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Abstract. This review describes the properties of avail-
able and emerging radiation detector and read-out tech-
nologies and discusses how they may affect PET scanner
performance. After a general introduction, there is a sec-
tion in which the physical properties of several different
detector scintillators are compared. This is followed by a
discussion of recent advances in read-out electronics. 
Finally, the physical performance of the several commer-
cial PET scanners is summarized.
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Introduction

Clinical needs and advantages of PET in modern diag-
nosis

The recent explosion of interest in positron emission to-
mography (PET) imaging can be attributed to two recent
events:

1. Reimbursement for FDG PET scanning in oncology
2. Evidence that PET will be a key modality to interro-

gate cancer and cardiac biology, and will serve as a
critical component of “molecular imaging,” a technol-
ogy that will permit individualized therapy of disease.

The current generation of dedicated PET scanners tend
to use BGO (bismuth germinate) detectors, while hybrid

PET/SPET systems use NaI:Tl (sodium iodide, thallium
activated) detector based gamma cameras with dedicated
high count rate electronics and coincidence detection.
Recently, commercial clinical PET scanners have be-
come available which use alternative crystal technolo-
gies, e.g., GSO (germanium oxyorthosilicate) or LSO
(lutetium oxyorthosilicate). Each company explains the
advantages of their crystal technology, providing a be-
wildering assortment of facts and leaving the potential
buyer of a PET camera frequently wondering how the
detectors impact upon the quality of clinical images, pa-
tient throughput, etc. The objectives of this review are:
(a) to provide the reader with an overview of the physics
of PET, (b) to inform the reader about the properties of
the various crystal detectors, (c) to describe the implica-
tions of these crystal properties for scanner performance,
something that is difficult to discuss for commercial sys-
tems in isolation because of other significant factors in
camera design, e.g., 2D vs. 3D, scanner field of view, in-
trinsic spatial and energy resolution, etc., (d) to discuss
new crystals, which are being evaluated for experimental
PET scanners with potential applications on future clini-
cal units, (e) to discuss developments associated with de-
tector configurations and read-out technology that may
improve scanner performance, such as “depth of interac-
tion” techniques, and (f) to discuss the dedicated scan-
ners for high-resolution small animal imaging, PET
mammography and radiotherapy PET simulation.

Principles of PET operation

Since the construction of the first scanner, it has been
recognized that PET is a powerful and sensitive tech-
nique for functional imaging in the field of nuclear medi-
cine [1, 2, 3, 4, 5]. Once the pharmaceutical is injected
into the patient, the distribution of the tracer can be
quantitatively determined within the body (or tumor)
from the PET image dataset. This PET image is created
when the isotropically emitted positron slows down and
annihilates with electrons in tissue producing two back-
to-back 511-keV photons, which are measured in elec-
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tronic coincidence by using opposing pairs of detectors.
Each registered coincident 511-keV pair is referred to as
an event. The electronic coincidence detection intrinsi-
cally implies alignment, so antiscattering and passive
collimators are not needed. For this reason, PET exhibits
higher detection efficiency relative to single-photon
emission tomography (SPET). Several configurations of
detectors have been used in commercial PET cameras.
These include (a) detectors mounted on a rotating gantry
or in a stationary configuration (Fig. 1a), (b) detectors
arranged in a circular ring (Fig. 1b), or (c) detectors ar-
ranged in a polygonal ring (Fig. 1c), to provide intrinsic
tomographic image sets.

PET scanners can be designed to operate in 2D or 3D
mode, or as 3D-only systems. In 2D mode, the collection
of the emission radiation is restricted to each individual
slice (or adjacent slices), by using septa (Fig. 2a). This
reduces the contributions from scatter and random coin-
cidences to the acquired emission data, with a conse-
quent reduction in the overall sensitivity. In 3D mode,
tomographs recover the isotropic properties of radiation
emission. The acquisition is no longer limited to a planar
slice, but is performed on the whole solid angle between
any detector pair, therefore achieving a fully 3D image
(Fig. 2b). The removal of the inter-ring septal shield 
results in a substantial increase in the sensitivity, at the
expense of an increased scatter fraction and count rate
performance at high patient administered activities.

Photon interactions with matter and the role of each
mechanism for PET

Positrons are emitted with a kinetic energy greater than
zero, and are slowed down through multiple Coulomb

interactions in biological tissue. Energy loss continues
until the positron reaches thermal equilibrium with the
surrounding medium, when annihilation with an electron
occurs [6, 7].

The range of the positron depends on the electron
density of the medium. In water, which is the major
component of biological tissue, the range of the posi-
trons emitted from PET radionuclides is about 1–2 mm,
as reported in Table 1 [2, 8]. An ideal tomograph should
accurately measure the activity distribution in the body,
i.e., the positron emission points. Actually, a tomograph
can only detect the annihilation point: the range of the
positron separates these two points. This range effect de-
grades the spatial resolution, introducing a blurring in
the image. The contribution of this effect to the total spa-
tial resolution is reported in Table 1 for several isotopes
[3].

In general, the annihilation occurs when the positron
has reached thermal equilibrium with an electron not at
rest. In fact, electrons constitute a statistical system of
particles (Fermi gas) with an isotropic distribution of
momentum in space. An approximated calculation of the
deviation from the co-linearity of the emitted photons
can be made by just considering the thermal motion of
the particles and the conservation of the Fermi momen-
tum [9, 10, 11]. This gives 180°±0.25°.1 The distribution
of the angular deviation in water (e.g., biological tissue)
is assumed to be Gaussian with FWHM ≈0.5°. The con-

Fig. 1a–c. Examples of PET
systems: detectors mounted on
a rotating gantry (a), or circular
(b) or polygonal detector rings
(c). Commercial cameras gen-
erally offer a multiring geome-
try, with tens of thousands of
scintillation elements

Fig. 2a, b. “PET acquisition”
schemes: a 2D inter-ring septa
allow separation of slices;
b 3D without septa, with an 
increase in the sensitivity

1 This result is lower than the experimental one [12, 13]. The dif-
ferences are due to the formation of a particle with higher momen-
tum, the positronium, a hydrogenoid atom where the positron is in
a bound system with an electron. The positronium annihilates in
2γ either from the para-positronium (single state) or predominant-
ly from the ortho-positronium (triplet state).
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tribution to the spatial distribution in the center of a 
detector ring of diameter D can be parameterized as:

with both FWHM and D measured in meters. By setting
∆θ to a value of 0.5° (8.7 mrad), this means a contribu-
tion to the spatial resolution of 2.2 mm FWHM per me-
ter of detector separation.

The range effect and the 2 γ non-co-linearity, as 
described above, are fundamental physical resolution
limits in PET (Fig. 3). Their effects degrade the spatial
resolution, causing a blurring in the reconstructed image.
This is especially evident for isotopes with a high E max
(i.e., a long positron range) and for whole-body PET sys-
tems, where the detector separation is greater than on
dedicated brain or animal scanners.

The two 511-keV annihilation photons have a “mean
free path” of about 10.4 cm in water. The human head
and chest have dimensions of the order of 20 cm. This
means that in whole-body PET, approximately only 15%
of photon pairs have no interaction within the biological
tissue. In most cases, one or both photons will be either
absorbed or Compton scattered. Absorption of gamma
rays diminishes the number of detected photons. Al-
though reducing photon statistics, an attenuation correc-

tion can be performed to obtain quantitative information.
On the other hand, Compton scattering of the photons in
tissue results in inaccurate line of response (LOR) count-
ing, as shown in Fig. 4, generating noise in the recon-
structed image. While the range effect and the angular
deviation are intrinsic physical limits, attenuation and
scattering decrease the image quality by reducing count
statistics and degrading image contrast. Loss of emission
counts through attenuation can be corrected by measur-
ing the transmission profile through the patient with a
coincidence source, e.g., 68Ge, a singles source, e.g.,
137Cs, or a CT scanner.

