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Abstract 5 

SiPMs are becoming the reference photodetectors in many fields. In medicine there are slowly 6 

replacing photomultiplier tubes and avalanche photodiodes in medical imaging and in PET in 7 

particular. In this paper a broad overview of the current applications of SiPM in Medicine is 8 

presented. The major fields where the SiPMs are used, namely PET/MR and hadrontherapy are 9 

discussed at length. 10 

 11 

(*) Corresponding author 12 

Email: alberto.del.guerra@unipi.it 13 

 14 

1. Introduction: from photomultipliers to SiPMs 15 

The photomultiplier tube (PMT) has been the most used device since the invention of NaI (Tl) by 16 

Hofstadter 1948 [1] to collect the light produced by a γ-ray interaction within a scintillator. This 17 

was due to the photocathode high quantum efficiency (QE of about 15–25%) and to a high signal 18 

amplification factor of about 106 that allowed using simple off-the-shelf electronics to collect 19 
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data. These properties and simplicity were essential for their application to the medical field and 1 

in particular for the imaging of γ-rays emitted by radiotracers in nuclear medicine, for planar 2 

scintigraphy with the Anger camera and for Single Photon Emission Computed Tomography 3 

(SPECT) and Positron Emission Tomography (PET) [2].  In PET application the fast time 4 

response of the PMT was also an extremely important property for the reduction of the random 5 

coincidences rate and very recently for the so-called Time of flight PET (TOFPET) [3]. The 6 

original coupling in PET was one to one, i.e. one crystal coupled to one PMT of typical cross 7 

section diameter of 2” inches.  In 1986 Casey and Nutt [4] introduced the scheme of the “block 8 

detector” based on a combination of four PMTs coupled to a single crystal block with a structured 9 

cutting that determined the advent of PET to the clinical stage. In early 2000, with the 10 

development of molecular imaging based on small animal studies, the spatial resolution of the 11 

clinical PET scanners at the time did not appear to be satisfactory for obtaining a quantitative 12 

imaging on rats and mice, where the spatial resolution required was about 1-2 mm. This solicited 13 

the use of Position Sensitive PMTs (PSPMT) coupled to pixelated scintillators, where the fine 14 

positioning was obtained with an Anger camera logic.  15 

Such a family of position sensitive tubes was originally characterized by a large detection area 16 

(up to 5 inches diameter), but the round geometry and the peripheral dead zone (1 cm or more) 17 

prevented these tubes to be tightly assembled in arrays to cover larger surfaces. A successful 18 

example of such a use of the Hamamatsu R2486 is the small animal PET scanner (YAP-PET) 19 

built in 1998 [5]. Then the second PSPMT generation was built based on metal channel dynode 20 

for charge multiplication by which the intrinsic spatial resolution could reach 0.5 mm FWHM.  21 

The first version of these new tubes (model R7600-C8) was employed for the construction of the 22 

MicroPET at UCLA [6].  Finally, the third generation of Multi Anode PMTs by Hamamatsu, 23 

namely H8500 (64 channels) and H9500 (256 channels), was developed with an external size of 24 

52 mm × 52 mm × 28 mm and an active area of 49 mm × 49 mm.  However, researchers still 25 
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looked for alternative solutions able to provide the same (or better) intrinsic resolution in a more 1 

compact and customizable form factor that can be tailored, e.g, for the design of original detector 2 

geometries [7], for the construction of depth of interaction (DOI) capable detectors based on 3 

monolithic crystals [8] or for pushing the intrinsic resolution beyond the state of the art [9].  4 

In early 2000, the hybrid systems were coming available with the SPECT/CT and PET/CT that 5 

were combining the anatomical (CT) and functional (SPECT and PET) information on the patient. 6 

Furthermore, there was a great interest in taking advantage of the exquisite resolution of MRI for 7 

low density tissue to be combined with the SPECT/PET functional information. This triggered 8 

the research in building such hybrid scanners especially PET/MR combined in a single device 9 

[10]. With the PMT technology it was not possible to make such integration because of the 10 

incompatibility of the PMTs with magnetic fields [11]. In fact, a magnetic field as low as ≈3 mT 11 

already produces significant variation in gain and distortion in the path and multiplication of the 12 

electron within the vacuum tube [12]. Hence it is clear that PMTs cannot operate at the magnetic 13 

field strengths typical of the MR clinical devices (e.g. 1.5 T and 3 T).  14 

Solid-state photodetectors were invented in the late 1940s [13] with the first p-n junction in silicon 15 

and the production of PIN diodes that were later used in radiology. The development of the 16 

avalanche photodiodes (APD) in 1950s [14] and later on of the Geiger-mode avalanche 17 

photodiodes, also named single photon avalanche diode (SPAD), lead to a substantial 18 

improvement in sensitivity and allowed the detection of the single photon. Later on, thousands of 19 

SPADs have been assembled in arrays of few millimeters squared (currently named silicon 20 

photomultiplier, SiPM) [15] and several SiPMs have been arranged in a matrix structure so as to 21 

cover large areas [16]. The high internal gain of SiPMs, together with other features peculiar of 22 

the silicon technology such as compactness and speed, since the beginning promoted SiPM as the 23 

principal photodetector competitor of photomultipliers in PET [17], [18]. Finally, their full 24 
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compatibility with magnetic fields enabled the construction of hybrid PET/MR systems, allowing 1 

the full integration of the two imaging techniques.  2 

The topology of a SiPM based detector in Nuclear Medicine applications varies according to the 3 

performance (e.g., intrinsic spatial resolution, sensitivity, depth of interaction information, time 4 

resolution, and so on) one wants to optimize most for the particular application: matrix of 5 

scintillator coupled to a matrix of SiPM (Figure 1a), monolithic scintillator coupled to a matrix 6 

of SiPM (Figure 1b), matrix or monolithic scintillator coupled to two opposite matrices of SiPMs 7 

(Figure 1c and Figure 1d). The readout of the SiPM matrix can be done individually via an ASIC 8 

or by a resistive chain readout. The size of a detector module is usually of the order 5 cm × 5 cm, 9 

that is a reasonable compromise between count rate capability and data handling. 10 

