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Abstract

Positron emission tomography is a highly sensitive molecular imaging modality, based on the coincident detection of

annihilation photons after positron decay. The most used detector is based on dense, fast, and luminous scintillators read

out by light sensors. This review covers the various detector concepts for clinical and preclinical systems.
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Requirements for PET detectors

After emission during positron decay, positrons lose
energy in the surrounding tissue and finally annihilate with
an electron. Positron imaging relies on the fact that in the
annihilation process two photons with 511 keV energy each
are simultaneously emitted back-to-back. By detecting these
photons within a very short time window, a line-of-response
(LOR) can be determined without geometrical collimation
(as it is needed in gamma camera-based single photon emis-
sion tomography imaging). This coincidence mode of acqui-
sition is the reason for the excellent sensitivity of positron
emission tomography (PET).

Several requirements for the detection system follow
from this basic principle:

� Detection efficiency for photons with 511 keV needs to
be high since the coincidence efficiency is the product
of efficiencies of two channels.

� For effective reduction of scattered radiation in the
measured signal, the detectors need to provide accurate
information on the energy deposited in a detector
element.

� The detectors need to be fast in order to operate with short
coincidence windows, reducing the number of random
coincidences and potentially providing time-of-flight
information.

� The detection elements need to be small since their size
determine the achievable spatial resolution.

Scintillation detectors still remain the type of detectors
that fulfill these requirements best. They are based on a piece
of scintillator read out by a light sensor. Since the first PET
designs, research in scintillation crystals and light sensors
has tremendously improved PET detectors as well as overall
system performance.

In this brief review, we describe most important develop-
ments in PET detector technology leading to the current
state-of-the-art.

Scintillation crystals

The requirements listed above translate into properties of
scintillation crystals [1]: Dense materials with high atomic
number offer high interaction probability and high photofrac-
tion. Energy resolution is strongly influenced by photon statis-
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tics; thus, luminous scintillators are preferred. In addition,
high light yield facilitates readout schemes beyond one-to-
one coupling of scintillation crystal and light sensor. Fast
emission of the scintillation light results in precise time stamp-
ing of events. The scintillation wavelength needs to be in the
range of optimal detection of the light sensor with little
self-absorption inside the crystal element. Furthermore,
matching index of refraction ensures little light loss between
crystal and light sensor. Rugged materials are advantageous
as they can be cut in small individual pieces without cleavage.
Some scintillation materials are hygroscopic, thus special care
must be taken in their encapsulation.

Thefirst positron imaging deviceswere based onThallium-
doped sodium-iodine (NaI(Tl)) crystals, well known from
Anger gamma cameras. Each crystal was read out by a photo-
multiplier tube, limiting the smallest possible size of individ-
ual detection elements. In the first device which was used for
in vivo scanning, pairs of NaI(Tl) detectors (3 � 3 � 4 cm3)
were operated in coincidence and translated laterally, yielding
a 2D projection of positron emitter density in the brain [2]. NaI
(Tl) is a bright scintillator, but with density of 3.67 g/cm3 and
effective atomic number of only 51, its detection efficiency for
511 keV photons is low. Therefore, once the high-Z scintilla-
tor bismuth germanate (BGO) became available in the early
1970s [3], it quickly came into the focus as an alternative
PET scintillator [4] and was the scintillator of choice for many
years in PET instrumentation.

About 20 years later, the development of fast, luminous
crystals resulted in a new generation of PET scanners. In
the early 1990s, the growth of cerium-doped lutetium oxy-
orthosilicate (LSO:Ce) was established [5]. Later, LYSO:
Ce was introduced, which requires a lower melting temper-
ature in the crystal growing process [6]. Both, LSO and
LYSO, have similar density as BGO, a little lower atomic
number, but are much brighter and faster than BGO. There-
fore, much better timing and energy resolution could be
achieved without reducing the detection efficiency too
much.

Scintillation materials with even faster decay times are
cesium fluoride (CsF) or barium fluoride (BaF2). They have
been used already in the 1980s for the first time-of-flight
PET scanners [7–9] with coincidence timing resolution

between 500 and 750 ps. Both materials have low detection
efficiency and low light yield, resulting in lower system per-
formance compared to BGO-based scanners. LaBr3:Ce scin-
tillation material has also a short decay time, but also an
excellent light yield and energy resolution. Unfortunately,
its density and atomic number are similar as in CsF and
BaF2, thus detection efficiency is limited. Nevertheless, a
LaBr3:Ce based tomograph was built showing the impact
of timing and energy resolution on image quality [10].