Whereas accurate attenuation correction can be per-
formed using a transmission scan by any of the three
means cited above, correction for scatter within the pa-
tient is considerably more difficult. In 2D, the scatter
fraction, i.e., the ratio of scattered to total recorded
events, is approximately 10% and does not greatly de-
pend upon the size of the patient being scanned. In 3D,
the scatter fraction is already 30–40% within the head,
and can be significantly higher in the pelvis. Scatter is
most effectively eliminated by energy discrimination, but
the energy resolution of scintillators used for PET, in
particular BGO, limits the use of narrow energy win-
dows. PET scan protocols usually strive for increased

Table 1. Numerical data for the radioisotopes most commonly
used in PET. Electrons and positrons do not move along a straight
line in matter because of the high number of interactions with

small energy exchange; therefore their path length is always lon-
ger than their range

Isotope Half-life Average kinetic Maximum kinetic Average range Path length FWHM FWTM 
(min) energy (Mev) energy (MeV) in water (mm) (mm) (mm) (mm)a

11C 20.4 0.385 0.960 1.7 4.1 0.28 1.86
13N 10.0 0.491 1.198 2.0 5.1
15O 2.0 0.735 1.732 2.7 7.3
18F 109.8 0.242 0.633 1.4 2.4 0.22 1.09
68Ga 68.3 0.783 1.880 1.7 1.35 5.92
82Rb 1.3 1.32 4.39 2.60 13.20

a Together with the full-width at half-maximum (FWHM), the full-
width at tenth-maximum (FWTM) is also given to estimate the de-
viation of the range distribution from a Gaussian. In a Gaussian

distribution the relation between FWHM and FWTM is
FWTM=1.82×FWHM

Fig. 3a, b. Fundamental limits in PET. a Range effect: the detected
line of response (LOR) contains the annihilation point, not the
emission point. b 2 γ non-co-linearity: the tomograph measures an
LOR on which the annihilation point does not lie

Fig. 4a, b. Effects of Compton scatter in the field of view. a An
incorrect LOR is recorded. b The detected LOR is given by two
photons emerging from different annihilation points (b1), or the
coincidence is lost (b2). The symbol * indicates the annihilation
point
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sensitivity, accomplished at the expense of energy reso-
lution. Fortunately, Compton scatter of 511-keV photons
is generally narrow angle. Acquisition windows general-
ly have a threshold of about 350 keV to accept small-an-
gle Compton scatter. Several algorithmic methods model
the emission and correct for scatter. The reader is re-
ferred to the review by Zaidi [14] of the different scatter
correction methods.

Scintillators

Energy deposition within the scintillator

Inorganic scintillator crystals are the most commonly
used detectors for PET. Annihilation photons interact
within the scintillator through Rayleigh, Compton, and
photoelectric effects. Only the latter two release energy
to the detector, making the photons “detectable.” Ray-
leigh scattering can be ignored at typical PET energies.
The annihilation photon could deposit a fraction or all of
its energy within the crystal. The deposition can occur in
one location by photoelectric effect2, or at several points
within the same crystal by successive Compton interac-
tions, or in different (usually adjacent) crystals in a pix-
ellated matrix.

The absorbed energy causes the crystal lattice to
make a transition to a higher energy state, from which it
may undergo decay after a characteristic time by emit-
ting lower energy photons, the “scintillation photons”
that are detected by the photocathode of a photomultipli-
er tube. Self-absorption of the scintillation photons by
the scintillator must be minimal, i.e., the attenuation
length must be much longer than the crystal thickness.
The amplitude of the electronic signal produced is pro-
portional to the number of scintillation photons, and thus
to the energy deposited within the crystal. Energy thresh-
olding can then allow the rejection of a large fraction of
events scattered within the patient, which have suffi-
ciently low energy to fall below the energy discrimina-
tion window.

Photoelectric and Compton cross-sections are a func-
tion of the density (ρ) and of the effective atomic num-
ber (Zeff) of the crystal. The atomic cross-section for
photoelectric effect is proportional to ρ·Zeff

n /Eγ
m , where

n and m are both function of the energy: n is about 4 at
100 keV and gradually rises to 4.6 at 3 MeV, whereas m
decreases slowly from 3 at 100 keV to 1 at 5 MeV. The
cross-section for Compton scattering is proportional to
ρ·Zeff/A, where A is the mass number. Zeff/A is almost
constant, at 0.45±0.05, for all elements except hydrogen.
A high density favors the interaction of the photon in the
crystal, whilst a higher Zeff value increases the number of
photoelectric (total absorption) occurrences with respect

to Compton scattering. Therefore, high Zeff crystals are
to be preferred. In fact, if a photon, scattered within the
patient, is absorbed via photoelectric effect, this event
can be rejected with energy discrimination. Compton
events in the crystal may reduce the effectiveness of this
discrimination.

The decay time and the light yield are important
physical properties of the crystal. The first is the most
important parameter to select the temporal coincidence
window: a long decay time needs a longer coincidence
timing window, and therefore results in a higher yield of
random coincidences per unit activity. The scintillation
photon wavelength has to match the properties of the
photocathode. A greater light yield (number of photons
per MeV) in the photoemission zone implies a more lin-
ear response, a better energy resolution, and a more ac-
curate spatial resolution. This is particularly relevant for
the new position-sensitive phototubes, which work by
weighing the energy depositions within the crystal. Un-
fortunately, fast emission is often coupled to a low light
yield, and vice versa.

Scintillator materials

The 511-keV photon attenuation coefficient for the scin-
tillation detector is the main parameter which determines
detector sensitivity. Light output of the scintillator deter-
mines detector energy resolution. The lifetime of the flu-
orescent transition affects the count rate performance of
the detector. These are the three most important physical
attributes affecting PET detector performance. The basic
component of a PET detector is a block of scintillator
material. This scintillator is responsible for the conver-
sion of ionizing energy deposited from 511-keV photons
to light, which is then detected and amplified by the pho-
todetector. Scintillator materials can be organic, plastic,
liquid, or inorganic.3 Plastic scintillators are useful for
tissue (water)-equivalent dosimetry in electron and gam-
ma ray fields since the energy deposited by ionizing 
radiation will be similar to tissue or water. Liquid scintil-
lators are useful for measurements involving radioactive
gases, for example tritium, important for environment
monitoring near power plants. For all current commer-
cial PET scanners, inorganic scintillators are used.

2 For ultra-high-resolution PET scanner, the fluorescent photon
should also be considered.

3 Webpages of manufacturers of scintillation materials: 1, http://
www.bicron.com; 2, http://www.rexon.com; 3, http://www.
crystran.co.uk; 4, http://www.hilger-crystals.co.uk; 5, http://www.
scionixusa.com/scintillation_detectors.html; 6, http://www.utari.
com; 7, http://www.girmet.ru/~ramet/scintillator.htm; 8, an excep-
tionally rich source of up-to-date reference material on scintilla-
tors is the Web Page, University of California, Lawrence Berkeley
National Laboratories, Center for Functional Imaging, http://cfi.
lbl.gov/instrumentation/Publications.html.