 11 

Figure 1: Typical arrangements of SiPMs for the readout of scintillators. a) One side readout of 12 
pixelated matrices,one-to-one coupling or light sharing, b) one side readout of a monolithic 13 
scintillator block, c) and d) dual side readout of pixelated and monolithic blocks, respectively. 14 

The paper is organized as follows: after the introduction that shows why the SiPM are replacing 15 

the PMTs in Medical Imaging, in the following sections there are presented most of the SiPM 16 

based applications: small animal scanners for molecular imaging (Section 2), the new clinical 17 

PET scanners, including TOFPET (Section 3) and the Hybrid PET/MR and SPECT/MR scanners 18 

(Section 4). In section 5, the recent applications of SiPM in PET and Compton camera in for 19 

hadrontherapy are discussed. Finally, the intra-operative probes applications are presented in 20 

Section 6. The Conclusions and Future Outlook section completes the paper. 21 

 22 

 23 
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2. Small animal PET Imaging  1 

Small animal (or preclinical) PET is a research field where some of the typical challenges of PET 2 

imaging, i.e., high resolution, high sensitivity and count rate performance are taken to the extreme 3 

level. In particular, spatial resolution is pushed towards the ultimate limit of PET imaging [2]. For 4 

this reason, the intrinsic spatial resolution of the photodetector plays a relevant role. Since the 5 

early years of development of small animal PET systems, solid state photodetectors were 6 

considered a valuable alternative to standard photomultiplier tubes. With the advent of high 7 

granularity APD arrays, a number of detector designs were proposed for the readout of finely 8 

pixelated scintillator matrices so as to build high resolution preclinical PET systems [19,20]. 9 

However, the widespread adoption of this solution was limited by the complexity of the data 10 

acquisition electronics. In fact, for the limited gain of APDs (~10-102), each output signal requires 11 

a high amplification before acquisition, thus resulting in a large number of channels to be 12 

independently preamplified and acquired. Then, the most successful preclinical PET systems on 13 

the market such as the Siemens Inveon [21] or the Mediso nanoPET [22] families were all based 14 

on some sort of high granularity multi anode photomultiplier tubes coupled to pixelated matrices, 15 

while other systems, such as the Bruker Albira [23], were implementing monolithic crystals.  16 

Although the replacement of PMTs with SiPM was boosted by the need of photodetectors able to 17 

work in a magnetic field and then suitable for the construction of integrated PET/MR systems 18 

(see section 4), the characteristics of SiPMs make them the ideal replacement of multi anode 19 

PMTs for the design of small animal PET systems with improved performance with respect to the 20 

present generation. 21 

Today, SiPM matrices are available with pitches similar to multi anode PMTs. For example, 22 

Hamamatsu offers Multi Pixel Photon Counter (or MPPC, the Hamamatsu brand name for SiPM) 23 

arrays with SiPM size down to 2 mm on a 2.2 mm pitch (e.g., the S13361-2050AE-04 model) 24 
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packaged in an array of 4 × 4 elements. For comparison, multi anode photomultiplier tubes are 1 

available today with similar channel size. For example, the series R7600-200-M64 by Hamamatsu 2 

has 64 independent readout anodes arranged in a matrix of 8 × 8 channels with a 2 mm pitch, 3 

while the more popular Hamamatsu H13700 series has 256 (16 × 16) independent channels with 4 

a 3.0 mm pitch. 5 

It is clear then that it is not the high intrinsic spatial resolution achievable with small pitch SiPM 6 

matrices the killer feature for replacing multi anode PMTs in preclinical PET application, but its 7 

compactness. The preclinical PET system β-CUBE by Molecube (Gent, Belgium) is a typical 8 

example of this rationale. This system is designed to offer PET only imaging of mice and rats in 9 

a compact benchtop system format. Thanks to the compactness of SiPMs, the whole system has 10 

a footprint of 54 cm × 54 cm with a weight of 78 kg while offering performance at the state of the 11 

art [24]. To achieve this goal each detector module features a 64 (8×8) channels MPPC array with 12 

3 mm pixel size for the readout of a 25.4 × 25.4 × 8 mm thick monolithic LYSO scintillator.             13 

 14 

3. Clinical PET and TOF-PET 15 

In time-of-flight (TOF) PET the measurement of the time difference in the detection of the two 16 

annihilation photons is used to reduce the uncertainty in the determination of the position of 17 

positron annihilation along the line-of-response between two detectors. The ultimate effect of the 18 

introduction of the TOF information in PET image reconstruction is an effective gain in sensitivity 19 

that is proportional to 1/CTR, where CTR is the coincidence time resolution. The introduction of 20 

fast scintillators with high density such as LSO:Ce or LYSO:Ce have made it possible to develop 21 

clinical whole body TOF-PET systems. As of today, clinical TOF-PET/CT systems have a CTR 22 

below 600 ps [25].  23 
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The photosensor used in a TOF-PET detector has to be capable of deriving the time information 1 

with an intrinsic time resolution at the limits imposed by scintillators, i.e., not introducing any 2 

further time degradation. Dealing with a low light situation, the photosensor should be extremely 3 

sensitive with single photon detection capability and ultra-fast responding (in the ps range). 4 

SiPMs are well suited for this purpose with timing performance similar to fast PMTs.  5 

For example, a single photon time resolution below 100 ps FWHM [26] has been obtained 6 

irradiating in coincidence two SiPMs with a laser source, while a standard deviation of about 20 7 

ps has been achieved by increasing the number of micro-cells triggered simultaneously.  8 

A potential advantage of SiPM over fast PMTs for TOF-PET is the capability of providing more 9 

information on the time distribution of the emitted scintillation light. For instance, in TOF-PET a 10 

high-speed trigger network and an integrated TDC can be implemented to extract the time 11 

information [27].  12 

The first clinical TOF-PET/CT system based on SiPMs, the Vereos Digital, was developed by 13 

