED ring placed in the parallel positions.

Figure 4.15: CP camera images of the LL phantom containing a concentration of
0.2 μM 800CW. The reflection of the circular LED ring is shown in the angular
position aside from the fluorescence target.

Figure 4.16 illustrates CNRs for the XS and CP cameras as a function of depth
using both fluorescence dyes. CNRs decreased as depth increased, until the
point where the circular shape of the fluorescence target disappeared completely
at 6 and 7 mm for the XS and CP, respectively.
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Figure 4.16: CNRs as a function of thickness for the XS and CP with ICG and
800CW using the LL phantom. The angled position shows better CNRs for all
cameras when using either dye. For all setups, the maximum depth that either
camera could image was 7 mm.

Both tested cameras were capable of detecting both dyes, ICG and 800CW, as
deep as 7 mm. The angled position of the excitation light also enhanced the
intensity for both cameras and for both dyes. A depth of 7 mm was found to be
the maximum detection depth, after which it became difficult to identify NIRF
targets even with diameters as large as 10 mm using either camera or either
dye in either LED ring position. For targets with smaller diameters (between
0.5-4 mm) the maximum depth for fluorescence imaging was about 3 mm due
to the weak signal emitted from the micro-volumes used. In general, the CP
camera showed better detection abilities than the XS camera in all tests when
using different dyes and LED positions. Unlike the CP, the XS camera is mainly
designed for optical applications, but with appropriate modification it was able
to detect NIRF targets without the need for manual adjustment of the focussing
lens at each acquisition. Clearly, detection ability depends on different factors
including illumination position, filtration of the excitation and emission lights,
fluorophore concentration, target size and position, phantom properties and the
camera system.
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One possible enhancement could be focussing the excitation light to produce
homogenous illumination of the target. This may allow for a reduction in the
reflected light from the area of non-interest around the target by adjusting the
illumination to only cover to the area being imaged. Another important im-
provement could be to filter the excitation light using an interference filter to
block unwanted spectral ranges. Thus, further improvements are required for
the NIRFI system, taking into account cost-effectiveness, camera size, simpli-
city, LED intensity and position. Further development will allow the NIRFI
system to be combined with the HGC camera to enable dual radio-NIRFI. This
would offer the possibility of simultaneously using the higher penetrative abil-
ity of gamma-ray sources with the higher spatial resolution of NIRF in a single
imaging system for intraoperative procedures.

4.4 Conclusion

Fluorescence-guided surgery has the potential to assist surgeons with anatomical
and functional feedback about tumour margins and vital structures. However,
the main inadequacy of the NIRFI technique is its limited penetrative ability
for targets located deeper than 1 cm. To tackle this limitation, a combination
of radioactivity and NIRFI techniques have been used for SLN identification.
These techniques were conducted using separate systems due to the current lack
of a single real-time imaging system that combines gamma radiation with NIRF.

A hybrid gamma camera that combines gamma and optical imaging has been
developed for clinical and surgical use. Further development of this system will
merge the NIRF modality to provide simultaneous fluorescence-gamma imaging.
In this study, NIRFI systems were assessed by testing two cameras (XS and CP),
two fluorescence dyes (ICG and 800CW) and different phantoms with different
LED excitation positions. The minimum and maximum detectable concentra-
tions of ICG and 800CW were determined. Moreover, the detection capabilities
of both imaging systems were determined for the purpose of imaging metastatic
targets. A tissue-like phantom was also used in this evaluation to determine the
maximum depth at which NIRF targets could be distinguished. Further devel-
opment will combine the NIRFI system with the HGC camera to enable dual
radio-NIRFI.
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Chapter 5

Characterisation of SiPM for an
intraoperative gamma camera

5.1 Introduction

Intraoperative gamma imaging techniques play an integral role in identifying
affected tissues, SLN mapping and radical cancer resection. This modality
provides comparable intrinsic spatial resolution to conventional nuclear medi-
cine devices, small size, compact design, simple use and real-time quantification
with displayed images [116, 117]. There are different gamma detection systems
that have been used for cancer surgery as described previously in section 3.2.2
Chapter 3. Among these systems are scintillators EMCCD-based technologies
that have been used for cancer treatment and preclinical studies. EMCCDs
feature low readout noise, high quantum efficiency (93% at 550 nm for back-
illuminated), detection of low light level, high spatial resolution and wide dy-
namic range [233]. However, there are some limitations of EMCCD technology
such as noise which could sometimes complicate event detection in low energy
gamma imaging [233, 234]. A cooling system (typically between -10 and -50 °C)
is also required to suppress thermal dark counts that could be a more challen-
ging task when designing an array of detectors. Furthermore, the mechanism in
which EMCCD collects charges, more details were given in section 2.3.2 Chapter
2, leads to slow readout that could limit its use for high count rate applications
[40, 234, 235, 236, 237].
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SiPM technology has become increasingly popular compared to PMTs and other
types of photodetectors in medical gamma imaging. SiPM has a good time
resolution, high gain, low power consumption, insensitivity to magnetic fields,
robustness, easy installation, good energy resolution and small design [238, 239].
SiPM can produce charge pulses of 105−107 in several tens nanosecond compared
to a gain of 103 generated by EMCCD. The EMCCD has slow readout property
where capture of photon arrival time is not possible, hence, it can not be used for
time coincidence measurement as required in PET imaging [240, 241]. Despite
the SiPM’s high dark count rate and variation of gain with temperature, different
studies have reported that SiPM can operate at room temperature when a gain
stabilisation system is used [242, 243, 244, 245].

Various novel approaches have been carried out to use SiPM in medical X-ray
scanners, SPECT and PET systems [240, 246, 247, 248, 249, 250, 251]. For in-
traoperative imaging and preclinical studies, different prototypes have been de-
veloped exploiting the advantageous features of SiPM-based detectors [252, 253].
For example, the first generation of Albira, a small animal PET/SPECT/CT
imaging device uses monolithic crystal coupled to PMTs, showed high image
quality and good performance [254]. The next generation of Albira device was
designed based on arrays of SiPM in replacement of the PMTs. They demon-
strated that the SiPM-based device significantly outperforms the previous PMTs
based system in all measured performance parameters [255].

Another study by Castro et al. characterised SiPM-based SFOV gamma cam-
era for scintimammography, SLN detection, small animal imaging and research
applications [256]. In their prototype, they investigated the use of SiPM for de-
tecting light from a CsI[Na] crystal. Their study suggested that SiPM has a good
performance with obtained energy resolution of 23% at 122 keV. However, they
proposed that further optimisations are needed in terms of improving readout
electronics, temperature stabilisation and bias voltage monitoring of the SiPM.
Another study by David et al. investigated SiPM array coupled to LGSO[Ce]
scintillator crystal for SFOV PET imaging [257]. Their findings showed a clear
visualisation of discrete events on the scintillator with an energy resolution of
18% at 137Cs energy (662 keV).

The SFOV HGC, that has been already described in Chapter 3, was designed
for scintigraphy imaging and intraoperative SLN mapping. The HGC uses EM-
CCD technology showing good performance characteristics for clinical gamma
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imaging in the energy range between 30-140 keV [184]. A SiPM-based imaging
system could have the potential to enhance the HGC performance at higher en-
ergy ranges which could then extend its application in other fields that include
high energy gamma imaging. In order to design a detector system based on
SiPM principle, it is essential to investigate SiPM physical properties. The pur-
pose of this Chapter is to study the main SiPM properties such as breakdown
voltage, gain, diode capacitance, quenching resistor, time response, crosstalk
probability and count rate levels in relation to temperature. Measurements of
these quantitative data is of paramount importance to properly identify and
define the essential signal characteristics of SiPM which allow us to gain further
insight into the device physics.

