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Abstract

Solid-state photo-detectors are one of the main innovations of past century in the field of sensors. First produced in the
early forties with the invention of the p-n junction in silicon and the study of its optical properties, photo-detectors
received a major boost in the sixties when the p-i-n (PIN) photodiode was developed and successfully used in several
applications.

The development of devices with internal gain, avalanche photodiodes (APD) first and then Geiger-mode avalanche
photodiodes, named single photon avalanche diode (SPAD), lead to a substantial improvement in sensitivity and allowed
single photon detection. Later on, thousands of SPADs have been assembled in arrays of few millimeters squared (named
SiPM, silicon photo-multiplier) with single photon resolution.

The high internal gain of SiPMs, together with other features peculiar of the silicon technology like compactness, speed
and compatibility with magnetic fields, promoted SiPMs as the principal photo-detector competitor of photomultipliers in
many applications from radiation detection to medical imaging.

This paper provides a review of the properties of analog solid-state photo-detectors. Particular emphasis is given to latest
advances on Positron Emission Tomography instrumentation boosted by the adoption of the silicon photo-detectors as an
alternative to photomultiplier tubes (PMTs). Special attention is dedicated to the SiPMs, which are playing a key role in the

development of innovative scanners.
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1. Introduction

In the last few decades, the development of solid-state photo-detectors, mainly for fundamental research, has quickly
generated a great interest in medical applications. The peculiarities of these detectors, such as compactness, fast response
and insensitivity to the magnetic field, allowed the development of new imaging instrumentation. Silicon photo-detectors
are used as light sensors in several imaging and diagnostic tools, from optical imaging, computed tomography (coupled to
CsI(TI) scintillating screens), to digital radiography and nuclear medicine (to cite but a few).

The scope of this paper is to review the latest developments of photo-detectors for Positron Emission Tomography (PET)
scanners. In PET, silicon photodetectors are optically coupled to inorganic scintillating crystals, which convert the energy of
the incident ionizing radiation into optical photons. Silicon photo-detectors are sensitive in a broad range of wavelengths,
from UV to NIR, the range where the emission wavelengths of most of the scintillators used in medical imaging fall.

Analog photo-detectors such as avalanche photodiodes (APDs) and silicon photo-multipliers (SiPMs) have demonstrated
to be valid candidates to replace the standard photomultiplier tubes (PMTs) in PET. They can have a signal rise-time shorter
than one nano-second being suitable for applications requiring good time resolution as TOF-PET. Moreover, silicon
detectors can be fabricated in miniaturized sizes (of the order of few mm?), ideal for applications requiring high spatial
resolution (pre-clinical PET) or compactness (intra-operative probes). Finally, APDs (and now SiPMs) enabled the
construction of hybrid systems, such as PET combined with magnetic resonance imaging (MRI) scanners (PET/MR). In
fact, PMTs cannot be operated in MRI scanners since the electron trajectories are strongly influenced by the magnetic field
(higher than 1.5 T). Silicon photo-detectors, instead, are insensitive to the magnetic field and do not require shielding.
Moreover, the compactness of these devices has allowed the full integration of the two imaging techniques.

This paper is organized in two main parts. In the first one we describe the basic structure and operation of silicon
photodiodes without and with internal gain. A special attention is dedicated to the APDs and the SiPMs, reporting the
architecture of these two silicon devices, describing their working principle and the features most relevant for their
application to medical imaging systems. In the second part of this paper, we provide a review of the PET applications that
have been developed or improved by the adoption of the solid-state photo-detectors. An outlook on the evolution of these

devices and their applications is finally provided.



2. Basic structure and operation of the analog silicon photo-detectors

The basic structure of a standard silicon photodiode is the p-n junction. Fig. 1 shows a simplified scheme of this device
where a reverse bias voltage is applied to the junction to increase the depletion region. The interaction of a visible photon of
suitable energy with silicon creates an electron/hole (hereafter called e//) pair. The two carriers drift in opposite directions
inducing a signal on the collecting electrodes. Since the electric field is present only in the depletion region, most of the e/A
pairs created outside of it recombine and no signal will be induced at the electrodes. The collection time depends on the
velocity of the charge carriers in the depletion region and on the interaction depth of the photon. The time resolution is
therefore related to the depleted thickness and the time performance can be improved to a certain extent by increasing the
bias voltage.