Philips. It is based on digital SiPM (dSiPM) photodetectors [28]. In this case a one-to-one 14 

coupling of LYSO crystals with the surface of 4 × 4 mm2 to dSiPMs of about the same size was 15 

implemented thus providing a high count-rate capability and a CTR <316 ps. 16 

Recently, a whole body PET/CT system using SiPMs, named Discovery MI, has been launched 17 

by GE Healthcare [29], while Siemens Healthineers announced in 2017 a new PET/CT system 18 

(named Biograph Vision) featuring 3.2 mm pitch LSO crystal matrices read out by SiPMs. The 19 

fact that all the three major players in the molecular imaging sector are implementing SiPMs in 20 

their more advances TOF-PET/CT systems has represented a milestone in the history of PET 21 

detectors, as it assumes the overall superiority of SiPMs over PMTs, both in cost efficiency and 22 

performance [30]. 23 



 

 

– 8 – 

 1 
Figure 2: Picture showing the comparison of PET detectors based on PMTs (left) and on SiPMs 2 
(right) in their implementation by Siemens Healthineers (picture from 3 
https://www.healthcare.siemens.com/molecular-imaging/pet-ct/biograph-vision#CLINICAL_USE 4 
accessed August 22, 2018).  5 

 6 

Although the capability of near 100 ps time resolution was demonstrated in laboratory, the 7 

availability of PET systems with such a performance at system level are still not available. Further 8 

research in new scintillating materials and data acquisition systems able to provide a minimal 9 

degradation of the intrinsic timing performance of the photodetector plus scintillator combination 10 

is necessary. As for the SiPM itself, an improvement of the PDE [26] as well as the integration in 11 

SiPM of multiple TDCs in CMOS technology [31] would also significantly contribute to the 12 

improvement of the CTR in future TOF-PET systems. 13 

 14 

4. Hybrid scanners: PET/MR and SPECT/MR  15 

The advent of the PET/CT Hybrid scanners in the clinical applications triggered the idea of 16 

developing PET/MR and SPECT/MR scanners, to obtain a fusion of the exquisite anatomical 17 
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MRI information with the functional information given by PET and SPECT. Because of the 1 

incompatibility of the PMTs with the magnetic field, after the first attempt to operate the two-2 

modality scanner sequentially (the so-called tandem configuration, see Fig. 2, top left) it was clear 3 

that to have a simultaneous hybrid system it was necessary to use semiconductor photodetectors, 4 

initially APD and then SiPM. The research concentrated on PET/MR [10] and two possible 5 

configurations: i) the “insert” solution where the PET ring was insertable/removable from an 6 

existing MR (Figure 3, top right), ii) the “fully integrated solution” (Figure 3, bottom), where the 7 

MR and PET where built from the beginning as a single instrument. 8 

9 

 10 

Figure 3: Artistic cross view of various PET/MR configurations, a) Tandem: the patient shares the 11 

same bed that is sequentially moved from MR to PET scanner; b) INSERT: the PET scanner is 12 

inserted in a preexisting MR system, c) the PET/MR is built as an integrated scanner [10]  13 

 14 
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One of the first prototypes for a simultaneous PET/MR scanner developed by in 2006 by the 1 

Oxford group used the “MicroPET” small animal scanner inserted within a split-field magnet 2 

[32]. The light from the scintillator ring that was inside the magnet was conveyed far away to the 3 

PMTs by means of long light guides. In this way the PMTs could operate in the stray magnetic 4 

field, but the signal was deteriorated because of the light absorption within the guide. In the same 5 

years, the first PET insert for simultaneous PET/MR imaging was build using APDs as 6 

photodetectors [33] directly plugged on a board hosting the frontend electronics. With the 7 

introduction of SiPMs a number of PET inserts for PET/MR has been developed. These systems 8 

feature different solutions for taking the signals out of the PET detectors with the aim of 9 

mitigating the mutual interference between PET and MR. The solutions range from using optical 10 

fiber bundles [34] or coaxial cables [35] to convey the signal to the electronics, positioned outside 11 

of the magnet, or by using MR compatible frontend electronics and power supply [36].  Preclinical 12 

PET inserts based on SiPM are also now available on the market by MR Solutions and Bruker. 13 

The Siemens Biograph mMR based on APD photodetector technology was the first whole-body 14 

simultaneous PET/MR clinical scanner [37]. The SiPMs were shortly suggested as an attractive 15 

alternative to the APDs , the major advantages of SiPM being a much higher gain (at least a factor 16 

103-104), a much faster rise time (about a factor 3) and a lower supply voltage (about a factor 10). 17 

The first attempts were made by Nassalki et al. [38] and by  K.Jo.Hong [39]. The first PET/MR 18 

commercial system based on the SiPM technology was produced by GE Healthcare. The GE 19 

SIGNA PET/MR, has a transversal FoV of 60 cm and an axial one of 25 cm. The PET system is 20 

combined with a 3T magnet. The PET scintillator is LFS, with dimensions of 4 mm × 5.3 mm × 21 

25 mm. The scintillator matrix is coupled to analog SiPMs combined with UV transparent light 22 

guides for light sharing to reduce the number of readout channels. It has TOF capability (390 ps 23 
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CTR for the whole system), an energy resolution of 10.5% and a spatial resolution of 4.2 mm. 1 

The sensitivity at the center of the Field of View is 22 kcps/MBq [40]. 2 

In 2012, the first simultaneous PET/MR preclinical device equipped with PET detector modules 3 

based on digital SiPMs was presented [41,42]. A Single Detection Module (SDM), based on 4 

LYSO arrays (30 × 30 crystals of 1 × 1 × 12 mm3 each) is connected one-to-one to Digital SiPMs 5 

by Philips Digital Photon Counting; 3 × 10 of these SDMs form a ring and 3 rings are juxtaposed 6 

to build the preclinical PET/MR insert Hyperion II [43,44]. It covers an axial FoV of 20.96 mm 7 