1578

European Journal of Nuclear Medicine and Molecular Imaging Vol. 30, No. 11, November 2003

Inorganic scintillators

Inorganic scintillators are usually a single ionic crystal in
which the valence and conduction bands are separated by
a 4- to 6-eV forbidden energy gap. The band structure
explaining simplified operation of the scintillator is
shown in Fig. 5. Ionizing radiation, upon interaction with
the crystal, causes electrons to jump from the valence
band to the conducting band. This creates an electron-
hole (e-h) pair. Whereas electrons in the conduction are
still bound to the crystal, they are no longer bound to an
individual atom, and therefore can move freely through
the crystal lattice. The average energy to produce an
electron-hole pair is much greater than the 5-eV width of
the forbidden gap Eg, usually about three times greater.
This is because part of the energy transferred to the crys-
tal is transferred in the form of phonon energy, i.e., quan-
tized collective mechanical oscillations within the crys-
tal.

Inorganic scintillators are of two types. Activated
scintillators such as NaI:Tl or Lu2SiO5:Ce become fluo-
rescent through the introduction of a small amount of
impurity dopant into the pure single host crystal. The
second type is self-activated scintillators such as
Bi4Ge3O12 (or just BGO), where the activator atoms are
a major constituent of the crystal. The role of the activa-
tor is to produce quantum energy levels (ground and ex-
cited states) within the forbidden gap. The electron and
hole are transferred non-radiatively to the ionised dopant
(activator) during migration in the crystal, creating their
own activator-excited states (Fig. 5). Relaxation of an
electron trapped from an excitation level of the activa-
tion center to the ground state results in the emission of a
light quantum or scintillation photon. The electrons cap-
tured within these excited activator states emit scintillat-
ing spectra with a maximum emission intensity corre-
sponding to wavelength λm.

The efficiency of this conversion process [15], i.e.,
number of photons emitted by the scintillator, can be
presented as:

where α is a number of e-h pairs produced in the con-
duction and valence bands respectively due to the ab-
sorption of radiation in the crystal, S is a transport effi-
ciency of e-h pairs to the luminescent center (activator
ion), and Q is the quantum efficiency for the luminescent
center (probability of a radiative transition to the ground
state). Q is not unity because other competitive non-radi-
ative processes can convert the energy to elastic vibra-
tions, e.g., phonons, through the Frank-Condon princi-
ple. De-excitation of captured electron and holes, which
result in radiationless transitions, is called “quenching.”
This mechanism is determined by many factors such as
other impurity atom dopants, structural defects during
crystal growth, etc. Electrons can create excited configu-
rations with the activator, such that additional energy
must be provided before fluorescence photon emission
occurs. Such excited non-radiative configurations can be
quite long relative to the time required for radiative lu-
minescence, de-excitation only occurring once the acti-
vation center absorbs sufficient phonon energy. This pro-
cess can result in a long photon emission tail “after-
glow.” The various factors influencing the efficiency of
conversion of absorbed energy to luminescent light in-
tensity can be found in the following references: [16,
17].

Requirements for scintillators in PET scanners

The following characteristics of scintillators are the most
important for PET application: attenuation length, detec-
tion efficiency, photoelectric fraction, density, luminosi-
ty, decay time, energy resolution, emission wavelength,
refractive index, mechanical and hydroscopic properties,
radiation hardness, cost, and availability on market.

For high intrinsic efficiency, scintillator materials
should have both a high effective atomic number Zeff and
high density. The important parameter determining the

Fig. 5. The band structure of an
inorganic scintillator



scintillator material’s ability to stop 511-keV photons is
ρZeff

4.
The energy (and spatial) resolution is associated with

the light yield from the scintillator. The magnitude of the
fluorescent light yield will reduce the statistical spread
as (Nph)–1/2. In most scintillators the light yield depends
on the energy released per electron. The intrinsic energy
resolution of a crystal is determined by the degree of sta-
tistical spread in the collected number of fluorescent
photons for a full 511-keV absorption event within the
detector crystal. Several factors affect the intrinsic ener-
gy resolution, including inhomogeneity of the activation
centers within the crystal, non-uniformity of luminosity
of the scintillator crystal as well as unknown causes of
the non-proportional response of the scintillator (ob-
served, for example, between different batches of LSO,
GSO, LGSO and YSO by Balcerzyk et al. [18]).

For high count rate applications the decay time should
be as short as possible to permit good coincidence timing
resolution so as to minimize random coincident events.
The parameter influencing this is the number of photons
emitted per nanosecond. The main contribution to the
observed FWHM of time spread can be presented as
∆t=τ/Nph [18], where τ is a decay constant of scintillator
and Nph is a total number of photons emitted by the scin-
tillator. According to this expression it is possible to ob-
tain good coincidence resolution for scintillators with
moderate light yield but shorter decay constant.

To collect as many light quanta as possible, each crys-
tal is enclosed in a reflective light tight case at all surfac-
es except at the entrance window of the photodetector.
Not all of the emitted fluorescence photons reach the
light collection system of the photodetector. There are
absorptive losses in the crystal due to the partial overlap
of the emission and absorption bands of the crystal. For
this reason, crystalline detector materials are selected (or
appropriately doped) such that fluorescent emission min-
imally overlaps with the absorption bands of the crystal,
ensuring minimal attenuation losses in thick 30-mm de-
tectors necessary to fully stop 511-keV photons. Second-
ly, there are losses at the non-perfect reflective surfaces
of the detector, with further losses of light quanta at the
coupling between the crystal and the photodetector. The
actual amount of absorption losses within the crystal is a
few percent.

The emission wavelength of the scintillator light
should match the light response characteristic of the
photodetectors/photocathode. The most useful scintilla-
tors for PET applications should have maximum scintil-
lation intensity in the wavelength range 380–440 nm, to
match with bi-alkali photomultiplier tubes (PMTs),
which have maximum sensitivity in the range
390–410 nm. These losses occur as a result of optical
refraction at the interface between the detector and the
window of the PMT. This window, usually glass, acts as
a seal to maintain a vacuum within the PMT. The photo-
cathode is a thin layer of semiconductor deposited on its

inner surface. It is important that the indices of refrac-
tion between the detector and PMT window are
matched, in order that minimal refraction occurs and al-
most all of the light quanta incident on the window will
be transmitted and reach the photocathode. Refraction
causes light quanta to be lost or reflected back into the
detector for angles of incidence greater than the critical
angle ϕc given by Snell’s law ϕc=sin−1 (n1/n0). Since the
index of refraction of typical glass window is 1.5, scin-
tillators with a lower refraction index give a better cou-
pling. Such matching is more closely achieved with
some detector materials, e.g., GSO (n=1.85), than oth-
ers, e.g., BGO (n=2.15).

Once the photon impinges on the photocathode, the
optical energy is converted into electron kinetic energy
by the photoemission process. The yield of photoelec-
trons is dependent upon the wavelength of the light emit-
ted by the detector. Since photon energy is inversely pro-
portional to wavelength (Plank’s law), shorter wave-
length quanta generate a higher yield of photoelectrons.
For a photoelectron to be produced, the light quantum
must exceed the work function (minimum energy level
needed to expel an electron from the surface of the mate-
rial) of the photocathode. Ideally, one would like to col-
lect each photon emitted by the detector and convert it
into a photoelectron at the photocathode. The actual ratio
for common commercially available PMTs is 0.2–0.3.
This magnitude is referred to as the quantum efficiency
of the photocathode. It is defined in terms of the number
of photo-emitted electrons released by the photocathode
per incident light photon. For this reason, a single charge
carrier (electron-hole pair) results from an average of
about 100 eV expended in the crystal, because of the
various energy losses prior to the production of that pair.
Such losses include the probability of a light quantum
producing a photoelectron, the number of electrons that
escape the photocathode, including geometrical losses, in
that <2 π photoelectrons enter the amplification stage of
the PMT, etc. Contrast this 100 eV per charge carrier
with the corresponding values of 30 eV for a gaseous de-
tector and 3 eV for a solid state detector, where the
charge carriers are an electron/positive ion pair and an
electron-hole pair respectively.