5.2 Materials and methods

The SiPM is a semiconductor photodetector which uses a matrix of element-
ary cells operating in Geiger mode. Each cell is connected to a series resistor
which limits the current flowing during the breakdown and consequently ensures
that the avalanche current is quenched. The basic functionality of SiPM was
reviewed in section 2.3.6 Chapter 2. The presented study was conducted using
SiPM manufactured by Hamamatsu with the physical properties that are shown
in Table 5.1. Tested SiPM has 3×3 mm2 effective photosensitive area with a mi-
crocell size of 50 µm. This SiPM series has a spectral response ranging between
270 to 900 nm with a peak sensitivity at a wavelength of 450 nm.

Serial No. Effective area Pixel pitch No. of pixels Spectral response
3050CS 3×3 mm2 50 µm 3600 270-900 nm

Table 5.1: Physical properties of the SiPM [258].

Figure 5.1 shows the SiPM S13360 series which was connected to a printed
circuit board (PCB) with 1 kΩ bias resistor and a coupling capacitor to act as a
low pass filter for the input signal. A microscopic image was obtained showing
the photosensitive area and the quenching resistor for each pixel.
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Figure 5.1: Illustration photo of the SiPM (a), (b) microscopic image of the SiPM
shows pixels and quenching resistors and (c) a diagram of the PCB attached to
the SiPM to filter the input signal [258].

Figure 5.2 demonstrates the characterisation setup which was mainly designed to
test and enhance electrical characterisation methods of SiPM [259]. The SiPM
system was connected to a thermo-electric cooler (TEC) board, provided by
Meerstetter Engineering Gmbh, to maintain the SiPM at a stable set temperat-
ure [260]. Then, it was placed in an inner chamber in order to avoid condensation
using dry nitrogen to reduce the humidity in the range between 3-5%. In a light-
tight box the SiPM was illuminated by a pulsed laser (LPG-450), from Photek,
that provides photon pulses with wavelength of 405 nm [261]. The pulse dura-
tion of the light source was 100 ns with a frequency of 1 kHz driven by a pulse
generator. The light beam was directed to pass through a natural density (ND)
filter, provided by Thorlabs, to reduce the number of photons hitting the SiPM
to a low level [262]. Prior to each test the inner chamber was evacuated and
the SiPM’s output signal was integrated using 12-bit high resolution oscilloscope
from Lecroy [263].

It is important to mention that for performing this measurement, it is necessary
to obtain statistically significant set of data for the output pulse in order to
describe meaningful histograms. For this reason, the sequence acquisition mode
in the HD oscilloscope was used to maintain high sample rate. Therefore, a trace
of 10 ms contains 2.5 × 107 samples at 400 picosecond/sample. This TRaCe
(TRC) file was then converted into a text file using a python code for data
analysis and parameter calculations.
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Figure 5.2: Illustration of the characterisation setup of the SiPM. The laser
pulses are driven by a pulse generator where the pulse signal is fed into the
oscilloscope. Laser beam passes through the ND filter hitting the SiPM that is
mounted on the circuit board. The SiPM was operated by a power supply. The
resulted signal was recorded by the oscilloscope.

5.3 Results and discussion

In this experimental test, the main properties of SiPM (type S13360-3050CS by
Hamamatsu) were addressed including measurements of the breakdown voltage,
gain, junction capacitance, time response, quenching resistance, dark count rate
and crosstalk probability at different temperatures.

5.3.1 Determination of the breakdown voltage

Measurement of the breakdown voltage (VBR) is important before determining
other characteristics of the SiPM. Scattering of charge carriers in the silicon
leads to net loss of carriers’ energy prevents the impact ionisation rate [265].
Therefore, it is required to increase the impact ionisation rate by increasing
the electric field strength (i.e the reverse bias) which in turn increases VBR.
The proportional relation between the signal amplitude and the applied voltage
at different temperatures was plotted and VBR was then derived from the y-
intercept of a linear curve fitted through the points as shown in Figure 5.3. The
linear dependence of VBR on temperature was measured.
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Figure 5.3: The relation between the amplitude and the bias voltage was used
to calculate the breakdown voltage at different temperatures. Some error bars
are smaller than the data point symbols.

The breakdown voltage was then determined for this SiPM sample at five tem-
perature values. Figure 5.4 shows a linear dependence with nearly identical slope
between the VBR and temperature. The influence of temperature on VBR is due
to the increased probability of scattering for the charge carriers (electrons and
holes) as temperature increases. Measured VBR was in the range between 49 to
52.8 V with a temperature coefficient of 0.10±0.04 mV/ °C. The standard error
was calculated from the intercepts of the linear regression fitting for each point
at each temperature. These values were used as the basis for all applied voltages
at each tested temperature in the following parameters measurements.
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Figure 5.4: The relation between the measured break down voltage as a function
of temperature with an R2 value of 0.993. Error bars are the standard errors
from the linear regression fitting for each point.

5.3.2 Gain measurement

Using the oscilloscope, the charge-voltage measurement was conducted by illu-
minating the SiPM with low photon flux at different reverse bias voltages and
different temperatures. Figure 5.5 shows a snapshot of the acquired waveform
using the oscilloscope in the persistence mode.

Figure 5.5: Acquired waveform of the SiPM illuminated by the laser source.
Different peaks are shown that were corresponding to different discharging levels.
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Figure 5.6: Example of the output waveform of the SiPM when illuminated
by the laser source that operated at 2V overvoltage and 25 °C. The different
peaks visible correspond to the numbers of photons (one, two, etc.) detected
per pulse. Due to the large gain, signal separation between different number of
pixel discharging is clearly visible.

Figure 5.6 illustrates an example of the resulting signal amplitudes as a func-
tion of time showing the number of pixels that encountered a breakdown with
different amplitudes as a result of photons detected from the laser source at 25
◦C. The flat line, 0 photoelectron peak (0 p.e), corresponds to the noise pedestal
where there was no pixel discharging i.e. the readout noise of the setup and
electronics. The first smallest pulse (1 p.e) equates a fired microcell to a single
photon detection, the second for two microcells discharging and so on. This
waveform also provides a method to estimate a single pulse shape of the SiPM
under evaluation.

For each acquired waveform an integration gate was chosen manually so that
the entire SiPM signal was contained inside (shaded green area) while a peak
gate was used to identify the location of the signal peak only (shaded red area)
in Figure 5.6. Following this, integration with peak gate limits were used to
extract peak height distribution (PHD) as illustrated in Figure 5.7. This pulse
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Figure 5.7: An example of pulse height spectrum acquired by illuminating the
SiPM with a laser source. This spectrum was obtained at 3V overvoltage and
25 °C.

height spectrum shows that each microcell in the SiPM is capable of detecting
photons independently and can provide information on the magnitude of the
instantaneous photon flux. It can be seen that there is a good separation between
discrete p.e peaks and a valley exists between the pedestal and 1 p.e. The
properties of these peaks can be used to determine the net output charge under
the area of the 1 p.e which equals the gain, by definition, of the evaluated SiPM.
The next step was to extract the 1 p.e single pulse shape as depicted in Figure
5.8 in order to measure the required parameters. An integration window for
the whole peak was determined manually, as described previously, to measure
the area (green region in the graph) that represents the collected charge. The
resulted gain by unit time was then measured at different overvoltages and
temperatures. The gain was measured using the relation between the amplitude
(V) and total collected charge (Q) at determined time window (t) divided by
the input resistance (R) of the oscilloscope, i.e. 50 Ω, as shown in equation 5.1
[274].