Some characteristics of scintillators used for PET are
summarized in Table 1.

Light sensors

The weak scintillation light needs to be converted in an
electrical signal, which can be analyzed for time of arrival
and total amount of light. Thus, the light sensors used in a
detection system must be selected according to the properties
of the scintillation light. Most importantly, detection effi-
ciency for the scintillation light (e.g. 420 nm in LSO:Ce)
and charge amplification need to be high, while signal rise
time should be as short as possible. In addition, linear
response with respect to the amount of emitted scintillation
light is assumed. The standard light sensor in PET detectors
has been the photomultiplier tube. Although silicon-based
light sensors have been used since many years as well, their
implementation in large PET systems with excellent perfor-
mance is still very recent.

Photomultiplier tubes

Most PET detectors produced up to now have been based
on photomultiplier tubes (PMTs). A PMT is a vacuum glass
tube that contains a photocathode, a series of electrodes with
increasing voltage called dynodes, and an anode. The inci-
dent photons that come through the glass window collide
with the photocathode producing photoelectrons (efficiency
at 420 nm is approx. 30%). These primary photoelectrons
travel in the direction of the first dynode accelerated by
the voltage difference between the photocathode and the first
dynode. As they hit the dynode, secondary electrons are gen-
erated. This process is then repeated at each progressive dyn-

Table 1
Examples of scintillation materials used in PET detectors (data from [11,12]). Zeff is the effective atomic number.

Material Density (g/cm3) Zeff Light output (photons/keV) Decay time (ns) Hygroscopic

NaI:Tl 3.67 51 41 230 yes
BGO 7.1 75 9 300 no
L(Y)SO:Ce 7.1-7.4 65-66 26-34 38-44 no
BaF2 4.9 54 1.3-1.4 0.8 no
CsF 4.6 52 1.9-2.0 3 yes
LaBr3:Ce 5.1 45 64-76 16 yes
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ode, resulting in signal amplification of up to 106 depending
on the PMT design [13]. Thanks to the vacuum environment
of PMTs, their advantage over solid-state sensors is a rela-
tively low dark count rate (in the order of tens of counts
per second [14]), which is the number of output pulses orig-
inating from electrons randomly emitted by the photocath-
ode and the dynodes per unit time. In addition, signal rise
time is typically very short.

The development of square multi-anode, position-
sensitive PMTs (PSPMT, flat panel PMT) [15] with e.g.
64 readout channels covering an area of approx. 5 � 5
cm2 opened up a new era of high-resolution detectors [16].
Owing to their compact size and minimum housing, these
light sensors were key for the advancement of small animal
PET instrumentation and organ-specific PET systems.

Avalanche Photodiode

Once solid state photon sensors with appropriate charac-
teristics became available [17], avalanche photodiodes
(APD) were investigated as light sensors for PET detectors.
In contrast to a regular p-i-n photodiode, where an incident
photon generates only one electron-hole pair, an APD pro-
vides internal signal amplification, which is essential for
PET application. In an APD, an electron produced by the
incident photon gets accelerated by a large reverse voltage
and then collides with the lattice producing a new
electron-hole pair. This process can then be repeated by
the same electron as well as by the newly generated electron,
creating an avalanche effect and resulting in significant sig-
nal amplification [18]. However, the typical internal gain
achieved by APDs used in PET is around 100 [19], which
is significantly lower compared to PMTs. Moreover, the tim-
ing resolution of APDs is in the range of several ns, thus
inferior to the one exhibited by PMTs [20]. In PET, APDs
are operated in proportional mode, i.e., the reverse voltage
is set in a way that the generated signal is proportional to
the amount of incident scintillation light [21]. Compared to
PMTs, APDs have significantly higher quantum efficiency

(80% versus 30%) and can be employed in high magnetic
fields [22], which enabled their use for combined PET/MR
imaging [23–25]. The first commercial simultaneous PET/
MR system for clinical use is based on APDs [26].