An alternative to the PMT is silicon photodiodes,
which do not require high voltage and have four times
better quantum efficiency than the PMT [19, 20]. The
maximum spectral sensitivity of Si photodiodes is shift-
ed to the longer wavelength 600–800 nm. New high Z
and high-density scintillators with infrared light emis-
sion will be advantageous for better matching with sili-
con photodiodes and increasing the signal to noise (S/N)
ratio.

Radiation hardness of scintillators is a further impor-
tant physical property to avoid production of color cen-
ters due to possible radiation defects. These centers can
absorb scintillation light and thereby reduce the luminos-
ity of the scintillator.
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Characteristics of typical scintillators for PET 
application

Scintillator materials most suitable for PET scanners are
those that satisfy most of the above-mentioned require-
ments. At the current time these are Bi4Ge3O12 (BGO),
NaI:Tl, Lu2SiO5:Ce (LSO), Gd2SiO5:Ce (GSO),
Lu1.8O2SiO3:Ce (LGSO), LuAlO3:Ce (LuAP), YAlO3:Ce
(YAP), Lu2Si2O7:Ce (LPS), Lu3Al5O12:Ce (LuAG) and
CsI:Tl or CsI:Na. A summary of the characteristics of
these scintillators is presented in the Table 2. Selection
of a specific detector material is based on requirements
and specifications of the scanner, as well as the availabil-
ity of the scintillator material. The cost of manufacturing
the detector material is a large contribution to the ex-
pense of a PET scanner, and here it depends upon wheth-
er it will be a whole-body scanner or a dedicated small
animal imaging unit, where both high spatial resolution
sensitivity may be the important requirements.

Bismuth germanate (Bi4Ge3O12) or BGO is a relative-
ly hard, rugged, non-hygroscopic crystal, which does not
require hermetic sealing. BGO is a pure inorganic scin-
tillator that requires no activator. The large atomic num-
ber of Bi (Z=83) and high density (7.1 g/cm3) make it the
detector material with the greatest attenuation coefficient
for 511-keV gamma rays. For example, the photoelectric
cross-section at 511 keV for BGO is 60% higher than
that for LSO and 2.7 and 5.8 times higher than those for
GSO and NaI:Tl respectively. This property is important
for the improvement of spatial resolution when the size
of separate pixels is large, as in classical light-sharing
PET detector modules [21]. The mean path length of a
511-keV photon is 1.1 cm (40% photoelectric fraction),
meaning that a 30-mm-thick crystal is almost 3 attenua-
tion lengths. The luminescence comes from the optical
transition of the Bi3+ ion states within the crystal. The
large shift between the optical absorption and the emis-

sion spectra of the Bi3+ states results in minimal self-ab-
sorption, so that the crystal is transparent to its own
emission. As a result of this transparency, a small
amount of BGO is required to absorb rays allowing thin
detector shielding. This enables an array of detectors to
be constructed in a closely packed fashion.

The disadvantages of BGO, relative to other detector
materials, include its low light yield, ≈20% relative to
NaI:Tl, as a result of which it exhibits an inferior energy
resolution at 511 keV of only 18% compared to 8% for
NaI:Tl. Also, since the emission is partly in the region
above 500 nm, where PMTs are less sensitive, the rela-
tive yield of standard photocathodes compared to NaI:Tl
is only ~10–15%. Also the timing properties (τ=300 ns)
contribute to a further reduction in the energy resolution
of BGO detectors. For scintillators with slow fluorescent
emission characteristics, there is always a trade-off be-
tween energy and timing resolution. Reducing the pulse
integration time improves the time resolution (and con-
sequently the count rate performance), but results in a
decrease in the amplitude of the signal, thereby reducing
the energy resolution. The decay time of BGO is about
300 ns at room temperature, and is comparable to that of
NaI:Tl. However, the afterglow is much lower, typically
about 0.005% after 3 ms. Another disadvantage of BGO
is that the fluorescence intensity increases by 1% per
1°C decrease in temperature, necessitating more strin-
gent environmental regulation of BGO scanners relative
to some of the other detector materials. Nevertheless,
these properties combined with the widespread availabil-
ity of BGO have rendered it the most widely used scintil-
lator for commercial PET scanners.

NaI:Tl is a scintillator material with highest luminosi-
ty, and the scintillator of choice for imaging with gamma
cameras, some of which have coincidence detection op-
tions. However, for 511-keV PET imaging, both the Zeff
and the density are suboptimal relative to BGO and other

Table 2. Physical properties of scintillator materials commonly used for PET

Scintillator Composition Density Zeff Attenuation Probability Light Decay Scint. Hygroscopic Refractive 
material (g/cm3) length for  of PE (%) output time emission index

511-keV (ph/MeV) (ns) wave-
gammas (mm) length 

(nm)

BGO Bi4Ge3O12 7.1 75 10.4 40 9,000 300 480 No 2.15
LSO Lu2SiO5:Ce 7.4 66 11.4 32 30,000 40 420 No 1.82
NaI:Tl NaI:Tl 3.67 51 29.1 17 41,000 230 410 Yes 1.85
CsI:Tl CsI:Tl 4.51 52 22.9 21 66,000 900 550 Slightly 1.80
GSO Gd2SiO5:Ce 6.7 59 14.1 25 8,000 60 440 No 1.85
LGSO Lu1.8O2SiO3:Ce 23,000 40 420 No
LuAP LuAlO3:Ce 8.3 64.9 10.5 30 12,000 18 365 No 1.94
YAP YAlO3:Ce 5.5 33.5 21.3 4.2 17,000 30 350 No 1.95
LPS Lu2Si2O7:Ce 6.2 63.8 14.1 29 30,000 30 380 No
LuAG Lu3Al5O12:Ce 6.7 62.9 13.4 27 5,606 510 No

PE, Photoelectric effect



scintillators. One great advantage of NaI:Tl is the ability
to produce large ingots with a diameter of about 80 cm
and the cheaper manufacturing costs relative to other
scintillator materials. The recent development of curved
NaI:Tl crystals has found application in new high-resolu-
tion PET scanners [22] (C-PET, ADAC-Phillips, Milpi-
tas, CA), replacing the six flat panel hexagonal PET ring
design of the PENNPET [23]. One big advantage of
NaI:Tl is the high light output, which allows energy res-
olutions of the order of 8% at 511 keV. However, NaI:Tl
is hygroscopic, which requires that the crystals be her-
metically sealed, usually in a thin aluminum container, to
prevent the entrance of moisture. Moisture causes the
crystal to develop yellow spots, which causes uneven
light transmission.