× 96 mm transaxial, with an energy resolution of 11.4%, a CTR of 213 ps and a 3D spatial 8 

resolution of 0.73 mm. 9 

In parallel to whole-body PET/MR clinical systems, several groups started developing organ 10 

specific PET/MR: brain has been the privileged target. One of the active groups in this field was 11 

the Forschungszentrum Julich group that in collaboration with Siemens implemented a 9.4T MRI 12 

combined with the BrainPET based on APD [45], to obtain the first Brain PET/MR. 13 

The increasing interest in brain imaging is not limited to neuro-oncology and neuro-inflammation, 14 

but is extending to the field of neuroscience and psychiatry disorders [46]. This is also evident 15 

from the specific call within the 7th Framework Programme, (HEALTH.2013.2.2.1-2: 16 

Development of effective imaging tools for diagnosis, monitoring and management of mental 17 

disorders), where two projects for the development of PET/MRI scanners were funded.  18 

The first one, MINDVIEW [47] aimed to build a SiPM based insert for a 3 T MR. The 19 

technological challenge for PET was to use a monolithic crystal read by one matrix of SiPM, so 20 

as to reach an intrinsic spatial resolution below 1 mm. The scanner is made of three rings of 20 21 

detector modules per ring Figure 4. The internal PET diameter is 33 cm with a transaxial FoV of 22 
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24 cm and an axial field of view of 15.2 cm. The monolithic crystal is LYSO (5 cm × 5 cm × 2 1 

cm) seen by a matrix of 12 × 12 SensL SiPM (3 mm × 3mm each). The SiPM readout scheme is 2 

done by rows and columns, thus reducing the number of channel output. The measured intrinsic 3 

spatial resolution obtained with Depth of Interaction (DOI) correction varies between 0.7 and 1.7 4 

mm. The sensitivity is 2.7% for a point source at the center of the field of view. The PET scanner 5 

was successfully tested within the MR system of the mMR PET/MR system at Klinikum Recths 6 

der Isar in Munich [48].   7 

 8 

Figure 4: Sketch of the MINDVIEW PET scanner (left); MINDVIEW PET scanner on the bench [48] 9 

The other FP7 funded project, TRIMAGE [49], represents the first effort toward the development 10 

of a full brain PET/MR system [50] with the additional capability of accommodating an MR 11 

compatible ElecroEncephaloGraphy (EEG). TRIMAGE aims to create a trimodal, cost-effective 12 
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imaging tool consisting of PET/MR/EEG, using cutting edge technology with performance 1 

beyond the state of the art (Figure 5).  2 

 3 

Figure 5: Picture of the TRIMAGE system in its preliminary installation setting. 4 

 5 

The MR is a superconducting 1.5T magnet without any cryogenic liquid. The PET insert has 6 

a transaxial FoV of 31 cm. It consists of 54 modules of 5 × 5 cm2, arranged in 18 rectangular 7 

detectors of 5 × 15 cm2 to form a cylindrical geometry. Each module is made of four submodules 8 

of 2.5 × 2.5 cm2; each submodule is made by a dual-staggered layer of LYSO matrices so as to 9 

estimate DOI. Front and back layer are 8 mm and 12 mm thick, respectively. The photodetectors 10 

for each sub-module consists in 2 arrays of 4 × 8 NUV SiPMs by Advansid and a dedicated 64 11 

channel ASIC [51] (Figure 6). 12 
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 1 

Figure 6: Left, picture of the SiPM array of the TRIMAGE PET detectors. It consists of 8 (4 × 2) 2 
matrices of SiPMs manufactured by AdvanSiD, Italy. Each matrix has 32 (8 × 4) 3 mm × 3 mm 3 
SiPMs. Right, picture of the PET detector module, featuring four dual-staggered layer of 4 
LYSO matrices. The board below the detector module hosts four readout ASICs.  5 

 6 

 7 

Figure 7: Schematic  of the HYPMED device. The patient is a prone position and both breasts can be 8 
independently accessed by the two PET rings towards the feet of the patient (from www.hypmed.eu, 9 
accessed 16 August 2018) 10 

The preliminary performances of the system are: a spatial resolution that varies between 2.34 and 11 

3.66 mm, a sensitivity of 61 cps/kBq for a source at the center of the field of view, an energy 12 
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resolution of about 17% and a CTR of 420 ps between two single crystals and about 600 ps 1 

between two entire sub-modules. 2 

Alongside with brain dedicated PET/MR scanners there are projects for breast dedicated 3 

PET/MR. A full simulation of a PET insert to be integrated in a breast MRI coil was made by 4 

Liang and Peng [52].  5 

More recently, a Horizon2020 project (HYPMED) has been funded to build a PET/MR breast 6 

insert  [53]. The PET insert based on SiPM is expected to reach unprecedented imaging of breast 7 

cancer with high resolution/ultra-high sensitivity (Figure 7). 8 

Hybrid systems that combine SPECT and MR and are using SiPMs are rare, since the technology 9 

in SPECT has evolved toward CdTe and CZT semiconductors as direct conversion/detection 10 

devices for SPECT γ rays. In 2013 the EU-FP7 program funded the project (INSERT) that aims 11 

to develop an integrated SPECT/MRI breast system. The SPECT detector is bases on monolithic 12 

CsI scintillator of 8 mm thickness, coupled to an array of 144 SiPMS (RGB-HD type by FBK, 13 

Italy) read and multiplexed by a 36 channel ANGUS ASIC. A fundamental part of any SPECT 14 

device is the collimator. The INSERT consortium is building both a preclinical and a clinical 15 

prototype. The first one has a SPECT detector with a transaxial FoV of 15.6 mm, an axial FoV of 16 

16 mm and a multipinhole collimator (nine holes of 0.8mm × 0.8mm) made of tungsten powder 17 

and epoxy resin. The clinical prototype will have a much larger field of view and the collimator 18 

will be a multislit-slat geometry. The measurements on the preclinical prototype [54] have given 19 

an energy resolution of 14% for 99mTc and an intrinsic spatial resolution of 1.1 mm at 122 keV. 20 