The probability of photogenerating and collecting an e/k pair is called quantum efficiency (QE). It depends on: the
fraction of photons that are not reflected at the surface of the detector, the fraction of photons that are absorbed in the
depletion region, and the probability that an e/ pair does not recombine before collection. An anti-reflective coating is
typically used to maximize the fraction of photons transmitted through the surface. The absorption length of a photon in
silicon depends on its wavelength as shown in Fig. 2 [1].

FIGURE 1

FIGURE 2

Photons with a wavelength lower than around 300 nm are absorbed in few nanometers of silicon therefore the QE at this
short wavelength is reduced by the presence of a highly doped non-depleted layer overlying the photo-sensitive depletion
region. At longer wavelengths, the QE increases according to the absorption length and to the thickness of the sensitive
volume. In this respect, the depth of the depletion region must be optimized as a function of the optical wavelength to be
detected. A thin depleted layer limits the sensitivity of the device to short wavelengths. On the other side, in too thick
depletion regions the thermally generated noise increases and the time performances degrade.

If an additional layer of intrinsic silicon is placed between the two ends of the junction, a region free of space charge is
created thus extending the sensitive volume of the detector. The resulting device is called p-intrinsic-n (PIN) photodiode.
The thick layer of “intrinsic” silicon (very low doped silicon with high resistivity) makes the device sensitive to a wide rage
of wavelengths. In addition, the low capacitance and the high resistivity of the intrinsic material reduce the serial and the
thermal noise. The QE can be made high also at short wavelengths creating a very thin highly doped p front layer. The

operation of a PIN photodiode, since it has no internal gain, requires a charge sensitive preamplifier and a shaping amplifier.



Their use make the signal slow (order of few psec) and the smallest light flash detectable above noise has to be hundred of

photons for cm* PIN photodiodes [18].

2.1. Avalanche photodiodes

An avalanche photodiode (APD) is a p-n device with internal gain due the high electric field at the junction that gives to
a photoelectron enough energy to create an e/h pair by impact ionization. The original photoelectron and the additional one
can generate further e/h pairs providing a charge multiplication. Thus, in the APDs, the signal generated by the incident
light is internally amplified, typically by a factor of few hundreds. Several architectures have been proposed for these
devices [2] and an example is shown in Fig. 3 together with the electric field as a function of depth (on the right). Three
p-layers with different levels of doping and a single highly doped n-layer are used to modulate the electric field through the
device. The visible photon interacts in the depleted low doped (p’) region, generating an e/A pair: while the hole is driven to
the highly doped (p*) layer, the electron is drifted towards the n* layer through the p region where the electric field is high
enough to generate secondary carriers by impact ionization. This triggers the mechanism of charge multiplication, and the
resulting amplified signal is then collected at the N-contact. The device shown in figure is based on a n-over-p junction
highly sensitive to the red light, but p-over-n APDs are also produced with highest sensitivity in the blue region.

Even though the signal of an APD is amplified by the multiplication process, it is not high enough to be used without an
external amplification.

FIGURE 3

The noise (o,,,°) of an APD connected to a charge preamplifier, for a number N of primary e/k pairs generated by the

incident radiation, can be expressed as [3],[4]:
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where F' is the excess noise factor, 4 is the amplification factor of the APD, ENC is the Equivalent Noise Charge of the
preamplifier, and e is the electron charge. The first term in Eq. (1) is due to the fluctuations in the multiplication process and
the second one is the electrical noise. F describes the amplitude of the oscillations of the signal due to statistical generation
of secondary charges and, for high gain (A>10) it is mainly determined by the contribution of the holes to the multiplication

process [5]. ENC is used to convert the electrical noise amplitude in an equivalent number of primary e// pairs due to noise



at the input of the preamplifier. Both the pre-amplifier noise and the dark current of the junction are considered in this term.
A more detailed description of the ENC can be found in [6]. In Eq. (1), only the contributions of the photo-detector and of
the front-end electronics are considered. If the photo-detector is coupled to a scintillating crystal (like in PET) the
fluctuations in the generation and transport of optical photons in the crystals must be also considered.

The noise level of the device is dependent on the bias voltage and on the temperature. APDs are usually connected to a
cooling system to stabilize the signal thus improving the signal-to-noise ratio.

APDs have been also designed to collect the charge at different anodes, typically placed at the four corners of a squared
device, to obtain information on the position of the interaction of the detected photon. Using this kind of device, called
position sensitive — APD (PS-APD), a matrix of scintillating crystals has been decoded [7].