Lutetium oxyorthosilicate (Lu2SiO5) or LSO is one of
the most suitable scintillator materials for PET. It has the
second highest ρZeff

4, the parameter determining detector
sensitivity. Since one must register both coincident pho-
tons to register an event, this factor appears in quadrat-
ure when comparing different scintillation detector mate-
rials. Nevertheless, LSO exhibits only a 1.5 times lower
sensitivity than BGO for the detection of coincident 511-
keV gamma rays. The high light yield (30,000 pho-
tons/MeV), short time decay of ≈40 ns, and relatively
high and good mechanical properties all make LSO a
highly suitable crystal for commercial PET scanner ap-
plication [15]. In 3D PET scanners, where count rate
performance is extremely important, the advantage of
LSO is the ability to reduce the coincidence timing win-
dow from 12 to 6 ns (CTI Reveal). LSO is an activated
scintillator, in which Ce+3 ions are used as the activator.
The effective luminescent center resulting from the ceri-
um activator emits light with a mean wavelength of
about 420 nm. Detailed investigations of LSO produced
by different manufacturers in the USA, Russia, and Ja-
pan demonstrated that an energy resolution of 7.3% was
attainable upon exposure to a 662-keV test source of
137Cs [24]. The timing resolution for 3×3×20 mm3 LSO
crystals was about 450 ps using an avalanche photodiode
[24]. This excellent time resolution is chiefly due to the
absence of longer time components in the light decay,
such as occurs with NaI:Tl, CsI:Tl, and BGO. This ad-
vantage of LSO may allow its use in the design of time
of flight PET scanners. Disadvantages observed in this
material are the purported non-proportionality of light
output to the deposited energy, and possible different de-
cay times in samples obtained from larger and different
ingots [25,26]. Energy resolutions vary between samples
and exhibit a high dependence upon the photon energy.
For example, the energy resolution shows an E−1/2 type
dependence with photon energy, i.e., ≈5% for 60Co gam-
ma rays, reducing to 40% for the 140-keV photons of
99mTc. For more details on the variability between sam-
ples, refer to Balcerzyk et al. [27]. This variability of Ce
activator concentration between LSO samples limits the
energy resolution of current clinical LSO scanners, al-

though greatly superior to BGO. The solid state proper-
ties are still being investigated with this scintillator, with
the hope of achieving a more controlled and reproducible
light output. The variation in the light output per unit
time between crystals could be constructively used in
PET modules for depth of interaction identification, to
improve the spatial resolution of events far from the axis
of the scanner (discussed in a later section). Another dis-
advantage of LSO is the presence of a naturally long-
lived isotope of lutetium (176Lu) within the crystal. It has
been estimated that 2.6% of the lutetium in LSO is 176Lu,
which has a half-life of approximately 4×1010 years, and
gives rise to two prompt gamma rays of 201 and
306 keV (sum peak 507 keV) with an 88% yield, leading
to a measured background count rate of 240 cps/cc of
LSO crystal [28]. In a clinical scanner such as the CTI
Reveal, this translates into singles and trues count rates
of 100,000 cps and 10,000 cps respectively. Whereas
these levels have a negligible impact on conventional
clinical emission scans, they may impact on dedicated
small animal PET in research studies with low count
rates, and would significantly increase the noise for a
singles transmission source such as 137Cs. Although not
hydroscopic, LSO fluoresces when exposed to ambient
light, and therefore must be encased in a light-tight pack-
age.

Gadolinium oxyorthosilicate (Gd2SiO5:Ce) or GSO is
a strong competitor to both BGO and LSO. With a densi-
ty of 6.71 g/cm3 and a Zeff of 59, the effective path 
length of 511-keV photons is 40% greater than with
BGO. One of its major advantages is the decay time,
which is only 60 ns and provides this scintillator with
excellent timing resolution, capable of handling the high
count rates in 3D-only PET scanners. This crystal is not
hydroscopic and possesses good mechanical properties
for cleaving. The intrinsic energy resolution at 511 keV
is 9%, similar to that of NaI:Tl. This renders GSO a
good material for scatter rejection, for prompt gamma re-
jection (relevant for some of the long-lived PET tracers,
e.g., 124I and 86Y), and for singles-based attenuation cor-
rection with 137Cs, in spite of its much lower fluorescent
photon yield. Crystals contain no abundance of radioac-
tive gadolinium isotopes, unlike lutetium-based crystals.
Also the light output of GSO changes by only 1% per
10°C change in temperature, rendering this detector ma-
terial extremely stable in all types of working environ-
ment. For these reasons, GSO detectors will be used on
the latest commercial generation of Philips PET scanners
(the Allegro and Gemini) [29].

Lutetium gadolinium oxyorthosilicate (Lu1.8O2SiO3:
Ce) or LGSO, produced by Hitachi, is a strong alterna-
tive to BGO and LSO. A Ce+3 ion activator is responsi-
ble for the very efficient luminescence. The energy reso-
lution of LGSO has been measured at 12.4% [24], slight-
ly poorer than LSO owing to the 25% reduction in light
output. Also, the sensitivity parameter ρZeff

4 is slightly
less than LSO. LGSO has the advantage of a lower yield
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of radioactive Lu in comparison with LSO. The LGSO
(Hitachi) demonstrated a decay time constant in the
range 45–220 ns, depending upon the chemical composi-
tion.

Lutetium aluminum perovskite (LuAlO3:Ce) or LuAP
is a scintillator material useful for small animal PET to-
mography. Advantages of this material are the excellent
ratio of number of emitted photons to the decay time,
11,200/ns per 511-keV photon, and its high density,
8.3 g/cm3. A detailed study of the complex electron traps
and scintillation mechanisms of this material can be
found in Wojtowicz et al. [30]. Timing resolution as
short as 160 ps was achieved when this detector material
was irradiated with a 60Co source and coupled to a PMT
[31]. Comparative studies between LuAP and LSO cou-
pled to avalanche photodiodes have demonstrated similar
timing properties. However, LuAP has three times less
light output than LSO. The time resolution was 680 ps
for 60Co and 1.16 ns for 511-keV photons. These charac-
teristics obtained with an avalanche photodiode make
LuAP a perfect choice for small animal compact PET
tomographs based on photodiodes [27].

Yttrium aluminum perovskite, YAP or YAlO3:Ce, is a
newly developed scintillation material with considerable
promise for nuclear medicine applications, especially for
small animal imaging (see section “PET development for
animal studies and their evolution”). YAP is a high-den-
sity, medium Z scintillator with a high light output, a
short decay constant, and a characteristic wavelength
which is closely matched to the spectral response of
most photomultipliers. Furthermore, it is robust, chemi-
cally inert, and has a high melting point. Its main disad-
vantage is the low photofraction, which does not recom-
mend it for clinical PET.

In spite of the rich assortment of inorganic scintilla-
tors now available, there is a continual search for new in-
organic scintillator materials. This search is based on fig-
ures of merit (FOM), which combine all the required pa-
rameters to optimise PET scanner performance men-
tioned above. The FOM compares all scintillator param-
eters relative to the performance of BGO. Proposed soft-
ware to assist in the search for new crystals and an ex-
tensive database of available scintillators are available
[32]. Others are focusing on first principle calculations
of scintillator properties using quantum chemistry cluster
calculations [33]. As a part of the Crystal Clear Collabo-
ration at CERN, many groups are working on new scin-
tillator development with a better combination of
price/performance. One objective is the replacement of
expensive Lu or at least reduction of its composition
fraction by replacement with another heavy cation. Intro-
duction of a second heavy cation in the host matrix, such
as Hf, Zr, or Ba (e.g., La2Hf2O7 or Ba3Lu4O9), with Ce+3

as an activator, has allowed the growth of crystals with
high luminosity and speed with an increased average
Zeff of about 65 and a density of approximately 8 g/cm3.
These scintillators have maximum wavelength spectra

shifted to the green region, which makes them promising
for application with silicon photodiodes [34].

Special efforts have also been made to find inorganic
scintillator materials that are compatible with Si− pin di-
odes (PD), i.e., emitting in the wavelength range of
550–1,050 nm. The most luminous compounds with ap-
propriate Z eff and high luminosity at the required wave-
length have very long decay times of more than 100 µs,
rendering them of limited utility for PET applications.
Examples of such scintillator materials are Hg2Cl2 and
GdTaO4:Tb [19]. Only CsI:Tl has a relatively suitable
emission spectrum with a decay time of about 1 µs. This
material is suitable for modelling of PET detector mod-
ules with silicon photodiodes (SiPD).