 21 
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5. Hadrontherapy 1 

Hadrontherapy is a cancer therapy using ions (mainly protons and carbon ions) for the treatment 2 

of solid and radioresistant tumours.  At the end of 2017 there were 72 centres operating worldwide 3 

and another 68 are in construction or in the planning stage, most of which are proton centres. 4 

More than 170,000 patients were treated in the time span between 1954 and 2016 (around 150,000 5 

with protons and 21,000 with carbon ions [55]). 6 

Hadrontherapy is characterised by the depth dose curve with a peak (Bragg peak) at the end of 7 

the particle path. The utility for cancer therapy was recognised for the first time by R. Wilson in 8 

1946  [56]. The total energy deposited in a patient (integral dose) for a given target dose is always 9 

lower in comparison to conventional radiotherapy techniques based on photon beams. This is in 10 

part due to the lower entrance dose and in part to the minimal exit dose. Furthermore, the sharp 11 

dose gradients allow a more precise definition of the target volume, making hadrontherapy 12 

suitable for treating tumours located in proximity of critical organs (i.e., chondrosarcomas of the 13 

skull base located close to the spinal cord). In addition, the increased biological effectiveness of 14 

ions with respect to photons (and also to protons) allows treating radioresistant tumors like 15 

sarcomas and some glandular tumours [57], [58]. 16 

One of the main issues in hadrontherapy is the need to know the actual path of the beam in the 17 

patient and where it stops. To fully exploit the potential of hadrontherapy, prediction of the 18 

particles range in patient must be as accurate as possible in the planning and delivery of the 19 

treatment. Being a precision technique, hadrontherapy is highly sensitive to range uncertainties 20 

[59]. The impact of an improper quantification of safety margins can be more severe than in 21 

conventional radiotherapy. As clinical good practice, generous safety margins are applied to the 22 

particles beam range to take into account uncertainties. There is no general rule, but for instance 23 

in several proton therapy centers, the treatment planning assumes an uncertainty in proton range 24 
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of 3.5% of the range plus additional 1-3 mm [60].  These values result in a substantial overshoot 1 

of 8 mm for a 20 cm range in soft tissue.  2 

Many different approaches of in vivo particle range verification and monitoring have been 3 

proposed in the past years. Most of them rely on the detection of the secondary radiations exiting 4 

the patient after nuclear reactions occurring along the beam path. Nuclear reactions may occur all 5 

along the projectile path, until close to the Bragg peak region when the kinetic energy falls below 6 

the Coulomb barrier. Therefore, secondary radiation emission is correlated to the primary ion 7 

range, although the underlying hadronic interaction processes differ from the electromagnetic 8 

interaction governing energy loss. 9 

Monitoring systems are generally based on radiation detectors composed of scintillators 10 

coupled to photodetectors like PMT and, in the latest generation, SiPMs.  In particular, fast timing, 11 

compactness and design flexibility made the latter ones suitable for the most demanding in-beam 12 

monitoring systems; in fact, they must be located in close proximity to the patient, operated during 13 

the irradiation without hampering the patient bed or the gantry motion and must sustain the rate 14 

of events occurring during a therapeutical session [61].   15 

The most consolidated among the monitoring techniques is Positron Emission Tomography (PET) 16 

[2], which allows measuring the activity of positron (β+) radionuclides produced by nuclear beam 17 

interactions with the tissues [62–64].  The accuracy of the treatment is controlled by comparing 18 

the measured PET image with a reference image obtained by Monte Carlo simulation or by 19 

intercomparing a previous fraction of the same treatment. 20 

In the most advanced in-beam implementation, dual head PET cameras (rotating or stationary) 21 

are positioned close to the beam nozzle or integrated in the gantry. Shao and collaborators [65] 22 

first developed a PET camera for on-line image-guided adaptive proton therapy with dual rotating 23 

depth-of-interaction measurable detector panels by using SiPM (here called solid-state 24 
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photomultiplier SSPM fabricated by SensL) arrays and LYSO scintillator. The system, with 44 1 

mm diameter transaxial and 30 mm axial FoV, was tested at the protontherapy center of the 2 

University of Texas MD Anderson Cancer Center (Houston, TX) with polymethyl methacrylate 3 

(PMMA) phantoms. Tomographic images were acquired including data both during and 5 min 4 

after irradiations. The results show a fast converging of activity-ranges measured by the prototype 5 

PET with high sensitivity and uniform resolution. Sub-mm activity-ranges were achieved with 6 

minimal 6 s acquisition time and three spill irradiations.  7 

Small scale prototypes, still featuring dual head design, rely on the digital SiPM [28,66] to 8 

implement in-beam TOF-PET. The PET detector comprises two DPC modules from Philips 9 

coupled to LYSO pixilated crystals. The surface area was of 66 mm × 66 mm [67]. Experimental 10 

tests on PMMA phantoms at the Heidelberg Ion Therapy synchrotron source measured 11 

uncertainty in the activity range of 0.2-0.3 mm.  12 

Dendooven and coll. [68] have made an experiment with bare digital SiPMs to test the radiation 13 

hardness of such devices in a geometry configuration typical of in-beam PET operation. They 14 

found that the dark count rate (DCR) became too large for successful operation after the 15 

equivalent of a few weeks in a proton therapy treatment room (about 5 × 1013 protons. This 16 

corresponds to an irradiation of 108 1 MeV equivalent neutron/cm2, in agreement with other 17 

observations on analog SiPMs [69–71], suggesting that the damage occurs in the analog sensor 18 

part and not in the electronics integrated in the chip. Being radiation hardness a potential 19 

showstopper for SiPM application in hadrontherapy, more studies are required to address it in a 20 

typical in-beam application and to apply mitigation strategies. 21 

Besides the detection of β+ radionuclides produced by target or projectile nuclear fragmentation, 22 

the prompt emission of high-energy photons is expected to provide an instantaneous vision of the 23 

beam range in matter with respect to PET [72]. The idea to use prompt-gamma (PG) detection to 24 



 

 

– 19 – 

monitor ion ranges in hadrontherapy was first proposed in 2003 by Stichelbaut and Jongen at the 1 