The time resolution (¢,) of an APD depends on the statistical fluctuations in the multiplication process, on the electrical

noise of the pre-amplifier (see eq. 1) and on the variation in the collection time of the charge generated in the depletion

dQ/dt

region. The dependence on the signal fluctuation (g,) and on the derivative of the signal ( ) at the trigger level is

given by equation (2) [8]:
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If the APD is coupled to a scintillator, the slope of the rising edge depends both on the response of the APD and on the

crystal properties (mainly decay time and light transport). Sub-nanosecond coincidence time resolutions can be achieved

with APDs coupled to LSO crystals [9].

2.2. Silicon photo-multipliers

If the bias voltage of an APD is greater than the junction breakdown voltage'2, the charge multiplication is a diverging
self-sustaining process (Geiger regime). A quenching resistor, connected in series with the junction, is used to interrupt the
avalanche: when the current in the junction is high enough to generate a voltage drop across the resistor close to the applied
overvoltage (i.e. the difference between the bias voltage and the breakdown voltage), the current flowing becomes low
enough that statistically the avalanche can be quenched and the junction is recharged. The device based on this working

mechanism is called Single Photon Avalanche Diodes (SPADs) [10].

2 The maximum bias that can be applied to a p-n junction is limited by breakdown that is characterized by a rapid
increase of the reverse current.



A SiPM (also known as Geiger-mode avalanche photodiode, G-APD) is a device obtained by connecting in parallel
several miniaturized SPADs (few tens of wm?’) belonging to the same silicon substrate so that the output signal of the SiPM
is the sum of the SPADs outputs. The small SPADs in the SiPM are named microcells. An electrical scheme of the SiPM
(left) and the structure of a single micro-cell (right) are shown in Fig. 4.

FIGURE 4

The gain of a SPAD is expressed as the ratio between the charge produced by the avalanche and the primary charge
produced by the interaction of the optical photon within the device. Since the avalanche is interrupted when the voltage at
the two sides of the micro-cell goes down to the breakdown voltage, the gain G can be expressed as [11]:
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where C is the total micro-cell capacitance, given by the sum of the diode capacitance and the parasitic capacitance
(mainly due to the quenching resistor with respect to the substrate), V,, . is the bias voltage, V;, is the breakdown voltage
and e is the electron charge. The gain of the device ranges from 10° to 107 (comparable to PMTs), allowing SiPMs to be
used for single photon counting. As it can be noted in Eq. (3), the gain has a linear dependence on the bias voltage. A linear
dependence of the gain on the working temperature has been also observed [12].

The SiPMs represent an effective alternative to the current detectors used in PET scanners, since they have a very fast
rise time due to the Geiger mechanism [13], are insensitive to magnetic fields [14] and show high gain at few tens of bias
voltage. Furthermore, arrays of SiPMs composed of single sensors as small as 1 mm? can be produced, either by assembling
several devices in a matrix or by fabricating replicas of the same sensor on a common silicon substrate [15]. Both
approaches have allowed the development of high spatial resolution detectors (see later discussion).

A single photon time resolution close to 80 ps FWHM [16] has been obtained irradiating in coincidence two SiPMs with
a laser source, while a standard deviation of about 20 ps has been achieved by increasing the number of micro-cells
triggered simultaneously. This demonstrates that such photo-sensors can be applied in high timing resolution PET detectors.

The noise in SiPM devices is mainly due to the dark count rate: an e/k pair can be thermally generated, triggering an
avalanche in a micro-cell without an optical photon impinging on it. The dark noise rate depends on the working
temperature and on the overvoltage, and it is directly proportional to the active area of the device. Newest SiPM
technologies guarantee a dark count rate of about 100 kHz/mm? at room temperature [17].

Other noise sources are correlated to other primary events triggered in one cell. Trapping of the carriers and their delayed

release in the avalanche region can cause a second avalanche in the junction, named afterpulse: trapped carriers can have a



lifetime from tens to hundreds of nanoseconds and the second avalanche can be triggered also after the complete micro-cell
recharge [18], increasing artificially the number of counted events.

During the avalanche in a micro-cell optical photons can be produced, whose interactions in adjacent micro-cells of the
SiPM can generate optical cross-talk, introducing an additional noise component. The effect of cross-talk can be prevented
with trenches (grooves surrounding each micro-cell), which can have metal-coated sidewalls [19] or can be filled with
optically dense material to increase the photon absorption probability [20]. The cross-talk can be also increased by the
optical coupling with a scintillating crystal: if a high refractive index material is coupled to a SiPM, there is a high
probability that an optical photon generated in an avalanche towards the interface will be reflected back to another
micro-cell [21].