Q = V

R
× t (5.1)
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Figure 5.8: The single pulse plot of the 1 p.e at 3V overvoltage and 25 °C. The
green region represents the chosen area.

Three overvoltage values were applied to the SiPM at different temperatures
obtaining different waveforms for measuring the gain as a function of overvoltage.
Figure 5.9 represents the linear relation between the measured gain of 1 p.e with
varying overvoltage at different temperatures. Errors in gain measurements were
calculated by varying the integration window (black dashed lines in Figure 5.8)
of the area in the single pulse plot for each point.
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Figure 5.9: Measured gain as a function of the reverse bias at different temper-
atures. A linear relation between the gain and the overvoltage is obtained with
averaged R2 value of 0.996.

The demonstrated gain properties exhibited the SiPM behaviour as a function of
different overvoltages and temperatures. For the tested SiPM type, the measured
gain was in the range between 7 × 105 to 2 × 106 depending on the operating
overvoltage with varying temperatures. The linear dependence of the gain as
a function of the overvoltage is due to the increase of the internal electric field
that initiates more avalanches. This leads to more charge stored on the junction
at higher overvoltage. These typical high values of gain represents one of the
advantageous features of SiPM compared to PMTs which has a similar gain.

The same resultant gain value is also demonstrated as function of the temper-
ature as shown in Figure 5.10. It is demonstrated that SiPM gain decreased
as temperature increased by indirect relation. This is due to the increase of
VBR as temperature increases, hence, at a fixed overvoltage value, increasing of
temperature hampers the impact ionisation rate and consequently reduces the
gain.
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Figure 5.10: The relationship between the gain and temperature at different bias
voltages. The gain decreases as temperature increases with a mean coefficient
of −11.5± 5× 103 electron/°C with varying overvoltages.

Gain variation in SiPM is an undesirable process that may lead to a significant
shift in the detected peak pulses which limits energy resolution and result in
serious artefacts in reconstructed images [266, 267, 268]. Thus, it is important
to stabilise the gain under varying ambient temperature which is a common
requirement in SiPM applications. However, in medical use, room temperature
can be maintained at low levels and the gain can be stabilised using a built-
in temperature compensation driver circuit that senses the SiPM temperature
and feeds this information back to compensate with the appropriate operating
voltage. This provides a good gain stabilisation of about less than 2% at a
temperature of 60 °C [269, 270].

5.3.3 Junction capacitance

The junction capacitance Cj is an important parameter in SiPM. To measure
this, the collected charge has an impact on the recovery time that needed to
complete the recharge phase. The collected charge was extracted from the area
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Figure 5.11: A plot shows the junction capacitance measurements as a function
of different overvoltages and temperatures.

under 1 p.e curve for each overvoltage4V and temperature. 4V is the difference
between the applied reverse bias voltage and the breakdown voltage. The Cj
was measured using charge collection in a capacitor as in equation 5.2 [67].

Q = Cj.4V (5.2)

Measured Cj as a function of the increased overvoltage is demonstrated in Figure
5.11. It shows a linear decrease of Cj as the overvoltage increases at different
temperatures with a mean voltage coefficient of −10.1± 0.2fF/V . By increas-
ing the reverse bias voltage, the width of the depletion region increases and
consequently the junction capacitance decreases [271].

5.3.4 Time response

The time properties of SiPM are of great importance for different applications
such as TOF measurements and investigating fast known and unknown scintil-
lation
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Figure 5.12: An example demonstrating the estimation method of τr (red line)
and τf (blue line) using 1 p.e pulse signal. The τr was calculated as the difference
between the 10 and 90% of the pulse rising part.

processes. In this configuration, the rise time (τr) and fall time (τf ) of the SiPM
were measured using the resultant 1 p.e pulse shape. The τr was estimated as
the interval between the times at which the pulse rises to 10% and 90% of its
highest amplitude, while the τf was measured starting from the falling part of
the signal as shown in Figure 5.12.

The τr does not show any significant changes with varying other parameters in
this experimental configuration. The τr was found in the range of 3.2±0.7 ns at
different temperatures and overvoltages. This is due to the fact that τr is related
to the charge carriers migration time from the point of their formation across the
depletion region [272]. Therefore, τr is short and limited by the charge transit
time in SiPM where high electric field is applied across the very small width of
the depletion region.
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Figure 5.13: Exponential fitting for the slow time component extracted from the
1 p.e waveform obtained by applying different overvoltages at 15 °C. The red
lines represent the exponential fit to the τf . The decay fitting function is shown.

The other parameter is the τf , also called time constant; it was calculated using
exponential function that fitted to the falling portion of the 1 p.e waveform
as illustrated in Figure 5.13. The signal was measured for each 1 p.e at each
overvoltage and temperature with obtained error by varying the fitting in ±10
ns. The typical fall time for this type of SiPM is in the range between 31.7±0.3
to 36.3±0.4 ns at different applied overvoltages and temperatures.

The relation between τf and temperature is plotted in Figure 5.14 where τf
decreased as temperature increased with varying overvoltage values. The τf is
influenced by the dependence on Cj recharging through the quenching resistor
Rq. Therefore, τf increased as Cj and Rq increased; however; other factors can
also delay the fall time including; geometric fill factor, pixel size and Rq doping
concentration [272, 273]. Other factors also could degrade the best achievable
time resolution properties such as additional photon time transfer spread and
imperfection in light transfer efficiency of emitted scintillation light as well as
the influence of the electronic readout circuits [274, 275, 276].
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Figure 5.14: The relation between the fall time as a function of temperature at
different overvoltages. There is a measured temperature coefficient of −0.1 ±
0.003 ns/°C for the decreased fall time values.

5.3.5 Quenching resistance

The fall time τf represents the time constant of the junction capacitance re-
charge through the quenching resistance. Therefore, by using the extracted fall
time values mentioned above at different overvoltages and temperatures, the
quenching resistance Rq can be calculated using equation 5.3 [67]. Figure 5.15
represents the relation between Rq and temperatures at different overvoltages.
A linear decrease of Rq is observed with increasing temperature and overvoltage.
This is could be due to the effect of the Joule heating at higher temperature that
reduce the resistance and would keep Rq in the avalanche process [272, 273].

τf = Rq × Cj (5.3)
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Figure 5.15: Quenching resistance of a single cell as a function of the temper-
ature at different overvoltages. Rq decreases as temperature increases with a
temperature coefficient of −2.65± 0.13 kΩ/°C.