Table 2 presents the most typical scintillators and
their parameters, relevant for commercial and small ani-
mal PET applications. More information on scintillator
properties for PET application can be found in van Eijk
[35] and Melcher [15].

Radiation detector modules 
for PET applications and their readout

Conventional block modules with PMT readout

The main requirements for PET detector modules can be
found in [36]. A successful PET detector module must
identify 511-keV photons with: high efficiency (more
than 85%), high spatial resolution (better than 4 mm
FWHM), low cost (less than $401 cc), low dead time,
good timing resolution (less than 5 ns FWHM for con-
ventional PET), and good energy resolution (less than
20%).

The basic unit of PET detectors used in commercial
and small animal imaging scanners is the crystal block.
The block architecture provides a means of improving
the detector packing fraction, which would be lost if
miniature individual crystal elements were used, with
minimal loss to positional resolution and adequate fluo-
rescent photon statistics. This is achieved by scoring
(partially sawing) the scintillator block into multiple
pseudo-individual crystals. The scores provide a barrier
to the optical dispersion of light between the individual
elements of the crystal block.

The light collected from the block is converted into a
measurable electrical voltage pulse on commercial PET
scanners by photomultiplier tubes (PMTs). These devic-
es convert the scintillation light into a very weak pico-
ampere electrical signal at the photocathode, which is
then amplified through an efficient low noise avalanche
cascade process. They consist of a vacuum tube, of
15 mm or greater diameter, with a series of dynodes
(electrodes) maintained under the control of a voltage di-
vider (tube operating voltage of 800–1,500 V). Electrons
released from the photocathode are accelerated through
this voltage gradient to the first dynode, where upon col-
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in an array conformation), where the smaller light dis-
persion can yield improvements in the spatial and energy
resolution. PSPMTs operate well for most of the com-
monly used PET detectors, with emission wavelengths of
less than 480 nm, e.g., BGO, GSO, and NaI:Tl. For a 
description of the design and performance characteris-
tics of these devices, the reader is referred to the Hama-
matsu website (http://usa.hamamatsu.com/hcpdf/parts_R/
R7600- 00-C12.pdf).

Solid state detectors for PET applications

The typical intrinsic spatial resolution of PET cameras
based on PMTs is 3–10 mm FWHM. This is limited by
the scintillator PMT block design and the low quantum
efficiency of PMTs. To achieve a higher spatial resolu-
tion, a higher segmentation of scintillators is required
with the ability to readout each segment independently.

Although no commercial clinical PET camera to date
uses semiconductor radiation detectors, these devices are
promising as a means of overcoming the drawback of
PMT-based PET instrumentation. Solid state photodi-
odes, in contrast to PMTs, are small, operate at much
smaller voltage, and exhibit higher quantum efficiencies.
This allows the possibility of easy read-out patterns of
the sensitive area, especially through the introduction of
monolithic pixelated photodetectors, permitting ad-
vanced PET detector modules packaging. The rapid de-
velopments of the microelectronic industry during last
three decades have yielded high-purity detector grade
silicon resulting in the ability to manufacture customized
low-noise silicon planar photodetectors. The most im-
portant of these for PET applications are silicon p-i-n
photodiodes (PDs), avalanche photodiodes and silicon
drift photodetectors. In this section, we will briefly out-
line the principle of operation of these photodetectors
and the main factors influencing their performance rele-
vant to PET applications.

Principles of operation of silicon photodetectors

Semiconductor photodiodes are based on the p-n junc-
tion, which is produced by diffusion or implantation of
boron into an n-Si high-resistivity substrate (p+ layer).
The back side of the substrate is diffused or implanted
with phosphorus to produce a non-rectifying contact (n+

layer). Figure 6 shows a cross-section of a typical Si p-i-n
diode photodetector. Under reverse bias (negative volt-
age to the p+ side of the p-n junction relative to the n+
side) such structures conduct only a very small current
relative to the forward biased p-n junction. Under re-
verse bias, all free majority charge carriers on the p-n
junction leave the p+ and n− regions to form a depletion
layer. The depletion layer consists of a space charge of
ionized shallow impurities (donors in the case of n-Si)
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lision they eject a greater number of electrons back into
the vacuum tube. From this dynode, the electrons are ac-
celerated in the direction of a second dynode from where
an even greater number of electrons are ejected. This
process repeats until amplifications of the initial voltage
pulse of >105 are achieved. The high gain, stability, and
low noise of the PMT have rendered it the standard scin-
tillation light amplifier from the inception of gamma
cameras through to today. The width of the PMT output
pulse is determined by the statistical spread in the elec-
tron cascade process, frequently described by either a
compound Poisson or Polya distribution [37], and is typ-
ically about 8% [38]. Thus voltage pulse width decreases
with increasing scintillator quanta per event. The lineari-
ty of the PMT (except at very high pulses or operating
gains) is the reason for their success in energy discrimi-
nation by the pulse height analyser. As a consequence,
energy resolution is poorer for scintillators of lower light
yields. The timing response of a PMT is of the order of
20 ns. Thermionic noise4 limits the application of PMTs
at very low count rates or X or gamma ray energies, but
these are not problems in PET applications.
The most common detector configuration used in com-
mercial scanners today couples each detector block with
four PMTs with light sharing. The light collection effi-
ciency of the PMT array is different for each elemental
detector. In this way, it is possible to discriminate the de-
tector element in which the most energy is deposited,
whether produced by a single photoelectric event or via
Compton interactions within different regions of the
block. If the signal from the four PMTs are A, B, C, and
D respectively, then the (x,y) location is determined by a
simple analog ratio x=(A+B)/T and y=(A+C)/T, where T
is the summed signal A+B+C+D. This summed signal T
is also used to estimate the total energy deposited within
the block for the purpose of energy discrimination.
Block sizes and individual elements vary between PET
manufacturer requirements. For example, the blocks
used in the HR+ (CTI, Knoxville, TN) consist of an ar-
ray of 8×8 detector elements (64 total).

The development of multianode position-sensitive
photomultiplier tubes (PSPMTs) of square shape allows
accurate positional and energy information to be derived
from the PMT itself. These devices utilize the positional
information of the electron ejection site from the photo-
cathode, which are steered into different compart-
ments/chambers within the PMT tube. The spatial integ-
rity of the avalanche clouds is maintained by the use of
dynodes with special channels/perforations that maintain
the focus of the electron path. These read-out systems
work well with conventional detector blocks as well as
pixellated crystal detectors (individual crystals mounted

4 Thermionic noise is the spontaneous emission of electrons from
the photocathode. For a bi-alkali photocathode at room tempera-
ture, approximately 100–1,000 electrons/cm2 · s are produced, cor-
responding to dark currents of between 16 and 160 pA.



magnetic fields, and exhibit very high quantum efficien-
cies, with a stable gain versus temperature and applied
operating bias. Drawbacks are their relatively high elec-
trical noise and their unity gain compared to a PMT.