PTCOG meeting in San Francisco. Then a proof of principle was published by Min et al. in 2006 2 

[73], with a collimated and shielded detector scanning proton beam ranges in a water tank. Testa 3 

et al. showed soon after that carbon ion range is also measurable, provided Time-of-Flight (TOF) 4 

is employed to discriminate PGs issued from the target from a large background of secondary 5 

radiation [74]. Since then, the topic motivated many research groups worldwide, and several 6 

different detection modalities were proposed.  7 

The most advanced PG imaging device has been developed by IBA [75] and it is based on a single 8 

slit W collimator of the knife-edge type to realize the 1-D projection of the beam path along the 9 

beam axis. The detection part consists of scintillation detector slabs (LYSO) read out via silicon 10 

photomultipliers [76]. Experiments were performed with 100, 160 and 230 MeV protons 11 

impinging on homogeneous PMMA targets. A precision (2σ) in shift retrieval of 4 mm was 12 

reached. In inhomogeneous targets with inserts of tissue equivalent material, for most cases range 13 

deviations can be detected within less than 2 mm [77].  14 

Prompt gamma-ray imaging with a knife-edge camera has been applied for the first time clinically 15 

for a treatment of a head and neck tumor [78]. The measured inter-fractional global range 16 

variations were in the order of ± 2 mm. This agrees with CT information (variations on the order 17 

of 1.5 mm). 18 

Besides the previously described system with passive collimation, electronic collimation, as in 19 

the Compton cameras, is used with the advantage of a higher detection efficiency. Compton 20 

cameras for medical imaging have first been proposed in [79]. This type of cameras is also well 21 

adapted for the purpose of prompt gamma-ray detection, since the relevant energy range of several 22 

MeV Compton scattering is the dominant process. 23 
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Llosá et al. built a prototypal camera with a monolithic LaBr3 crystal coupled by to a SiPM-array 1 

for performance tests  [80], including the 3-D reconstruction of the impact position in the detector  2 

[81]. The final Compton camera consists of two layers of monolithic LaBr3 crystals with entrance 3 

surfaces of 27.2 × 26.8 mm2 and 32 × 36 mm2 and thicknesses of 5 and 10 mm, respectively [82]. 4 

After successful reconstruction of point-like sources, tests at a 150 MeV proton beam showed that 5 

with the reconstructed Bragg peaks shifts within 10 mm can be observed [83]. 6 

In the case of ions heavier than protons, light secondary charged fragments may be produced at 7 

typically the same velocity as the projectiles, or even faster, and keep some memory of the initial 8 

interaction point within the projectile range, thus providing information of the primary ion range. 9 

The detection of these secondary charged particle for the verification of carbon-ion therapy is 10 

sometimes called Interaction Vertex Imaging (IVI) [84–86]. Large acceptance detectors, made of 11 

scintillating fibers coupled with silicon photomultipliers, enabled the observations of fragments 12 

at large angles and the reconstruction of the emission vertex in homogeneous and heterogenous 13 

PMMA-air phantoms [87–89].  14 

The most innovative approach on range monitoring relies on hybrid detection scheme that offers 15 

the unique combination of complementary information from different modalities. INSIDE 16 

(Innovative SolutIons for Dosimetry in hadronthErapy) is an innovative bimodal imaging system 17 

providing a robust range verification and monitoring during particle therapy treatments [90]. The 18 

INSIDE bimodal system (Figure 8) consists of an in-beam PET scanner and of a tracking system 19 

for IVI, called dose profiler (DP).  PET is made of two planar opposite heads, 60 cm one to the 20 

other, each composed by 10 (array of 2 × 5) detection modules. A detection module is an array of 21 

16 × 16 LFS crystals, 3 × 3 × 20 mm3 each, one-to-one coupled to a matching array SiPMs. The 22 

head total area is 112 mm (transaxial) × 264 mm (axial, along the beam direction). The DP is 23 

made of 8 scintillating fibers stereo-layers, that allow reconstructing the track and extrapolate the 24 
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emission points of protons exiting the patient with about 90% efficiency. The 19.2 × 19.2 cm2 DP 1 

planes are made of square (500 × 500 µm2) multicladding fibers read out by SiPMs [91]. 2 

 3 

Figure 8: The INSIDE system at CNAO. The two in-beam PET heads are above and below the 4 
patient bed. The Dose Profiler is visible in the aluminum box on the left. )  5 

 6 

The PET system was installed and is in operation at CNAO since 2016. After the commissioning 7 

phase, it has been successfully used to monitor a patient with lacrimal gland tumor in two 8 

consecutive treatment sessions. Both irradiations lasted 240 sec [92]. The patient was treated with 9 

3.7 × 1010 protons per field (dose 2.2 GyE) in the range [66.3, 144.4] MeV/u. Figure 9 shows the 10 

activation maps reconstructed after 240 sec of irradiation and additional 30 sec of acquisition 11 

after-treatment The acquisitions were also compared with the Monte Carlo simulations 12 

reproducing the same set-up. Quantitative comparison of the activation isosurfaces [93] provides 13 

an average distance between data and simulation of less than one mm with a standard deviation 14 

below 2 mm. 15 
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 1 

Figure 9: Activation maps reconstructed after 240 sec of irradiation and additional 30 sec of 2 
acquisition after-treatment. Left: experimental data of the first day. Right: simulation. The beam 3 
enters from top. Color map legenda: maximum intensity in red (a.u.), null intensity in blue. 4 

 5 

 6 

 7 

Figure 10: Distribution of the secondary protons exiting an anthropomorphic phantom. Emission 8 
profile after absorption correction (green up-triangles). The simulated emission distribution (Monte 9 
Carlo truth) is also shown for comparison (black squares). 10 

 11 

The DP was completed and tested at CNAO with phantoms since the second half of 2017. Figure 12 

10 shows the distribution of the secondary protons generation depths along the beam direction 13 

(red) as obtained irradiating an anthropomorphic phantom with 300 MeV/u 12C ion pencil beams. 14 