5.3.6 Dark counts

As discussed previously in section 2.3.6.5, dark count is considered as one of the
main sources of noise in SiPM which generated by thermal electrons. The dark
count level depends on the active area, overvoltage and temperature. Therefore,
the influence of overvoltages and temperatures on the dark count were investig-
ated for the tested SiPM with no threshold applied. Figure 5.16 demonstrates
an example for dark count spectra at 3 V overvoltage and different temperatures
in the absence of any light source. Dark counts presumably are generated in the
first p.e peak but entries in the second p.e and higher are also considered as dark
counts [277]. The first peak to the left in Figure 5.16 is the noise pedestal at all
temperature values. The first and second p.e. are also shown to be increasing
as temperature increases.
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Figure 5.16: An example for the dark count spectra of the SiPM obtained at 3V
overvoltage and at different temperatures.

Using the previous method, dark counts at various overvoltages and temper-
atures were measured. The charge under the area of the 1 p.e and higher was
integrated to estimate the dark counts. Figure 5.17 demonstrates the dark count
versus increased temperature at different overvoltage. The influence of temper-
ature on the dark counts is shown clearly. For example, at 3V overvoltage, the
dark count rate was 172 e− pixel−1s−1 at -5 ◦C while it significantly increased
to 2104 e− pixel−1s−1 at 35 ◦C. This is because further increase in temperature
generated more thermally excited electrons that increased dark counts signific-
antly [265, 266]. Also, at a temperature of 15 ◦C, the dark count rate was 12
e− pixel−1s−1 at 1 V which was increased to 466 e− pixel−1s−1 at 3 V. This
increased dark count is due to the increased probability of breakdown condition
which in turn enabled more current growth as discussed in Chapter 2 section
2.3.6.1. It is obvious that temperature has a more dominant influence on the
dark count than the applied overvoltage in SiPM.
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Figure 5.17: Measured dark counts per second at varied temperatures and dif-
ferent overvoltages. Dark counts significantly increase at high temperatures.

5.3.7 Crosstalk probability

Crosstalk is considered as a source of noise; therefore, resultant dark count spec-
tra were used to determine the crosstalk probability at different temperature and
overvoltage values. A dark count event around the located 1 p.e can induce a
crosstalk photon that fires neighbouring APDs [277]. This process will initiate
another event in the second p.e as a crosstalk event which is shown previously
in Figure 5.17. The crosstalk probability was calculated as the ratio between
events under the second p.e to events under the first p.e. Figure 5.18 illustrates
the crosstalk probability as a function of temperature at different operating over-
voltages. It is shown that the fraction of crosstalk increases as the temperature
and overvoltage increased.
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Figure 5.18: Calculated crosstalk probability as a function of temperature and
at various operating overvoltages.

It is important to mention that the obtained dark count and crosstalk probability
in this setup were almost double the values given by the manufacturer at 25 ◦C
and 3V. This is because of the applied threshold of 0.5 p.e in the manufacturer
measurement setup. Therefore, further decrease of the dark count and crosstalk
probability can be achieved when applying a threshold based on the required
application.

5.4 Conclusion

SiPM technology has emerged as a novel gamma radiation detection device in
intraoperative imaging application. In this study, the main properties of SiPM
including the break down voltage, gain, diode capacitance, quenching resistor,
time response, dark counts and crosstalk probability were investigated to obtain
a deep insight in SiPM device physics. Varying temperatures demonstrated to
have a significant impact on all SiPM operation parameters. The most strongly

97



affected parameters are the breakdown voltage, gain and the dark count in
particularly at high temperatures. Therefore, it is necessary to operate SiPM at
a fixed temperature to ensure a constant breakdown voltage and consequently
a stable gain. Cooling down the SiPM may be needed to suppress the dark
counts to increase the sensitivity for low-light detection. For a miniature medical
device, a stabilising system for the breakdown voltage could be sufficient to
operate SiPM-based system at the room temperature to ensure a stable gain
performance. The next plan is to test the SiPM as light readout for CsI [TI] and
GAGG scintillators using a wide range photon energies from different radiation
sources to investigate the effectiveness of the new configuration for different
applications.
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Chapter 6

Comparison between monolithic
GAGG:Ce and columnar CsI:TI
coupled to SiPM for
intraoperative gamma imaging

6.1 Introduction

SFOV gamma cameras provide surgeons with additional information that en-
hances their capability to identify and confirm complete removal of intended
lesions intraoperatively. These imaging tools have several useful features includ-
ing more precise delineation of the target, straightforward real-time information
and image-based documentation of radioactive distribution of the excised target
[278, 15, 279]. The use of SFOV gamma cameras have been reported for various
anatomical localizations, including, for example, SLN assessment, breast sur-
gery, head and neck cancers, brain tumours, gastrointestinal malignancies and
melanoma [116, 123, 136, 280]. Currently, there are a wide range of SFOV intra-
operative gamma camera systems which have been discussed with more details
in Chapter 3.

However, when designing an appropriate system, it should be considered that
the performance of a gamma camera will be limited by the intrinsic compromise
between the sensitivity and spatial resolution [76, 281]. Therefore, the best
gamma camera is assumed to be the one having the best trade-off between
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these two factors predicted by the specific application. For instance, in SLN
biopsy during breast cancer surgery, sensitivity is considered the most important
parameter to detect a lymph node due to activity uptake as low as ~20 kBq
[282, 283]. On the other hand, spatial resolution could be more important,
although always desirable, in complete SLN and tumour resection.

Inorganic scintillators have been the mainstay in majority of medical diagnostic
equipment. The ideal scintillation material should possess a high light yield,
good energy resolution, high density, fast scintillation time and no intrinsic ra-
dioactivity [40, 76]. One of the most versatile and efficient scintillators that has
good properties and is widely used in medical imaging is thallium-doped cae-
sium iodide (CsI:TI) [40]. This scintillator features adequate density, good light
yield, is relatively inexpensive, widely available and has well-matched spectral re-
sponse to a number of detector types, eg. PMTs, CCDs and SiPM. Furthermore,
CsI:TI can be manufactured in either single crystal or a special micro-columnar
form that behaves as an array of isolated scintillators. This columnar structure
inhibits lateral light from spreading within the scintillator and improves spa-
tial resolution [40, 284]. For the nuclear medicine application, CsI:TI can be
fabricated in a dedicated thickness that ranges between 100 µm to 3 mm [284].

Another relatively new scintillation crystal is Ce doped gadolinium aluminium
gallium garnet (Gd3Al2Ga3O12:Ce or GAGG:Ce) [46, 49]. This crystal has high
luminosity compared, for example, to lutetium-yttrium oxyorthosilicate (LYSO)
and bismuth germanate (BGO). It also has higher density, higher light yield and
faster rise and decay time constants than that of CsI:TI and NaI:TI crystals.
Moreover, GAGG is non-hygroscopic, physically rugged and does not emit nat-
ural radioactivity, offering a wide range of applications. Table 1.6 shows the
main properties of GAGG compared to the most common scintillators in med-
ical imaging.

Recently, SiPM has become the detector of choice for different medical scanners
due to their attractive characteristics [247, 248, 250]. This includes its high
gain, small size, good time resolution, lower power consumption, insensitivity
to magnetic fields, easy installation and compactness. Despite the fact that
SiPM has higher dark count rates compared to PMTs and therefore requires
gain control with temperature variations, several studies have demonstrated that
SiPM can provide sufficient signal-to-noise levels without the need of a cooling
system [242, 243, 244, 245, 266].
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Scintillator CsI:TI GAGG LYSO BGO NaI:TI
Density (g/cm3) 4.5 6.63 7.1 7.1 3.6
Light yield (ph/MeV) 54,000 60,000 30,000 9,000 41,000
Decay time (ns) 1000 90 45 300 230
Peak emission (nm) 545 520 420 480 410
Hygroscopic Yes No No No Yes

Table 6.1: Physical characteristics of the most common scintillators used in
medical imaging [46, 284, 285].