Further development and improvement of semicon-
ductor photodetectors has resulted in the avalanche pho-
todiodes (APDs). These devices produce an internal am-
plification of the induced charge. An APD is also a p-n
junction diode, but compared with p-i-n diodes, APDs
are operated under much higher reverse bias. The phys-
ics of operation is based on the impact ionisation of Si
atoms by the photoelectrons generated in the depletion
region. These devices must be operated at a bias suffi-
cient to accelerate the photoelectron to energies capable
of ionising an Si atom. The manufacture of such p-n
junctions requires special technology with the ability to
produce a narrow (about 3 µm) region able to sustain a
very high electrical field (avalanche region) at a surface
depth of about 25 µm. New charge carriers produced in
the avalanche region will gain enough energy from the
strong electrical field to cause further impact ionisation.
A charge amplification coefficient M is possible in the
order of 103 in a modern APD, which is a function of the
applied reverse bias [38].

The advantage of APDs for PET applications is the
high S/N ratio due to the high gain, and the faster re-
sponse relative to PMTs and PDs. APDs can also be pro-
duced as an array, greatly facilitating compact read-out
systems. One drawback of APDs is that they require a
much higher and stable bias. As a consequence, small
changes in temperature can affect the bias and gain of
these devices.

Silicon drift detectors are based on p+-n junctions pro-
duced on both sides of silicon wafers with peripheral de-
pletion layers which touch each other under reverse bias
[39]. In this device, the photoelectrons drift through the
bulk of substrate towards the n+ anode under control of
the electrical field lines parallel to the wafer surface,
whereas the holes drift more rapidly to the p+ electrode
under the control of the vertical component of the elec-
trical field perpendicular to the wafer surface. The n+ an-
ode can be produced with a very small area, thereby
yielding a device with a very small capacitance and low
noise. An excellent review on all types of modern radia-
tion detector has been provided by Lutz [40].

In PET applications, the overall system energy resolu-
tion is governed by the photodetector, PMT, PD, or APD
[41, 42, 43], and the associated preamplifier electronic
noise as well as by the intrinsic (and statistical) energy
resolution of the detector material itself. The develop-
ment of low-noise PD and APD arrays for PET applica-
tion and PET detector modules is underway at several
laboratories. Low noise and high quantum efficiency are
the most important requirements for a PD because of the
unity internal gain. Another complication is the short
0.1–0.2 µm absorption length for 400-nm wavelength
light in silicon. The Lawrence Berkeley Laboratory
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situated between the majority carrier p and n regions
within the crystal matrix. This space charge causes a
strong electrical field from the p+ to the n− side of the de-
pletion layer W, which decreases linearly from 2 V/W
near the p+ region to zero at the end of the depletion re-
gion. Increasing the reverse bias across the junction will
increase the width of the depletion region as W− (ρV)0.5,
where ρ is the resistivity of the silicon substrate and V is
the magnitude of the reverse bias. For example, for a sil-
icon substrate of thickness 0.35 mm with a resistivity of
5 kΩ/cm, 50 V is required to achieve full depletion of
the photodiode, i.e., for the depletion region extending to
the rear side of the detector. A further increase in the re-
verse bias will increase the electrical field within the de-
tector. The minority charge carriers under these condi-
tions will produce a very small bulk current. Special
technologies are used to decrease the surface leakage of
photodiodes, e.g., passivating with silicon oxide or pro-
ducing guard rings outside of the sensitive area of the
PD. To reduce the noise (leakage current) of a PD re-
quires reduction of the capacitance (increasing the deple-
tion layer width) and the reverse current. To satisfy both
conditions the resistivity of silicon needs to be increased
to deplete the PD at lower bias as well as to reduce the
surface leakage of the PD.

When light photons strike a PD they produce e-h
pairs in a depletion region, provided the photon energy
exceeds the energy of the band gap. For silicon, this en-
ergy is about 1.1 eV, corresponding to a wavelength of
less than 1,000 nm. For typical PET scintillators, the
photon wavelength is in the range of 300–600 nm. A
strong electrical field collects the e-h pairs produced in
the depletion layer, thereby inducing a charge at the in-
put of a charge-sensitive preamplifier which is propor-
tional to the intensity of scintillating light, i.e., the radia-
tion energy deposited in the scintillator [37, 38]. Silicon
p-i-n photodiodes are robust, small, and inexpensive, op-
erate at potential differences <50 V, are insensitive to

Fig. 6. Schematic diagram of reverse biased semiconductor photo-
diode. Shorter wavelength photons will be absorbed near the sur-
face, creating more complicated conditions for the achievement of
good quantum efficiency. (Picture from Hamamatsu Si photodi-
odes catalogue N KSPD0001E01)



group has developed a low-noise, high-quantum efficien-
cy 8×8 array of 3×3 mm2 PDs for coupling to pixelated
LSO [44]. A special AR coating, transparent over the
4,000–1,000 nm wavelength and based on a polysilicon
layer covered by indium tin oxide, allowed the produc-
tion of an ideal optical entrance window with a quantum
efficiency of about 70% for 420-nm light with a low se-
ries resistance electrical contact. The low-noise 140 elec-
trons rms measured at room temperature, which resulted
in an energy resolution of about 11% with a CsI(Tl) de-
tector (4 µs time constant), was due to the low 50-pA
leakage current and 3.2-pF capacitance per pixel under
full depletion. Improvement in energy resolution and
timing resolution is an issue in silicon PDs (Si PDs) for
PET application. Several groups have reported on the
timing resolution obtained with Si PD coupled to LSO
[45,46]. For a single Si PD LSO detector module with a
250-ns shaping time constant and zero energy threshold,
a 7-ns FWHM timing resolution was measured with a
PMT. The coincidence timing spectrum for LSO coupled
with the same photodiode detector module, at 511 keV
from a 22Na source, exhibited a timing resolution of
35 ns FWHM [47].

Another promising alternative is silicon drift photode-
tectors (SDDs). An advantage of SDDs is the very low
capacitance, and hence low noise, which is independent
of the detector area. However, they are currently rela-
tively slow, although PET-oriented development is now
channelled on improving both the energy and the timing
resolution for this class of devices. The 8×8 array of
SDD 2×2 mm2 pixels was cooled to −30°C and demon-
strated noise levels as low as 26 electrons rms with an
energy resolution of 13% FWHM for 662-keV gamma
photons. The coincidence timing resolution was reported
at 13 ns FWHM. The quantum efficiency for 430 nm
was 40%, which is double the value obtained with PMTs
but lower than that currently achievable with PD arrays.
New developments will include integrated junction field
effect transistors with expected timing resolutions of the
order of 2 ns. Such modules can be cooled relatively
easy using a Pelletier cooler [48].

Comparative studies of PDs, APDs, and SDDs using
a CsI(Tl) detector exposed to 662 keV 137Cs gamma rays
demonstrated that the SDDs and APDs had a better ener-
gy resolution (6.6%) relative to the PMT (7.1%), but that
PDs had a slightly inferior energy resolution, at 7.9%
[49]. The large detection area of SDDs makes them at-
tractive for PET application with improved timing reso-
lution. The excellent quantum efficiency of PDs, togeth-
er with their low cost, makes them ideal candidates for
high spatial resolution PET application with lower activ-
ity animal scanners.

New developments utilizing multipixel hybrid photo-
diodes (M-HPD) coupled with optical fiber lightpipes to
form discrete 2×2×10 mm3 LSO elements and parallel
readout demonstrated a time resolution of less than 4 ns.
Advances in APD arrays dedicated to PET applications

are being developed by several groups and are an attrac-
tive alternative to PSPMTs. The first APD PET detector
modules were evaluated at the University of Sherbrooke
[50]. Further examples include APDs produced by the
company RDM; these include 4×4 to 14×14 arrays with
2×2 mm pixels, as well as an 8×8 array with 1×1 mm
pixels on NTD silicon [51]. New APDs are working at a
wide range of bias voltages with demonstrated gains of
up to 1,500 at a bias of 1,800 V. The gain variation in
these APDs was measured at about 2.5%/°C. Timing res-
olutions of 2.8 ns for LSO/APD and PMT/LSO, with en-
ergy resolutions of 12% FWHM and a quantum efficien-
cy for LSO light of about 65%, have been achieved. A
32-channel 4×8 array with sensitive pixel area of
1.6×1.6 mm2 and pitch 2 mm has been produced by
Hamamatsu Photonics [52].