Furthermore, they can be produced as compact arrays of
individual small APDs (Fig. 1 [19]).

Silicon Photomultiplier

Silicon photomultipliers (SiPMs) aim at combining the
benefits of PMTs and APDs. SiPMs produce gains equal
or greater to those of PMTs, while requiring only moder-
ate reverse voltage (below 100 V) [27]. Similarly to
APDs, SiPMs are not susceptible to magnetic fields [28]
and can be employed in PET/MR imaging [29,30]. Com-
pared to APDs, SiPMs exhibit superior timing resolution
below 1 ns [31] which makes them suitable for time-of-
flight PET [32]. A SiPM consists of an array of
parallelly-connected APDs functioning in Geiger mode,
i.e. operating above the breakdown voltage. This voltage
creates an electric field across the depletion region that
is large enough to make the impact ionization process
self-sustaining [17]. Such Geiger-mode APDs generate a
large output signal even for a single incident photon.
Therefore, they are also known as single-photon APDs
(SPADs). Thus, the number of incident photons cannot
be estimated by an individual SPAD. A SiPM overcomes
this issue by using an array of very small SPADs (Fig. 2).
By adding the signals of all SPADs in the array, the SiPM
signal is proportional to the number of photons reaching
the surface of the SiPM if the number of available SPADs
is larger than the number of entering photons. For bright
scintillators this may not be the case, and non-linear
response needs to be corrected for.

Just like PMTs, the analog output signal of SiPMs is pro-
portional to the amount of detected scintillation light and
needs to be read out and digitized with appropriate electron-
ics for energy and timing information. Digital SiPMs, on the
other hand, integrate counting electronics on the SiPM wafer

Figure 1. Example of an array of small APDs, each with a sensitive area of 1.6 � 1.6 mm2. (Hamamatsu Photonics KK, Japan) [19].
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(reducing the sensitive area somewhat), thus the output is the
number of fired SPADs, eliminating the need of analog read-
out electronics [34]. These digital SiPMs are the light sensor
used in a clinical PET/CT device [35] and have recently
been used in the development of a large axial field-of-view
tomograph [36].

Detectors

Several schemes of combining scintillation crystals with
light sensors have been developed since the first prototype
PET scanners (Fig. 3, [37]).

One-to-one coupled detectors

First PET detectors comprised a single scintillation crys-
tal coupled to a single PMT. The intrinsic spatial resolution

of such a system is defined by the size of the crystal cross-
section. Therefore, to improve the resolution, one would
need to reduce the crystal size and, to maintain the same sen-
sitivity, to increase the total number of detectors. With PMTs
being bulky, the size reduction is limited, while using a
greater number of detectors is associated with an increased
system cost. A solution to this problem was the block detec-
tor [38]. However, some modern preclinical systems use
one-to-one coupling [29,39,40]. In such scanners, the size
reduction is achieved by using SiPMs instead of PMTs.

Block detectors

A block detector was the next step in PET detector devel-
opment to achieve modules with closely packed, small crys-
tal elements [38]. A typical block detector consists of a cubic
scintillation crystal optically coupled to a photodetector
array (originally PMTs). The scintillator has perpendicular
cuts starting from the frontal surface (Fig. 4). The cuts are
filled with a reflective material. The depth of the cuts
increases in the direction of the corners, starting from
approximately half of the crystal depth up to almost full
depth, to create a linear light distribution among the PMTs.
The position of a scintillation event is estimated by Anger
logic [41], with events being clustered at specific points cor-
responding to the individual elements of the scintillator.
Using a lookup table derived from uniform irradiation of
the scintillator, one can assign each event to a certain scintil-
lator element [38].

A typical configuration consists of 8 � 8 individual crys-
tal elements read out by only four PMTs (Fig. 4). Such a
design allows to significantly reduce the number of readout
channels and system cost compared to the one-to-one
coupling.

Continuous detectors

Similar to block detectors, continuous detectors consist of
a large scintillation crystal optically coupled to a photodetec-
tor array (PSPMT or APD/SiPM array), but the crystal does
not have cuts in it. This approach aims at maximizing the
sensitivity, as there are no individual elements with gaps

Figure 2. Example of an SiPM with 1 � 1mm2 sensitive area with
20 � 20 individual APDs operated in Geiger mode (G-APD). Each
cell outputs a standard pulse when hit by a photon. The number of
“firing” cells is proportional to the number of detected scintillation
photons [33].