Different studies have evaluated both scintillators’ (CsI:TI and GAGG) perform-
ance using SiPM photodetector for a range of applications including medical ima-
ging. Efthimiou et al. studied different scintillator crystal SiPM-based systems,
including CsI:TI, for SPECT and PET imaging system [26]. This initial invest-
igation showed an energy resolution of 23% for CsI:TI at 140 keV. Another study
by Occhipint et al. coupled a 4 mm thick CsI:TI to SiPM for SPECT imaging,
showing 12% energy resolution at 122 keV [286]. On the other hand, various
reports show the good performance of GAGG in terms of energy and timing
resolutions for gamma spectroscopy and hadron detection [246, 286, 287]. For
example, Yamamoto et al. developed a small GAGG pixel (0.1 mm2) coupled to
a SiPM array for beta, alpha and gamma imaging [288]. Their study achieved
a spatial resolution of 0.6 mm at 241Am gamma energy. Another study reports
an energy resolution of 9.4% at 137Cs (662 keV) for 30 mm thick GAGG crystal
for medical imaging [289].

Here, the study is conducted in the framework of the HGC project. It invest-
igated two scintillator materials with different structural features, namely the
columnar CsI:TI and continuous GAGG detector systems coupled to SiPM. The
aim of the study was to evaluate the performance of a thin layer (1.5 mm) of
both scintillators in a SiPM-based system for intraoperative gamma imaging. In-
trinsic performance features such as linearity, intrinsic resolution and detection
efficiency are described.
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6.2 Materials and methods

This experiment investigated both scintillators, CsI:TI and GAGG:Ce. The
CsI:TI has a columnar structure with dimensions of 3 × 3 × 1.5 mm2 and was
provided by Hamamatsu, Japan [290]. The GAGG was a monolithic slab with
dimensions of 3 × 3 × 1.5 mm2 and came from Advatech, UK [285]. Figure 6.1
shows microscopic images using scanning electron microscope (SEM) to show the
different structure of both scintillators. The microscopic image of CsI:TI shows
the existence of gaps between columns, while this defect does not exist in the
GAGG layer. Scintillation light was collected by SiPM, which was characterised
in the previous chapter, with dimension of 3 × 3 mm2 and a pixel size of 50 µm
manufactured by Hamamatsu, Japan [258].

Figure 6.1: Images of the top surface of the samples using a scanning electron
microscope (SEM) showing the columnar structure of CsI:TI in (a) and the
non-pixelated GAGG layer in (b).

Figure 6.2 depicts the calculated percentage absorption with photon energy de-
pendence of 1.5 mm layers of CsI:TI and GAGG scintillators [293]. For CsI:TI,
it can be seen that the K-absorption edges at 33 and 40 keV are significantly
decreased while a 50% absorption fraction can be achieved at photon energy
of 122 keV. The GAGG exhibits higher K-shell transition effect resulted from
Gadolinium (Gd) at around 49 keV but it shows higher absorption probability
of ~ 65% at 122 keV compared to CsI:TI.
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Figure 6.2: Percentage absorption of gamma photons through 1.5 mm thickness
of CsI:TI and GAGG scintillators at different energies.

Both scintillators were wrapped with teflon tape to ensure that no light was
scattered outside the scintillator through the edges as shown in Figure 6.3
[291, 292]. The exit region was kept uncovered to pass optical light directly
to the SiPM surface. Both scintillators were optically attached to the SiPM
using silicone oil (a refractive index of 1.403 with a viscosity of 100 k cSt at
25 ◦C) which was provided by Sigma-Aldrich [294]. The whole detector was
then covered by reflective tape and placed in a light-light box to eliminate any
possible interference from ambient light.
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Figure 6.3: Illustration of scintillators and SiPM in (a) which were wrapped
with layers of teflon and a layer of Al reflector and coupled to the SiPM using
optical grease as shown in (b).

Each detector system then was attached to a circuit board with 1 kΩ bias resistor
and a coupling capacitor. The SiPM operated at 54.4 V at room temperature
of 18 ◦C. Both detectors were illuminated by X- or gamma rays using four
radioactive sources, 55Fe, 109Cd, 241Am and 57Co. Table 6.2 shows the physical
properties of these sources. The output signals were recorded on 12-bit high
resolution oscilloscope from Lecroy [263]. The oscilloscope was triggered by the
coincidence of incoming events. The threshold level was increased manually
reaching 1.8 mV where almost no event was registered on the oscilloscope in the
absence of the radioactive source. This was to raise the detection level above
the noise contribution in acquired spectra. For each source, a trace of 10 ms
contains 2.5×107 samples at 400 picosecond/sample was obtained in a trace file
format which was then converted to a text file using a python script for further
analysis [295]. The setup connection is illustrated in Figure 6.4.

Radioactive source Energy (keV) Activity (MBq)
55Fe 6 150.6
109Cd 22 38.3
241Am 59 70.2
57Co 122 19.6

Table 6.2: Physical properties of the radioactive sources used to evaluate both
detector systems.
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Figure 6.4: Illustration of the experimental setup where the source and the
scintillators SiPM samples were placed within a tight-light box.

6.3 Results and discussion

6.3.1 Time response

The time response of both scintillators, CsI:TI and GAGG, was measured. The
rise and decay times were determined at different photon energies at room tem-
perature (18 ◦C). In this setup, all radioactive sources were placed at the same
distance from the detector systems for each acquisition. Figure 6.5 represents
the measured averaged pulse shape (100 k pulses) as a function of time in µs
for both scintillators in the energy range between 6-122 keV. It can be seen that
the variation in amplitude is a result of the variation of the light yield with in-
creased photon energy for both scintillators. As a consequence of the increased
amplitude, i.e increased charge, larger time is expected for charge collection.
The rise time was estimated as the the interval between the times at which the
pulse rises to 10% and 90% of its highest amplitude value.

Measured rise times for both scintillators produced from various photon energies
are shown in Table 6.3. It is observed that the rise time decreased as photon
energy increased because of the increased surge of charges within the SiPM.
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Radioactive source CsI:TI GAGG
Rise time (ns)

55Fe 304±9 139±6
109Cd 236±6 91±3
241Am 178±5 56±4
57Co 151±7 37±3

Table 6.3: Measured rise times for CsI:TI and GAGG SiPM-based detectors for
different photon energies.

Figure 6.5: Averaged scintillation decay profiles for CsI:TI in (a) and GAGG in
(b) produced by different radioactive sources. Red lines represent the exponen-
tial fit for the decay time.

CsI:TI showed slower rise time than GAGG; that could be due to the longer
rise time of CsI:TI for the initial appearance of light (luminescent states) that
subsequently produces slower decay times between these states [40, 41].