After a single micro-cell has fired and before the avalanche is quenched, this micro-cell is blind to other optical photons
impinging on its active area. Therefore the number of micro-cells connected in parallel in the SiPM represents an upper
limit to the number of photons that can be detected at the same time (dynamic range). To avoid saturation effects, the
number of micro-cells have to be chosen depending on the expected number of photons that have to be detected (for
instance on the light yield of the scintillator). For a given surface of the SiPM (usually 3 x 3 mm? or 4 x 4 mm? for clinical
PET applications), the dynamic range is directly correlated to the size of the micro-cell. Different sizes are available,
starting from 15 x 15 pm? to 100 x 100 pum?. The size of the micro-cell affects also other characteristics of the SiPM. The
ratio between the active area and the total area (the so called fill factor) of a microcell is higher for large microcells: small
micro-cells in fact sacrifice a larger fraction of their area for guard rings at the expenses of sensitivity. The best cell size
depends on the fill factor that can be reached with a certain technology and the maximum bias applicable. With the
scintillating crystals mostly used in PET applications, it has been shown that a 50 um micro-cell pitch is the best trade-off
between sensitivity and dynamic range for some producers [22, 23], whereas smaller cells are the optimum for others.

The number of detected photons (V,,;) in a SiPM depends both on the probability that an impinging photon triggers the
avalanche, called photon detection efficiency (PDE), and on the number of micro-cells (V,,,) with respect to the number of
incident optical photons (N,,):
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With a high number of optical photons a saturation effect is visible and the dependence of the collected signal on the

energy released in the crystal is no longer linear. As a consequence, the achievable energy resolution depends on the number

of micro-cells and on the scintillation energy [24].



The PDE in a silicon photomultiplier can be expressed as [25]:

A
PDE = QE g %
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where QF is the quantum efficiency, which can be higher than 90% at the sensitivity peak (usually in the blue region for
n-over-p devices), ¢, is the probability that a charge carrier activates the Geiger process, 4,,,, /4,, 1s the ratio between the
sensitive area of the device and its total area (the fil/ factor). The PDE is a function of the wavelength of the photon
impinging on the detector and it is strictly dependent on the overvoltage. In fact, the higher is the overvoltage, the higher is
the probability that a photoelectron triggers the avalanche in the depletion region (¢;). However, increasing overvoltage has
several consequences also on the other parameters previously described: higher afterpulse, higher cross talk, higher DCR,
and lower single photon time jitter. The impact of all these parameters depends on the application. Electrons have a higher
probability with respect to holes to trigger an avalanche, so the p-layer has the highest sensitivity. Depending on the
architecture of the junction (p-over-n or n-over-p), the PDE peak of the device is closer to the blue region or to the red one.
In p-over-n devices, the most sensitive layer is at the photon entrance, where blue light has a greater interaction probability;
in n-over-p device, instead, blue light is attenuated on the n layer and photons with a higher wavelength are more likely
detected. Fig. 5 shows the PDE of two SiPMs with different spectral sensitivity (dashed lines) produced by the vendor
reported in [26], [27]. The emission spectra of three inorganic scintillators (Bismuth Germanate - BGO, Lutetium
Ortho-Silicate — LSO/LYSO and Lanthanium Bromide - LaBr,:Ce [28]) are also shown (solid lines).

FIGURE 5

The fraction of scintillation light detected by the SiPM depends also on the transmission probability of the photon from
the scintillating crystal to the sensitive area. Most of the scintillators used in PET applications have a high refractive index,
hence an optical coupling with epoxy resins, silicon glues or silicon grease is usually used to match the refractive index of
the silicon oxide.

Digital versions of SiPMs have also been produced [29], [30]. The output of such devices is the time stamp of the trigger

and the number of micro-cells fired in the scintillation. A comprehensive review of these devices is given in [31].
2.3. Read-out of multi-channel systems based on SiPMs

The adoption of pixelated sensors with a fine pitch requires a high number of read-out channels to collect the signal of
each pixel independently. For example in PET, the number of photo-detectors increases of about two orders of magnitude

passing from the block detector [32], composed of a semi-pixelated array of scintillators coupled to four PMTs and decoded



using the Anger logic method, to the one-to-one coupling of scintillators and SiPMs. A multiplexing read-out based on
charge division circuit has been proposed to minimize the amount of analog read-out channels [33].