The distribution has been obtained with 106 ions integrated on 1cm2 area transversal to the beam 15 

direction. Taking into account the absorption of the secondary proton in the patient tissue by 16 

means of a filtering procedure [94], the emission profile (green) was calculated. The simulated 17 

emission distribution (Monte Carlo truth) is also shown for comparison (black).  18 
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Another application of SiPM in hadrontherapy is proton computed tomography (pCT), i.e., 1 

imaging with energetic protons traversing the object to be reconstructed. It is a low-dose imaging 2 

technique capable to improve range prediction accuracy because the particles used for imaging 3 

are of the same kind as those used for treatment [95].  Furthermore, pCT may be used for 4 

verification of treatment plan just before treatment. 5 

Protons with known incoming energy are registered one-by-one with position-sensitive detectors 6 

(trackers) before and after the object and are absorbed in an energy detector (calorimeter or range 7 

counter), which thus measures residual proton energy. Whereas the tracker is usually made of 8 

layers of silicon strip detectors, SiPMs are used in the latest generation of calorimeters and range 9 

counters. In [96] Schulte and coll. presents a pCT system featuring a range counter, where protons 10 

stop in a long stack of thin scintillating tiles, each of them working as a scintillating counter with 11 

a sensitive area of 40 × 15 cm2 using polystyrene-based scintillating tiles of 3.75 mm thickness 12 

(or ~ 4mm when wrapped with reflecting material). The scintillating tiles were directly read out 13 

by Hamamatsu MPPC (mod. S10362-33-050C) with 3 × 3 mm2 sensitive area. 14 

As previously observed, range monitoring devices using photons and charged particles 15 

produced by the beam interacting with the patient's body have been developed, but no attempt has 16 

been made yet to exploit the detection of the abundant neutron component. Since neutrons can 17 

release a significant dose far away from the tumour region, precise measurements of their flux, 18 

production energy and angle distributions are eagerly sought in order to improve the treatment 19 

planning system (TPS) software. MONDO (monitor for neutron dose in hadrontherapy) is a 20 

tracking detector targeting fast and ultra-fast secondary neutrons [97]. The neutron tracking 21 

principle is based on the reconstruction of two consequent elastic scattering interactions of a 22 

neutron with a target material. By reconstructing the recoiling protons, it is possible to measure 23 

the energy and incoming direction of the neutron. Plastic scintillators are used as scattering and 24 

detection media: the tracker is being developed as a matrix of squared scintillating fibers. The 25 
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light produced and collected in fibers is acquired using a new type of digital SiPMs, CMOS Single 1 

Photon Avalanche Diode arrays developed by Fondazione Bruno Kessler (FBK). A 4 × 4 × 4.8 2 

cm3 prototype was built using 250 µm thick scintillating square fibers and was tested using a 3 

proton in the energy range of 60–220 MeV. The detector response has been studied, measuring 4 

the energy deposited by the protons inside the fibres. Even with a non-optimised sensor it was 5 

possible to identify and reconstruct the proton related tracks. 6 

 7 

6. Intraoperative Probes  8 

Intraoperative surgery based on the detection of radioactive or fluorescent tracers offers high 9 

sensitivity and specificity for the discrimination of malignant tissues [98,99]. Counting and 10 

imaging probes for medium and high-energy gamma are nowadays well established in clinical 11 

routine, especially for the sentinel lymph node biopsy [100]. They include probes based on 12 

semiconductor materials or on scintillators (both organic and inorganic) read-out by PMTs. New 13 

developed gamma imaging probes replaces the PMT technology with SiPMs for their high signal-14 

to-noise ratio, compactness, low weight, simplicity of implementation and versatility.  15 

In [101] authors describe a SiPM based hand-held imaging probe for intraoperative surgical 16 

guidance. The camera incorporates a LaBr3:Ce scintillator plate, an array of 80 SiPMs and a two-17 

layer parallel-hole collimator. The field of view is circular with a 60 mm diameter. The disk-18 

shaped camera housing is 75 mm in diameter, approximately 40.5 mm thick and has a mass of 19 

only 1.4 kg, permitting either hand-held or arm-mounted use. The gamma camera has an intrinsic 20 

spatial resolution of 4.2 mm FWHM, an energy resolution of 21.1 % FWHM at 140 keV, and a 21 

sensitivity of 481 and 73 cps/MBq when using the single- and double-layer collimators, 22 

respectively. 23 
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Goertzen and coll. [102] proposed a hand held gamma camera composed of a CsI:Tl array coupled  1 

to a SensL SPMArray4M . The scintillator array is 4 × 4 elements directly coupled to the SiPM 2 

with crystal size of 3.3 × 3.3 × 5 mm3. A low energy resolution parallel hole collimator with 1.2 3 

mm flute size, 0.2 mm septa and 23 mm depth is placed in front of the crystal array. The total 4 

package comprising also the front-end electronics weighs approximately 320 g. The hand-held 5 

camera has a spatial resolution of 3.46 mm (at the collimator face) and a detection efficiency of 6 

162.9 cps/MBq.  7 

The number of positron or electron-emitting pharmaceuticals for diagnosis or therapeutic 8 

purposes [103] has created a renewed interest for in situ detection of beta particles to perform real 9 

time delineation of tumor boundaries [104,105]. Compared to gamma detection, the short range 10 

of beta particles (around 1 mm in water for 18F positrons), allows a more sensitive and accurate 11 

tumor localization. Since no collimation is necessary, it is possible to design compact and light 12 

probes with a sensitivity increased by one to three orders of magnitude as compared to gamma 13 

detectors. The beta particle short range also reduces the contamination from distal non-specific 14 

radiotracers uptake region, which results in an increased signal-to-noise-ratio. Spadola et al. [106] 15 

developed a simple positron probe composed of a thin scintillator covered by an optical coating 16 

and coupled through a light spreading window to a SiPM array. The photodetector is a 16-17 

channels Through Silicon Via (TSV) SiPMs array (S12642-0404PA, Hamamatsu). TSV 18 