On the other hand, the decay time was estimated from the exponential function
that fitted to the falling part of the pulse profile for each scintillator at each
radioactive source as shown previously in Figure 6.5. The measured decay time
for both scintillators are shown in Figure 6.6. The CsI:TI layer exhibited longer
response time compared to GAGG at all tested radioactive sources. For example,
the decay time of CsI:TI was about 740 ns compared to 150 ns for GAGG at
57Co (122 keV). This larger decay time is combined with a persistent afterglow
component which can be as high as 5% of the peak value for CsI:TI causing pulse
pileup. Pulse pileup is an undesirable effect for high count rate applications [296].
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Figure 6.6: The dependence of decay time characteristics of CsI:TI and GAGG
on energy deposited by X- and γ−rays ranging from 6 to 122 keV.

Unlike CsI:TI, the presence of Ce and Gd in GAGG improved scintillation time
characteristics by shortening the rise time and suppressing slow decay and after-
glow [49, 297]. Also, the higher density and the absence of intrinsic radioactivity
of GAGG could increase the detection efficiency and, hence, a shorter scan time
would be needed to generate the required statistics of signals compared to CsI:TI
[298].

6.3.2 Pulse height distribution

Pulse height distribution (PHD) is considered the most common method used to
deduce the fundamental characteristics of the radiation source and the detector
output [40, 76]. Each individual pulse amplitude has important details regarding
the differences in the energy of the incident radiation or the inherent fluctuations
in the detector response. In this experiment, CsI:TI and GAGG coupled-SiPM
were exposed to radioactive sources using an identical setup where pulse height
spectra were obtained.
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Figure 6.7: Pulse height spectra before correction for CsI:TI and GAGG of the
radionuclides (a) 55Fe, (b) 109Cd, (c) 241Am and (d) 57Co.

Using a discriminator threshold of 1.8 mV, the PHD spectra features of different
radioactive sources were obtained. These features were then used to evaluate
the linearity of gamma radiation, determine the energy resolution and detection
efficiency for each scintillator. Figure 6.7 shows obtained PHD before calibra-
tion for both scintillators using different radioactive sources in the energy range
between 6 and 122 keV.

The energy calibration lines of both scintillation crystals were measured to eval-
uate the linearity of pulse height vs γ-rays energy. Figure 6.8 demonstrates the
correlation between the measured amplitude versus the known energy of incident
photons. The relation between the measured signal and the photon energy is
well described by a linear function. The R2 value for these fitted linear equations
were found to be 0.995 and 0.997 for CsI:TI and GAGG, respectively. The res-
ultant linear regression equation 6.1 was used to calibrate the energy spectrum
for each scintillator and each energy from the radioactive source.
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Figure 6.8: The correlation between the measured amplitude as a function of
the known energy of different radioactive sources.

y = a+ bx (6.1)

where y is the output voltage, x is the incident photon energy, a and b are the
intercept and the slope for each linear fit.

6.3.3 Energy resolution

An important aspect in radiation detection is the energy resolution at which
the detector is able to distinguish between two energy lines that lie near each
other. The linearity of γ-rays energy for the CsI:TI and GAGG was used to
calibrate each energy spectrum for each source using equation 6.1. Figure 6.9
shows the calibrated energy spectrum of the 55Fe source generated for the CsI:TI
and GAGG SiPM-based systems. Both peaks were fitted to a Gaussian function
at two energy lines, i.e. 5.9 and 6.5 keV. These peaks are a combination of
different energies from the collected charges produced by incident characteristic
X-ray of Kα and Kβ shells of manganese (Mn).
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Figure 6.9: Measured energy spectra for (a) CsI:TI and (b) GAGG produced
from 55Fe fitted with multiple Gaussian fitting functions at 5.9 and 6.5 keV.

The GAGG and CsI:TI showed a slight difference in photon counts that could
be due to the similar photoelectric fraction of the absorption coefficient at this
energy range (6 keV) and 1.5 mm scintillator layer thickness. It can also be seen
that CsI:TI has larger tail pile-up than GAGG which could be a result of the
superposition of new pulses on the longer-duration tail of preceding pulses. This
can be attributed to the longer decay time of the CsI:TI compared to GAGG
that has been already discussed in the previous sections.

Both scintillators based-SiPM were exposed to higher energy photons emitted
from 109Cd source. Figure 6.10 describes the response function for CsI:TI and
GAGG, showing the principle full-energy-peaks emitted by Kα (22 keV) and Kβ

(25 keV) X-rays of silver (Ag). Both PHDs were fitted to multiple Gaussian
functions at both photon energy lines (i.e. 22 and 25 keV). The tail pile-up
effect is also shown in the CsI:TI curve to be higher than that of GAGG.
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Figure 6.10: Pulse height distribution showing the main photopeaks for 109Cd
produced from (a) CsI:TI and (b) GAGG. Both photopeaks fitted to a Gaussian
function at energy lines of 22 and 25 keV.

The energy spectra of CsI:TI and GAGG resulting from 241Am source are dia-
grammed in Figure 6.11. For both scintillators, the expected full energy pho-
topeak from the excited state of neptunium (Np) is shown at around 59.6 keV.
The peaks between 10 to 22.5 keV are more likely to be generated by the 241Am
source which emits X-ray L-shell transitions of Np. In the CsI:TI curve, further
peaks were observed at energy higher than 20 keV which could be initiated from
the detector itself, i.e. the secondary fluorescence X-ray from I K-shell at 28 keV
and Cs K-shell at 31 keV.

It is apparent that the fluorescence effect is more pronounced for CsI:TI than
GAGG, particularly at energy range 28–31 keV. It is known that the mean free
path of Cs and I secondary K-shell X-rays can extend typically from 300 µm to
few millimetres apart from the primary interaction site [175, 233]. Consequently,
and due to the thin layer (1.5 mm) of the scintillator, secondary photons con-
tribute more to the energy spectrum. These curve features can be a drawback
of CsI:TI particularly when considering clinical imaging in the proximity of this
energy range such as 125I source (27 keV).
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Figure 6.11: The main photopeaks of CsI:TI and GAGG at 59.6 keV using 241Am
source with a Gaussian fitting for the main photopeaks.

Similar findings were also discussed by different studies that used CsI:TI coupled
with EMCCD including simulations and experimental configurations for 241Am
and higher energy sources [175, 233, 297, 298].

Figure 6.12 illustrates calibrated PHD curves produced for both scintillators
using 57Co. The full energy peak is shown at 122 keV. This peak is formed by
emitted photons from the internal conversion of 55Fe. Similar to 241Am, multiple
low energy peaks were recorded at around 28 and 30 keV corresponding to the
CsI fluorescence effect. This effect was less pronounced for the GAGG crystal.
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Figure 6.12: Energy spectrum recorded with CsI:TI and GAGG-SiPM from 57Co
shown with a Gaussian fitting function.

Based on the obtained PHDs, energy resolution was then calculated using the
relation between the measured full width at half maximum (FWHM) from the
Gaussian distribution fitting of the main photopeak divided by the peak centroid
as follows (12):

Resolution = FWHM

Peak Centroid
(6.2)

Figure 6.13 illustrates the calculated energy resolution as a function of the radio-
active source energy. For the 55Fe source, calculated intrinsic resolution showed
an energy resolution of 61.7% and 54.2% for CsI:TI and GAGG, respectively.
The poorer energy resolution of CsI:TI could be a consequence of the larger tail
pile-up effect on the pulse height measurement in comparison to GAGG. Tail
pile-up effect can worsen the energy resolution by adding a wing-like shape to
the recorded peak which in turn leads to a broader FWHM [40]. The meas-
ured energy resolution was at 71.6% and 68.3% for CsI:TI and GAGG at 109Cd,
respectively. It can be seen that the resolution worsened at this photon energy
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Figure 6.13: The calculated energy resolution for CsI:TI and GAGG at different
radioactive sources in the energy range between 6 to 122 keV.

due to the added broader FWHM that was fitted to 25 keV energy line. At this
energy line, the tail pile-up also has a negative influence on the measured energy
resolution, in particular for the CsI:TI. At 241Am source, energy resolution of
36.6% and 41.2% was obtained for CsI:TI and GAGG, respectively. Finally,
the calculated energy resolution for 57Co was 27.4% and 31.3% for CsI:TI and
GAGG, respectively.