The high density of channels can be also addressed with the adoption of integrated front-end circuits (also named
application specific integrated circuits, ASIC). ASICs able to manage up to 64 channels have been developed [34],[35],[36].
The front-end should have a high bandwidth to exploit the high timing performance of the detector, it has to sustain the data
rate of a PET scan, and it should preserve the energy resolution of the signal. Additional requirements depend also on the
applications: a low power consumption is desirable for hybrid PET/MR to avoid large currents inside the bore of the
magnet, while a low ENC and a validation scheme based on cluster-finding algorithms are useful in SiPMs arrays coupled to
monolithic crystals.

It has been demonstrated that front-end ASICs coupled to SiPM detectors can be used in the development of
time-of-flight (TOF)-PET systems [37],[38]. The time resolution can be optimized with a low impedance input, with a high
bandwidth, and by using a double threshold validation scheme: a lower threshold is used for the timing information (to

trigger on one of the first scintillating photons), while a higher threshold is used to validate the event (to discard dark noise).

3. Applications of analog photo-detectors in positron emission tomography

Positron emission tomography is the medical imaging technique that most may profit of the silicon photo-detector
technology. PET involves the injection of a tracer labelled with a positron-emitting radionuclide and detection of the 511
keV back-to-back photons produced simultaneously after the positron annihilation with an electron of the tissue. PET has
relied on the PMTs technology from its beginning in the sixties of last century. For instance, silicon photo-detectors can be
used as a replacement of the PMTs to further compact the size of preclinical scanners or to increase the solid angle
coverage of clinical systems. Furthermore, they represent the fundamental components for latest evolutions of the

technology like hybrid PET/MR scanners or TOF-PET.

3.1. Hybrid PET/MR imaging systems

MRI reveals structure and functions through the interaction of a strong magnetic field with primarily the protons present
in water and tissues and their chemical environment. This modality has also a good sensitivity (10°~10° mol/l) and an
excellent spatial resolution (~1 mm isotropic for clinical systems). The fusion of this anatomical MRI information with the

nano-molar functional information given by PET provides a whole spectrum of information that can be used to understand



new aspects of the anatomy and the physiology of a disease. The principal applications of the PET/MR hybrid systems are
diagnosis, treatment and follow-up of tumours, mainly of head and neck, and of abdomen and prostate, for which the
superior imaging capabilities of MRI over computed tomography (CT) are more relevant [39] Furthermore PET/MR opens
new fields of neurology research thanks to the capability to provide co-registered images and to monitor time-dependent
metabolic processes. The development of new bi-modal tracers can be particularly useful in the study of neurological
diseases and in pre-clinical applications for pharmaceutical research.

Hybrid PET/MR scanners have been initially developed using bundles of optical fibres or light-guides to convey the light
from the scintillator PET ring positioned inside the bore of the MRI scanner to a region with low magnetic field where
photo-multiplier tubes read-out the light without distortion of the signal due to the magnetic field [40],[41]. The main
limitations of this method are the signal attenuation in the fibers and the complexity of the optical cabling for a PET system
with a large field of view.

Scanners composed of a PET/MR tandem, in which the patient-bed is automatically moved from the MRI to the PET
scanner have been also developed using shielded PMT detectors [42]. The main disadvantage of this configuration is that
the two images need to be acquired separately and then merged together.

The availability of a new generation of photo-detectors based on semi-conductor materials has allowed the development
of PET systems fully integrated inside the MRI bore and of PET inserts that can be employed in existing MRI facilities. The
possibility to employ silicon detectors also with ultra-high magnetic fields without worsening the performances has been
shown [43].

Large efforts have been invested in the development of a PET/MR scanner, and hybrid systems for simultaneous
bi-modal acquisitions are now available both for clinical [44] and pre-clinical applications [45], and they are composed of
arrays of APDs coupled to LSO crystals integrated between the MR coils and the gradients of the magnet. The first
commercial PET/MR system based on the SiPM technology has been produced by the vendor reported in [46]. The PET is
composed of LYSO scintillators coupled to SiPMs and it is fully integrated in a 3T magnet, thus combining the advantages
of the TOF technique (see next sub-section) and of the bi-modal PET/MR imaging.

The three architectures of PET/MR scanners discussed in this section are shown in Fig. 6: a tandem scanner (left), a
scintillator ring inside the MRI bore with light-guides to bring the signal to PMTs outside the magnet (center), and a fully
integrated PET/MR, feasible only with the adoption of solid-state detectors (right).