Figure 3. Development of PET detector design [37].
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in between [44,45,46], while further reducing the system
cost owing to the reduced manufacturing costs. The estima-
tion of the event position is achieved by analyzing the light
distribution shape (Fig. 5). There are three types of position-
ing methods: analytical, statistical, and machine learning-
based. The analytical methods operate with two- and three-
dimensional light distribution models. The statistical meth-
ods include least square, chi square, nearest neighbors, and
maximum likelihood. Some examples of machine learning-
based methods are neural networks, gradient tree boosting,
and support vector machines. More details can be found in
a recent review article [37].

In modern continuous detectors it is possible to achieve a
sub-millimeter spatial resolution [47–49], as monolithic
crystals do not have individual elements limiting the resolu-
tion by their cross-section size.

One of the disadvantages of using continuous detectors is
the need for a lengthy detector calibration when using statis-
tical positioning algorithms, which usually requires complex
algorithms and substantial computational power, followed
by a hardware setup [50]. Additionally, the estimation of
the position of Compton interaction in monolithic crystals

is problematic [51]. Another challenge is the truncation of
scintillation light close to the crystal edges. Several
approaches were proposed to cope with this effect, including
the use of optical absorber on the crystal edges [52], double-
sided readout, allowing the light to pass into the adjacent
monolithic crystals [53], the use of trapezoid crystals [54],
edge readout [55].

Depth-of-interaction detectors

The need for depth-of-interaction (DOI) estimation arises
when one aims at achieving high sensitivity while maintain-
ing high spatial resolution, which is the case in preclinical
PET scanners, where the size of the subject to be scanned
and the amount of injected activity is much smaller com-
pared to clinical systems [56]. A way to achieve high sensi-
tivity is to use long and narrow scintillation crystals (Fig. 6).
This, however, comes with a problem that if a source is
located at a certain radial offset from the field-of-view cen-
ter, the generated annihilation photons might pass the first
crystal on their way without an interaction and then produce
a scintillation deep within the adjacent crystal, as shown in

Figure 4. Principle of the block detector. (A) A matrix of 8 � 8 crystals is read out by 4 PMTs using Anger-type crystal identification. (B)
Flood map of one block showing the position of the 64 crystal elements. Modified from [42,43].

Figure 5. Light distribution from an annihilation photon within a monolithic scintillator (left) and the corresponding flood map profiles
(right) [37].

8 A. Zatcepin, S.I. Ziegler / Z Med Phys 33 (2023) 4–12



Fig. 6. If the interactions are assigned to a fixed location,
e.g., the crystal center or entrance, which is the case in
non-DOI-encoding systems, such lines-of-response will be
mispositioned. This is called the parallax effect, which
results in the degradation of the radial component of spatial
resolution [57].

One way to estimate the DOI is to utilize monolithic scin-
tillators and 3D localization algorithms based on the light
distribution across the light sensor array. DOI resolution
below 3 mm was achieved for 20 mm thick monolithic scin-
tillators [52].

Alternatively, one can use two or more scintillation crys-
tals with different decay times and pulse shapes coupled to
each other with an optical grease along their axis. Such a
design is also known as phoswich detector [58–60]. The
DOI resolution of such a detector is roughly the height of
the individual crystals composing the detector. However, it
requires materials of sufficiently different light emission
times and appropriate electronics. Some other approaches
use multi-layer offset crystal designs [61–63] or multi-
layer crystals with edge readout [64–66].