technology allows to reduce down to 0.2 mm the gap in between the 3 × 3 mm2 pixels composed 19 

of 50 × 50 µm2 size cells. Four SiPM arrays were assembled together on a printed circuit board 20 

in order to obtain a FoV of 25.7 × 25.7 mm2 (space in-between the arrays of 0.5 mm). The imaging 21 

probe configuration composed by a 0.1 mm thick p-terphenyl scintillator coupled to a 2 mm thick 22 

light guide offers promising low gamma sensitivity while maintaining high beta sensitivity and 23 

submillimetric intrinsic resolution over its usable field of view.  24 
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Selverstone and coll. proposed in 1949 [107] the use of pure β− radiation that penetrates only a 1 

few millimetres of tissue with essentially no gamma contamination, being the bremsstrahlung 2 

contribution, with a 0.1% emission probability, negligible. Additionally, a β− probe, detecting 3 

electrons and operating with lower background, would provide a clearer delineation of margins 4 

of the radioactive tissue, requiring administration of a radio-pharmaceutical with a lower activity 5 

and it would be smaller and easier to handle in the surgical environment. The idea was soon 6 

abandoned at the time, but the developments of new radio-tracers and specific intra-operative 7 

probes renovated the interest for this application. In [108] the authors reports of a  β− probe 8 

prototype composed by a p-terphenil scintillator cylinder of 10 mm in diameter, 3 mm in height, 9 

surrounded by a 5.4 mm layer of PVC. The front face is covered by a 10 µm layer of Aluminum. 10 

In this prototype, the scintillation light is collected by a SiPM (B. Series 10035 by SensL) directly 11 

coupled to the back of the scintillator, with an active area of 1 × 1 mm2. Feasibility studies for 12 

meningioma, glioma and neuroendocrine tumors were performed assuming administration of 13 

90Y-DOTATOC (a somatostatine analogue). They showed excellent agreement between 14 

experimental and expected rates for lesions and healthy tissues: e.g. the bulk tumor showed 15 

signals of ~100 cps, 0.2 mL residual signals of ~40 cps and healthy tissues of less than 5 cps. 16 

Compactness and miniaturization are essential requirements for endoscopic probes and 17 

SiPMs are the ideal solution also for this application. SiPMs have been employed in the 18 

EndoTOFPET-US [109] endoscopic probe for prostate imaging.  The EndoTOFPET-US detector 19 

is being developed for the evaluation of new biomarkers and for diagnostic interventional 20 

imaging. It consists of a miniaturized PET detector head mounted on an ultrasound endoscope as 21 

well as an external detector plate being located next to the patient [110]. The detection of the β+ 22 

annihilation γ-rays is carried out with scintillation crystals read out by SiPM. The endoscopic PET 23 

detector is mounted on the trans-rectal ultrasound (US) endoscope EUP-U533 from Hitachi. The 24 

PET head extension is clamped onto the endoscope. The PET head must not exceed a volume of 25 
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23 × 23 × 40 mm3 due to anatomical constraints. Due to the immediate proximity of the detector 1 

to the organ under study, a high granularity is crucial for an excellent spatial resolution. This is 2 

realized by the use of two matrices of 9 × 18 LYSO scintillator crystals from Proteus with a size 3 

of 0.71 × 0.71 × 15 mm3 read-out by fully digital SiPMs (96).  4 

7. Conclusions and Future Outlook  5 

The SiPM found a fertile ground for applications in medicine since the very beginning [111] and 6 

in particular for PET. Notwithstanding the many developments and proof of principle 7 

experiments, very few apparatuses based on SiPM succeeded in reaching the market. In fact, once 8 

a medical device has hit the market is going to stay for 10-20 years before a new type of device 9 

takes his place. This is especially true for very expensive medical imaging devices for which the 10 

industry wants to fully recover its investment and to make profit before launching a new one. In 11 

the end, very few PET-only or PET/CT systems are SiPM based and this happened mostly for 12 

implementing the TOF-PET option that had a major step forward based on this technology (see 13 

section 3).  14 

The turning point for SiPM deployment in medicine was the development of PET/MR systems. 15 

When the clinical indications appeared to suggest a better diagnosis and prognosis for various 16 

illnesses by the use of a PET/MR instead of a PET/CT [46,112], the SiPM became mandatory 17 

because of the incompatibility of the PMTs with the magnetic field and the better performance 18 

with respect to APD (see section 4). Although the SiPM are fully compatible with the magnetic 19 

field the research has concentrated on obtaining the full compatibility of PET electronics with 20 

MRI and of MRI RF sequences with PET data acquisition. This new technological problem has 21 

found various solutions, but not yet a unique recipe to solve the problem entirely [113,114]. 22 

Furthermore, because of the variation of the SiPM gain and consequently of increasing dark noise 23 

with temperature, the SiPM and the analog/digital electronics inside the magnet must be cooled 24 
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and kept under controlled temperature. Various methods have been used: air cooling, water 1 

cooling, cold liquid cooling [115]. Hence the technology complexity has been transferred for the 2 

original “block detector” of 1986 [4] to the distributed digital electronics and packaging   3 

A successful field of SiPM applications has recently been that of range monitoring in 4 

hadrontherapy (see section 5). However, in this case the critical issue of radiation damage of the 5 

SiPM must still be investigated in depth. It is expected that in the future SiPM could also have a 6 

role in replacing imaging devices in radiotherapy. Other fields where it is expected to be a high 7 

demand of SiPMs are biosensor devices [116] and point of care applications at large. Thanks to 8 

the small size and low cost, the SiPM could really represent the enabling technology for these 9 

fields that are rapidly emerging in the medical sector. 10 

It is expected the new generation of SiPM will be in CMOS technology with electronics on chip 11 

[117]. This development will be primarily driven by the impact of SiPM on industrial processes, 12 

safety, homeland security, automotive applications and more. Once transferred to medicine it will 13 

produce a big step forward in diagnosis, prognosis and therapy based on more and more 14 

quantitative medical imaging procedures. 15 

 16 
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