FIGURE 6



3.2. Time-of-Flight PET

In the standard PET image reconstruction, no assumption is made on the position of annihilation of the positron along the
line of response (LOR, the line identified by the two detectors triggered in coincidence), and a uniform distribution of
probability is usually assumed over the whole line of response. Ideally, the annihilation position on the line of flight of the
two 511 keV photons can be estimated by measuring the delay in the trigger between the two detectors. Taking into account
the detector time resolution, a Gaussian bell shaped function can be used to represent the probability of annihilation of the
B" along the LOR. Considering the typical PET ring geometry, the distance between the Gaussian distribution centre (jiz)

LY
and the PET scanner centre can be evaluated from the delay between the triggers (4¢) : 2 (where c is the speed of
light). According to the same equation, the width of the Gaussian distribution (oy) is related to the coincidence time
0,=<CTR

resolution (CTR) of the pair of triggering detectors: 2 . In practice the annihilation probability distribution is
too wide to actually improve the spatial resolution being the time resolution of the detectors the limiting factor. Nevertheless
an increase in the Signal-to-Noise Ratio (corresponding to a gain in sensitivity) can be reached using TOF in systems with
sub-nanosecond time resolution [47].

Current PET scanners, based on LSO:Ce or LYSO:Ce scintillating crystals read-out by a set of PMTs, can reach a time
resolution of 500 — 900 ps [48],[49],[50]. Reconstruction algorithms taking into account the TOF information have been
successfully applied to total body PET acquisitions, demonstrating the improvements in terms of Signal-to-Noise ratio.

Limitations in timing performances are mainly due to the speed of response of the PMTs and to the sharing of the
scintillation light between multiple photo-detectors. Both issues can be solved with the adoption of fast and compact SiPMs,
with a one-to-one coupling between scintillator and photo-sensor. It has been demonstrated that using LYSO scintillators
coupled to SiPMs a coincidence time resolution (CTR) close to 200 ps FWHM can be achieved [51], and that a resolution
close to 100 ps has been reached using a pair of 3 mm x 3 mm SiPMs coupled to 3 mm x 3 mm x 5 mm LaBr3:Ce crystals
[52, 53]. Furthermore, in the last years SiPMs with sensitivity peak in the near-UV range [54] have been developed to match
the emission peak of new very fast scintillators. For these reasons, SiPMs are the most suitable candidates in the
development of next generation high performances PET systems. The high time performances of SiPMs coupled one-to-one
to fast scintillating crystals have been deeply investigated and proven, but the development of PET detectors with TOF
capability is still challenging in systems that adopt light sharing or read-out multiplexing to minimize the number of

photo-detectors and read-out channels.



3.3. Pre-clinical imaging systems

The capability of PS-APD to give continuous information about the position of interaction of the optical photons and the
high granularity of APDs and SiPMs make these devices particularly attractive for applications requiring high spatial
resolution. In pre-clinical imaging, due to the different dimension of the anatomical structures of small animals with respect
to humans, a spatial resolution below the millimeter is needed to obtain in small animals the same functional information
that is provided by clinical scanners based on pixellated crystals of 4 mm pitch.

To achieve a high spatial resolution, the capabilities of both pixellated (with pitch of 2 mm or smaller) and continuous
crystals have been investigated, showing the advantages and limitations of both solutions.

Arrays of SiPMs with a pitch of 1.5 mm or less [15] have been produced and tested to decode arrays of scintillators with
the same pitch. As mentioned in par 2.2, monolithic arrays of SiPMs have been produced with minimal dead area among
photo-sensors. An array of thin crystals (as small as 0.7 mm in size) has been decoded using an array of SiPMs witha 3 x 3
mm? active area and using light sharing between pixels [55]. However, a degradation of the energy resolution has been
observed when using thin crystals coupled to SiPMs, due to the limited light output efficiency of crystals with high aspect
ratio and to the saturation effect in SiPMs with a small number of micro-cells facing each scintillator. Results show an
energy resolution between 15% and 17% for crystals of 1.5 mm x 1.5 mm section coupled to a SiPM array [56]. PS-APDs
have been used to decode arrays of thin crystals with a pitch of 1 mm [57], reading out the scintillator from both sides to
maximize the light collection and to identify the depth of interaction position of the photon in the crystal. A spatial
resolution close to the millimetre at the centre of the field of view has been reached in pre-clinical PET, using arrays of thin
scintillating crystals [58]. Furthermore, position-sensitive SiPMs have been developed. These devices collect the signal of
the SPADs in four anodes, and the SPADs connections are such that an array of scintillators can be decoded with a single
device using the centre of gravity algorithm [59].