In this experiment, GAGG crystal recorded slightly better energy resolution
than CsI:TI at lower photon energy sources, i.e. 55Fe and 109Cd. This can be
attributed to the faster time characteristic response of GAGG that reduced the
tail pile-up effect compared to CsI:TI. However, CsI:TI exhibited better intrinsic
resolution, although with slight differences, in comparison to GAGG for 241Am
and 57Co.

In general, scintillation γ-ray detectors have relatively poorer energy resolution
in comparison to semiconductors. This poorer capability is assumed to be a res-
ult of the limited resolution that is mainly originated from the assumption that
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scintillation photons are Poisson distributed [40, 299, 300]. Therefore, the en-
ergy resolution will be influenced by the Poisson statistics of formed electrons in
the SiPM which are essentially proportional to the light yield. This can explain
the poorer energy resolution at lower photon energy sources (55Fe and109Cd),
i.e lower light yield that was associated with higher statistical fluctuations that
may resulted from the noise contribution. The noise pulse may arise from the
SiPM or associated electronics that can be difficult to discriminate from small
pulses produced by low gamma energy photons [67]. Other parameters that also
affect the intrinsic energy resolution include non-uniformity of the light collec-
tion, quality of the crystal wrapping, optical coupling, readout device and SiPM
bias overvoltage.

The intrinsic energy resolution of CsI:TI and GAGG was also investigated as
a function of the SiPM operating overvoltage. In this configuration, 109Cd was
used while the operating overvoltage varied between 1 to 4 V for both scintillat-
ors. The overvoltage of the SiPM was determined by subtracting the breakdown
voltage from the operating voltage. The variation of the non-calibrated energy
resolution at different overvoltage for 109Cd is shown in Figure 6.14. It can be
seen that at lower overvoltage, the efficiency of triggering the initial avalanche
is low and the correlated noise from different sources, such as electronic noise,
dark counts and optical crosstalk, is high. This strongly influenced the PDE
leading to lower photon counts and hence, poorer energy resolution. The best
achieved energy resolutions for both scintillators were between 2.5 and 3.5 V,
which comply with the recommended operating voltage by the manufacturer.
At higher applied overvoltage, the PDE reached saturation as the trigger effi-
ciency reached its maximum. While PDE is saturated, high gain is associated
with very high level of dark count rates and optical crosstalk probability which
eventually contributed again to the low photon counting and worsen energy res-
olution. Thus, a careful compromise between these parameters should be useful
in order to obtain the maximum energy resolution.

115



Figure 6.14: Variation of obtained energy spectra as a function of the applied
SiPM overvoltage using 109Cd source for CsI:TI and GAGG.

6.3.4 Full energy peak efficiency

Photon detection efficiency (PDE) provides a precise value for the scintillator in
order to relate the number of counted pulses to the number of emitted photon by
the radioactive source [40]. The intrinsic full energy peak efficiency principle was
used to measure the probability that incident photons on the scintillator surface
will deposit their energy in the detector. The number of photons impinging the
detector surface was estimated using the solid angle (Ω) between the source and
the detector via the following equation [301]:

Ω = 4 tan−1 ab

2r
√
a (r) 2 + a2 + b2

(6.3)

where a and b are the detector dimensions, and r is the source-detector-distance.
Using the resultant solid angle value, the number of incident counts on the
detector was calculated using this equation for each source [40]:

Incident counts = Ω
4π × Activity (6.4)

The ratio between the number of counts under the full-energy peak and the
number of incident photons on the detector was calculated for all sources. Figure
6.15 shows the variation of the intrinsic photo-peak efficiency within the energy
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Figure 6.15: Calculated full-energy peak efficiency for CsI:TI and GAGG for
energies between 6 and 122 keV.

range between 6-122 keV for CsI:TI and GAGG scintillators. The plot exhibited
decreasing PDE with increasing photon energy due to the dominant photoelec-
tric absorption interaction at lower energies which contributed to a larger number
of pulses at the photopeak position. At higher energy photons, the photoelec-
tric effect decreases, while Compton scattering probability increases, leading to a
partial contribution to the full-energy peak. Nevertheless, higher energy photons
have higher penetrating ability and can pass through the whole detector system
without undergoing any interaction, particularly when thin scintillator layer is
used leading to lower count probabilities.

The CsI:TI scintillator showed lower intrinsic DE than GAGG at all energies
which could be due to the larger density of GAGG and the existing dead-spaces
between the adjacent columns in CsI:TI. There was a percentage difference of
6.7% in DE between both materials at 55Fe which then increased to 67% and
47% at 241Am and 57Co, respectively. This showed that intrinsic efficiency is
a parameter dependant primarily on the incident photon energy and detector
material and structure. However, the resulted DE was lower than the theoretical
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calculation that have been shown previously in Figure 6.2 for both types. This
can be attributed to the fact that scintillation light will spread isotropically from
the primary interaction point [40, 300]. Therefore, there will be lost fractions of
light due to the emitted fraction in the opposite direction to the SiPM region,
absorbed fraction in the scintillator material and reflected fraction in the optical
connecting material.

Both scintillator materials SiPM-based gamma detection could provide valuable
properties to an intraoperative imaging camera in terms of size, cost and physical
performance. The columnar structure of CsI:TI showed poorer energy resolution
at lower energy ranges due to the longer timing properties. This caused tail
pile-up effect to be more pronounced for the CsI:TI than the GAGG layer. The
GAGG presented better sensitivity at all tested energy ranges.

One of the main limitation of columnar CsI:TI could be the production of stacks
with thickness of more than 3 mm, therefore, and with the advent of ultra-high
resolution GAGG with a pixel size of (0.1 mm) and larger thicknesses, a dual
intraoperative SPECT/PET GAGG-based design with a removable collimation
system could be more achievable for preclinical studies. This may ensure a good
spatial resolution without sensitivity detriment, leading to extended application
for wider energy ranges in medical application. Contrary to CsI:TI, GAGG crys-
tal is not hygroscopic; therefore, detector housing within a pressurised chamber
may not be required. A common challenging point of using a monolithic crystal
with collimators in SPECT application is the relatively poorer spatial resolu-
tion. This is due to errors in localising the depth of interaction (DOI) of gamma
events within the scintillator layer [302, 303]. However, development of vari-
ous position DOI algorithms could improve the imaging capability in different
medical imaging modalities [304, 305, 306].