Another way to measure the DOI is to use double-sided
readout without changing the scintillators themselves. In this
design, the lateral sides are unpolished, so that the ratio of
the scintillation light detected at the two ends of the crystals
is proportional to the DOI [67]. This method yields high pre-
cision of DOI estimation. For instance, Abreu et al. [68]
demonstrated 2 mm DOI resolution for their system. How-
ever, the double-sided readout largely increases both the cost
and the complexity of the system. Pizzichemi et al. [69] pro-
posed a single-sided readout-based method, where the crys-
tal array is equipped with a light guide and a reflector on the
side opposite to the SiPM readout. This setup allows detec-
tion of the light emitted in both directions using a single
SiPM array. The average DOI resolution achieved by using
this method was shown to be 3 mm for an 8 � 8 array of
1.53 � 1.53 � 15 mm3 Ce:LYSO crystals when using a
machine learning-based positioning algorithm [70]. In
another single-sided readout method, the crystals are coated
with phosphor on their sides to make the pulse shape DOI-
dependent. Berg et al. [71] were able to achieve a sub-2-mm
DOI resolution with such a detector using maximum likeli-
hood pulse shape discrimination.

Time-of-flight detectors

Time-of-flight (TOF)-PET is a technology aiming at lim-
iting the region along the line-of-response within which the
positron annihilation occurred [11]. TOF-PET estimates the
position of the annihilation event by measuring the differ-
ence of the arrival times between the two annihilation pho-
tons in the opposing detectors (Fig. 7).

To enable TOF measurements, the PET detector needs to
fulfill specific characteristics. The scintillation process
should have instantaneous rise and decay times of the light
pulse profile. While there is no ideal material (yet), L(Y)
SO:Ce, BaF2, CsF, and LaBr3:Ce have been used in TOF-
PET detectors. The photodetector should have high detection
efficiency of the scintillation light, low noise, and instanta-

Figure 6. Detector parallax effect. The line-of-response on the right
is mispositioned towards the field-of-view center (dashed line).

Figure 7. TOF-PET concept: By measuring the difference in arrival times the position of the annihilation event along the line-of-response
can be determined (c: speed of light). Adapted from [32].

A. Zatcepin, S.I. Ziegler / Z Med Phys 33 (2023) 4–12 9



neous rise and decay time of the charge pulse profile as well
as low charge transit time spread [32]. Both, PMTs and
SiPMs are currently used for TOF-PET detectors. In combi-
nation with appropriate electronic readout, timing resolution
of a few hundred ps can be achieved in clinical PET scanners
[11].

Systems

Clinical PET devices have evolved from two detector ele-
ments measuring one coincidence line at a time to systems
with 564,480 crystals simultaneously covering the whole
human body, acquiring almost 1011 lines-of-response [72].
The idea of building a PET device that, because of its max-
imum solid angle coverage [73], could reach sensitivity
ranges that would allow very low-activity examinations
was taken to clinical use in the Explorer project [74]. Moti-
vated by this success, there are several research activities and
products delivering total-body PET or PET with large axial
field of view of 1 to 2 m [75].

In addition to the very good scalability of SiPM-based
detectors, total-body PET also benefits from the excellent time
resolution value of 210 ps achieved in the new systems [76].
This corresponds to a spatial uncertainty of the emission point
along the line-of-response of 3.2 cm. While this does not
directly improve the spatial resolution in the tomograph, the
time-of-flight information in the image reconstruction leads
to reduction in image noise, which is often equated with an
effective increase in system sensitivity. TOF-PET is also not
a new idea and was already used in the 1980s [9]. Only the
availability of suitable scintillators, fast, low-cost light sen-
sors with high sensitivity, and the development of adapted,
integrated electronics with very many synchronized, parallel
readout channels could lead TOF-PET into clinically applica-
ble products. Very good time resolution and TOF in image
reconstructions may also open improved possibilities for sys-
tems with partial ring geometry as required for in-beam PET
in proton therapy [77].

High-resolution PET system designs for small animal
imaging have tremendously benefitted from the development
of PSPMTs, offering excellent identification of the interac-
tion position within arrays of very small crystals (1 to 1.5
mm side length) [78–80]. A number of preclinical systems
have been developed based on SiPM readout, not only for
simultaneous PET/MR [81].

Future of PET detectors

While sensitivity is increased by larger solid angle cover-
age, further improvement in image quality can be achieved
by TOF-PET including appropriate reconstruction algo-
rithms. The race to ever-improving temporal resolution

[82] is not yet over, and the answer to whether the dream
of reconstruction-free PET imaging (requiring system time
resolution of 10 ps) can become a reality may be 20 years
away. Nevertheless, initial, very exciting efforts in this direc-
tion are currently underway [83].
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