The adoption of monolithic scintillating crystals coupled to photo-detectors for high spatial resolution in pre-clinical
systems [60],[61] had already been proposed using PMTs, but the availability of the compact solid-state photo-detectors
with small pitch allows to increase the spatial resolution thanks to a finer sampling of the light distribution. With monolithic
crystals, the light response depends also on the depth of interaction of the photon, so this information can be obtained as
well. PET detectors composed of a slab of LYSO scintillator coupled to an array of SiPMs or APDs have been developed
[62],[63]. In this configuration, the scintillating photons are shared between several detectors. Therefore the light collection
needs to be maximized using a white coating on the top surface of the crystal and adopting arrays of photo-detectors with a

high fill-factor. The lateral sides of the scintillator, instead, are usually painted black to minimize edge effects. Furthermore,



new bright crystals like LaBr;: Ce [64] has been investigated [65]. The partial sampling of the light distribution close to the
edges of monolithic crystals usually does not allow to reconstruct the interaction position of the 511 keV photon using an
Anger-logic scheme. Many methods have been studied to reach a high three-dimensional spatial resolution in the entire
volume of the crystal, using statistic-based methods [66],[67], non-linear least square methods based on empirical models of
light distribution [68],[69] and artificial neural networks [70].

Even if a spatial resolution close to the millimetre has been reached in monolithic detectors, their application to
commercial systems is still limited by the complexity of the calibration process. The development of a fast and handy

calibration method could represent a breakthrough in the use of monolithic crystals in pre-clinical systems.

3.4. New PET detectors with depth of interaction capabilities

PET scanners with small ring diameters (for pre-clinical or organ-specific applications) show a non-homogeneous spatial
resolution across the FOV due to the parallax error. The spatial resolution degrades rapidly with distance from the centre of
the FOV. To avoid this detrimental effect, the depth of interaction (DOI) of the 511 keV photon in the crystal must be
incorporated into the detector.

The interaction probability of 511 keV photons in silicon photo-detectors is extremely low and the so-called nuclear
counter effect is negligible. This allows to explore new geometrical configurations to measure the DOI in the scintillator.
With respect to PMTs, in fact, silicon detectors can be placed between the FOV and the crystals without a significant
degradation of the photon flux.

A stack of detectors, each composed of a thin scintillator coupled to a SiPMs array, has been proposed [71], allowing a
discrete quantization of the depth of interaction with an easy decoding of the crystal in which the 511 keV photon interacts.
On the other hand, this method requires a higher number of photo-detectors (proportional to the number of layers) to cover
the same solid angle.

Different couples of detectors have been also adopted to read-out the two sides of a pixelated scintillator array. A non
fully reflective wrapping is used to make the amplitude of the signals collected on the two sides dependent on the DOI. In
fact, due to multiple interactions at the lateral sides of the crystal, the light is attenuated in the path from the scintillation
point to the sensor surface and the DOI is related to the asymmetry in the magnitude of the collected energies. Moses and
Derenzo proposed a scintillator matrix coupled to a PIN photodiode array on one side and to a single PMT on the other side

[72]. The PMT collects the energy on one side while the PIN array identifies the crystals and the energy on the other face.



The principle of the two sides read-out of a crystal array has been proposed also using a couple of PS-APDs [73] and two
silicon photomultiplier arrays [74]. The DOI is reconstructed comparing the energy collected on the two sides.

As mentioned previously, the DOI can be reconstructed from a single monolithic crystal coupled to an array of
photo-detectors, and the method of the double side read-out has been proposed also for monolithic crystals [75],[76]. The
information on the DOI can be reconstructed easily and with a higher resolution by using arrays of detectors on the top and
bottom sides of the scintillator as a trade-off. A larger amount of detectors are required and the signal-to-noise ratio in each
device is lower because only direct light is collected.

Four detector architectures with depth of interaction capabilities implemented using silicon photo-detectors are represented
in Fig. 7: a double side read-out of a scintillator array (top - left), a stack of layers composed of photo-detectors coupled to
scintillators (top - right), a monolithic crystal read-out by photo-detectors on a single side (bottom - left) and on top and
bottom sides (bottom — right).