6.4 Conclusion

Intraoperative gamma imaging has been widely introduced to visualise activity
distribution in the anatomic region of interest. Such an imaging system requires
a small, lightweight and compact design that produces high quality images. In
this study, a columnar CsI:TI and non-pixelated GAGG SiPM-based detector
samples were investigated within energy range between 6 to 122 keV in terms
of linearity, energy resolution and detection efficiency. Both detectors showed
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good linearity within the studied energy range with thickness as low as 1.5 mm.
The CsI:TI showed slower rise and decay times compared to GAGG due its
inherent scintillation properties. The GAGG exhibited better sensitivity and
intrinsic energy resolution at low photon energy, while the CsI:TI showed better
intrinsic energy resolution at 59.6 and 122 keV. Both materials could be good
candidates for intraoperative SFOV gamma camera. Improvement of intrinsic
resolution and sensitivity parameters can be achieved based on the intended
design and imaging photon energy range. Therefore, to design such an imaging
system further investigations are required, taking into account the influence
of different parameters such as crystal inherent properties, required thickness,
wrapping method, optical coupling, variations in SiPM operating voltage and
using sophisticated readout circuit.
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Chapter 7

Conclusion and future work

The HGC has been developed to aid various diagnostic and therapeutic nuclear
medicine procedures. The HGC capability has been evaluated previously via sev-
eral theoretical, experimental and clinical studies by testing various designs and
different radioactive concentrations in regions around the human body. These
studies have suggested that the HGC has the potential to be a powerful imaging
tool not only for clinical use but also for environmental radiation protection.

The aim of this thesis was to investigate possible developments that could en-
hance the use of the HGC in surgical oncology. NIRF imaging can provide
high-resolution and high sensitivity feedback with a real-time aid about tumour
margins and vital structures during oncologic surgery. The first project was
to exploit an intraoperative NIRF system through an experimental character-
isation of different fluorescent cameras (XS and CP) and different fluorophore
(ICG and 800CW) using different configurations. Phantom studies have been
used to evaluate the performance of the fluorescent systems for imaging different
fluorescent dyes. ICG could be detected at a minimum concentration of 1 µM
while the lower thresholds for 800CW were 10−2 and 10−3 µM for the XS and CP
cameras, respectively. Higher CNR values were observed when the excitation
light was placed in an angled position to the target. Both cameras were unable
to detect small-sized targets within a 3 mm depth, but were able to identify
larger targets as deep as 7 mm. Further development of this system is required
to merge the NIRF to the HGC providing a simultaneous NIRF-gamma imaging
system.

This thesis also has studied the possible application of SiPM-based gamma de-
tection system for intraoperative imaging. Thus, the main physical properties
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of SiPM such as the break down voltage, gain, diode capacitance, quenching
resistor, time response and dark counts and crosstalk probability were explored
to obtain a deep insight in the physics of this device. The influence of temper-
ature on SiPM performance has been shown to be significant on all measured
parameters.

Moreover, a method for evaluating the intrinsic performance of scintillator-SiPM
gamma detection system was developed to aid designs of the instrumentation.
A comparative study was conducted to investigate thin layers of monolithic
GAGG and columnar CsI:TI. The GAGG crystal showed better gamma energy
response, energy resolution and detection efficiency.

The research has resulted in a number of different contributions that may lead
to enhance the multimodality gamma-NIRF imagining system:

• Development of an experimental method to characterise the performance
of NIRF imaging systems using bespoke phantoms.

• Characterisation of SiPM parameters to build the knowledge and under-
stand their requirements for designing an imaging system.

• Designing an experimental setup to analyse the various properties of scin-
tillators SiPM-based gamma detecting systems.

7.1 Limitation of this work

The work described in this thesis is characterised by a number of limiting factors
that are discussed in this section. The performance of the NIRF imaging sys-
tem was not evaluated using medical phantoms with different geometry such
as breast, brain and head and neck regions. Moreover, the fluorescence dyes
were dissolved in deionised water and PBS. A more practical situation can be
achieved by diluting the fluorescence samples with albumin-enriched physiolo-
gical salt solution (APSS). This is to mimic the fluorescence properties in the
lymphatic system i.e. for sentinel lymph node mapping. Despite providing an
in vitro evaluation method, the NIRF system was not validated using in vivo
imaging or clinical trials.
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The comparative study of the scintillator SiPM-based detectors was also limited
as it only investigated samples of scintillators and SiPM. The experimental setup
did not include a larger scaled detector system with the required electronic com-
ponents. The oscilloscope used was sufficient enough to acquire the pulse signals.
However, electronic components such as the preamplifier, amplifier, spectrum
stabilisers, pileup rejection circuit, etc., will provide more accurate represent-
ation of the pulse-height spectrum leading eventually to the construction of a
prototype camera. The scintillators intrinsic performance will also be influenced
by the intended application, collimator type, reconstruction algorithm, electron-
ics, wrapping method, encasing and shielding. Therefore, a complete design that
exemplifies the whole gamma imaging characteristics could be more desirable.

7.2 Future work

The present work has mainly focused on two field, NIRF imaging and SiPM-
based gamma detection systems. In this section, future technological develop-
ment and possible clinical applications related to this work will be described.
The ultimate aim of this improvement is to enhance cancer prognosis and re-
duce iatrogenic effects typically associated with therapy. The proposed areas
of further studies can be divided into two directions, NIRF imaging and SFOV
gamma camera using SiPM.

7.2.1 Visible-NIRF multispectral camera

Recently, a new design paradigm of CCD and CMOS has been developed to
image coloured and NIRF images simultaneously. This new system can capture
red, green, blue (RGB) and NIRF spectral bands providing rich image informa-
tion about the location of cancerous tissue and SLN [169, 307, 308]. Therefore,
the optical imaging system could be replaced by an RGB-NIRF customised ima-
ging sensor. This potential solution would be extremely beneficial to improve
the performance of the HGC in intraoperative procedures by combining the
RGB-NIRF system with the gamma imaging modality.
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7.2.2 Medical phantoms

With the advent of 3D printing technology and advanced software capability,
more realistic anthropomorphic phantoms can be constructed. Tissue-equivalent
phantoms should be used to evaluate not only the NIRF system but also the
gamma imaging performance. This represents another area of improvement in
order to validate and optimise both imaging systems.

7.2.3 Hybrid Compton camera

Compton imaging camera has been introduced as a promising gamma-ray detec-
tion method for astronomy, environmental radiation measurements, high energy
physics and medical applications [309]. Compton camera has several advantages
include imaging of high gamma energy (up to 10 MV), wide FOV, 3D imaging
and can be designed without the need of a collimator [310, 311, 312]. In this
modality two consecutive layers of a scintillator combined to two SiPM arrays
can be constructed as a Compton camera.

This research direction can have a significant potential to improve the HGC ap-
plication for various applications. The implementation of Compton principle in
the HGC imaging system would require significant development work through
the investigation of various scintillator size, scintillator thickness, readout cir-
cuits and imaging algorithms. The HGC can be designed without the need of
the pinhole collimator which could reduce it’s weight, increase imaging FOV and
improve detection efficiency and spatial resolution. Combined Compton cam-
era with visible or NIRF imaging system could have huge benefits for patients
undergoing different medical procedures.

Such a hybrid system can be used for simultaneous visualization of various nuc-
lides with photon energy range between a several of keV to a few MV. Compton
camera with an optical reference could be of great importance in imaging prompt
gamma (1-7 MeV) during proton therapy. As a consequence, range verification
could be achievable leading to more precise dose deposition and improved ther-
apy outcome. The proposed camera could also be used to visualise emitted X-
and gamma ray produced in radionuclide therapy, preclinical studies, radiation
environmental protection and monitoring.
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