FIGURE 7

3.5. Application-specific PET scanners

Light and thin sensors allow the development of PET detectors for new specific applications. RatCAP (Rat Conscious
Animal PET) [77], the EndoTOFPET-US (Endoscopic TOFPET & Ultrasound) [78] and INSIDE (Innovative Solutions for
In-beam DosimEtry in Hadrontherapy ) are some examples described in the following.

In RatCAP, a miniaturized PET ring is fixed on the head of the mouse and the image is acquired without the adoption of
anesthesia, letting the mouse partially free to move. The size of the detector ring allows imaging the whole brain with a
spatial resolution below 2 mm of full width at half maximum, while the total weight of the detector ring is only 250 g [79].
A set of brackets fixes the scanner to the mouse skull to avoid motion artifacts during the scan.

In EndoTOFPET-US, one of the two detection heads is composed of a scintillator array coupled to a SiPM matrix
integrated in an endoscopic probe: this allows to minimize the distance between the region of interest and the detector, thus
increasing the sensitivity. The miniaturized detector installed in the endoscopic probe is composed of an array of 0.7 x 0.7 x
10 mm? LYSO crystals optically coupled to a digital SiPM array, while the external detector plate is composed of 3 x 3 x 15
mm?® scintillators read-out by analog SiPMs The asymmetric configuration of the detectors, with the probe very close to the
region of interest, requires a high time resolution to employ TOF in the reconstruction algorithm and to remove the

background of the surrounding tissue [80].



The compactness and the flexibility in the design of SiPMs and APDs make them particularly appealing for custom
systems that have to be fitted in narrow spaces (as in the PET/MR systems) or in complex geometries. An example of this is
definitely the in-beam monitoring of particle therapy treatment. In this case, the PET scanner needs to stay as close as
possible to the patient, without hampering the patient-bed motion and the particle beam path. As an example of in-beam
PET scanner, the one developed in the framework of the INSIDE project [81] is composed of two planar detectors, 10 cm
wide (transaxially) x 25 cm long (axially, along the beam direction), each to be placed at 25 cm from the isocenter. The PET
heads are composed of 2x5 detection units, each made of arrays of 256 Lutetium Fine Silicate (LFS) pixel crystals, 3x3x20
mm?® each, and coupled one to one to SiPMs. A custom designed electronics system is being developed to cope with the

prompt particle rates typical of a therapeutic beam (~10 Mhz/cm?).

4. Conclusions

The unique features of solid-state photo-detectors like compactness, fast response and insensitivity to the magnetic field
open new frontiers for the next generation of medical imaging systems. Concerning PET applications, the high granularity
of APDs and SiPMs allows to reach a spatial resolution of one millimetre or less. These detectors can be employed to
decode arrays of small scintillating crystal pixels or in the read-out of monolithic crystals. Furthermore the compactness and
the high transparency to the 511 keV energy radiation used in PET allow to place these detectors between the patient and
the crystal without causing a significant perturbation of the photon flux. Thanks to these features, new detectors with depth
of interaction capabilities can be developed, thus improving the spatial resolution at the periphery of the field of view. Fast
photo-detectors like SiPMs, coupled one-to-one to scintillators, can overtake the time resolution of current PET scanners,
reaching a coincidence time resolution of about 100 ps using LaBr,: Ce crystals. This results are particularly relevant for the
new generation of TOF-PET scanners where a higher timing resolution provides a significant improvement in the image
quality. The insensitivity of the silicon photo-detectors to the magnetic field and their compactness were key features to
produce hybrid fully-integrated PET/MR scanners, now commercially available for clinical and pre-clinical applications.

SiPM technology has reached such a level of maturity that a large-scale industrial production is now possible at prices
below 1 $/mm? The high cost was one of the major limits to the massive use of the SiPMs, especially in medical and
pre-clinical devices. But as the prices have dropped below the PMTs, it is likely that SiPMs for PET and especially PET/MR
applications will dominate the market.

Further improvements of the SiPM technology are focused on the integration of the electronic read-out on the same

silicon die of the detector to obtain a digital output from the photo-sensor [82]. Furthermore, solutions for a direct



connection of analog SiPMs to read-out integrated electronics are under way. In this case, the read-out of the detector is
performed from the back side by means of Through Silicon Vias (TSV) and Vertical Integration technologies [83]. The
latter solution is potentially preferable with respect to the monolithic approach since allows optimizing the sensor and the

electronics tiers separately.
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