Further advances in p-i-n PDs and SDD arrays for
PET application, with improvement in the S/N ratio
achievable with integrated junction field effect transis-
tors on the same high-resistivity silicon, have been pro-
duced with an anticipated timing resolution of 2 ns [53].

Detector module design with depth 
of interaction capability

Limitations of current PET detector module design

Improvement in PET image resolution can be achieved
by reducing the cross-sectional area of each scintillator
element. However, to achieve this and not adversely af-
fect detector sensitivity, crystals need to remain about
30 mm in length. Long small cross-sectional crystals can
worsen the charge collection efficiency and hence result
in a deterioration in the S/N ratio and timing properties.
In addition, such crystals increase the rate of radial im-
age degradation away from the camera “sweet spot.”
This phenomenon is referred to as the “depth of interac-
tion” (DOI) problem. Several different approaches to
overcome these problems have been proposed based on
PSPMT, Si PDs, and APDs and these will be discussed
in this section.

Commercial cameras have a detector ring which is
larger than the transaxial field of view of the scanner.
The detector modules of these designs set the point of
511-keV photon interaction at a point corresponding to
the center of a scintillator crystal defined by the read-out
logic. This technology is resolution limited at the edges
of the field of view because the line of response of two
such photons can be miscoded by an amount proportion-
al to the angle of incidence of the 511-keV gamma ray to
the axes orthogonal to the detector ring (Fig. 7). This ef-
fect, known as the parallax error, becomes worse as the
ring diameter is reduced, and as the cross-sectional area
of the detector is made smaller. This deterioration in im-
age resolution with distance from the ring axis can be re-
duced (or eliminated) through a measurement of the
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crystal of 3×3×30 mm [55], cooled to a temperature of −
20°C to increase the BGO light output. A DOI resolution
of 5–8 mm was achieved, depending on how close the
511-keV photon interactions were to the PD side of the
detector. The fraction of misidentified DOI events de-
pended on the S/N ratio and the noise spread between the
individual PDs in the array. Even with good S/N ratios,
the misidentification fraction was observed to be about
25% for this module. Improvements in DOI measure-
ments are achievable through the use of the higher light
output crystal LSO. Calibration of such a module could
be performed with a side incident beam; however, this
would require removal of the detector module from the
gantry. Another approach to calibration is based on Mon-
te Carlo simulations of photons approaching from the PD
side, and assuming that light collections from the scintil-
lator pixels is linear with depth. This method would offer
an in situ DOI calibration estimated to take 2–3 h for a
30,000 crystal PET tomograph [56]. Recently, a func-
tional prototype of such a PET detector module was real-
ized at the Lawrence Berkeley Laboratory [57] utilizing
customized integrated circuit readout of the PD arrays.
The energy resolution determined from the sum of
PD+PM signal was 25%, and the DOI resolution was
6–15 mm FWHM. Other designs of PET modules, which
use analogue signals, whose amplitude depends on the
DOI, are currently under evaluation [58, 59, 60].

The double photodetector approach for a PET detector
module with DOI capability was reported based on a
PSPMT optically coupled to a pixelated 2×2×21 mm3

LSO crystal with a side of each LSO pixel optically con-
nected through bent optical fibres to a single-channel
PMT, which is outside the field of view [61]. Using the
same principle of DOI measurements as described above,
the possibility of achieving DOI resolutions from 4.2 to
6 mm was demonstrated. The advantage of this design is
the very good timing capability and improvement in the
S/N ratio, providing better accuracy for the DOI measure-
ments. The major drawback of this design is the decrease
in sensitivity due to attenuation in the optical fiber and
the reduction in the gantry opening (by up to 5 cm) to ac-
commodate the space for bent optical fibers [62].

Phoswich and light-sharing detector modules

This type of PET detector with DOI measurement capa-
bility is based on the pulse shape analyses of scintillating
light emitted from two or more stacked scintillators with
different decay times. The different scintillator decay
constants provide the basis for timing discrimination,
thereby allowing determination of the scintillator layer of
the initial photon interaction. Detector blocks have been
made utilizing one layer of BGO crystal and another of
GSO [63]. The disadvantage of using a BGO and GSO
pair is the different light output of the scintillators and the
long decay of BGO in comparison with GSO scintillators.
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depth of interaction (DOI) within the scintillator. It is
most important for 3D PET where a DOI capability
would allow a combination of position-independent spa-
tial resolution and high sensitivity.

Whereas no commercial PET scanner is currently able
to perform DOI corrections, efforts are underway to de-
sign PET read-out modules with this capability, because
of the potential improvements in whole-body PET imag-
ing. There are three main research directions for perfor-
mance of DOI measurements: dual photodetector read-
out, phoswich detectors, and segmented crystals.

Dual photodetector readout PET modules

This approach, first proposed by Moses et al. [54], is
based on a pixelated array of 3×3×30 mm of BGO crys-
tals coupled at one end to a single PMT and at the oppo-
site end to an array of 8×8 Si pixelated 3×3 mm Si PDs.
The PMT provides the accurate timing pulse and energy
resolution and the PD array defines the crystal of interac-
tion. This PET detector module is based on light sharing
between the PD and PMT for each BGO pixel. The DOI
is determined from measurements of APD/(APD+APMT) for
each crystal of interaction, where APD is the photodiode
pulse height and APMT, the pulse height observed by the
PMT, rescaled to an equivalent amplitude to match the
PD. The initial tests were performed with a single BGO

Fig. 7. The parallax or depth of interaction problem associated
with decays at the edge of the transaxial field of view of a PET
scanner



Another approach is based on using GSO(Ce) scintilla-
tors with different concentrations of Ce, (higher dopant
concentration increases its speed) so as to alter the decay
time of the two layers, yet maintain similar light out-
put [64]. The PET detector module with stacked
2.4×2.4×6 mm3 GSO crystals in the DOI direction were
coupled to a PSPMT. Experiments demonstrated a small
degradation in the efficiency of the light collection from
the top to the middle of the crystal, which was 60% and
80%, respectively, relative to the bottom one. In such a
PET module, the optical coupling between separate
stacked crystals is critical for functional DOI operation.

Phoswich detectors can be used for the separation of
events from two crystals either in the time domain as de-
scribed above or in the energy domain by pulse height
analysis. Inadama et al [65] describe a phoswich PET
module with DOI capability for couples of LSO/LSO at
different Ce concentrations, LSO/GSO, and NaI(Tl)/
LSO. LSO yielded different light intensities that could
be used for crystal identification by arrangements of two
or more energy windows to isolate distinct photo peaks
and thereby identify the crystal of interaction. This meth-
od has disadvantages due to the possible contribution of
scattered photons from the high light to the low light
yield crystal. Application of time discrimination tech-
niques allows discrimination of scattered events in tim-
ing spectra since they will be positioned between distinct
peaks. For a comparison of the two methods, the reader
is referred to Inadama et al [65].

Another design of Phoswich detector module has
been reported, which consists of four blocks of GSO
scintillator, each block consisting of four stages of 2×2
array of 2.9×2.9×7.5 mm of GSO [66]. The four-stage
DOI detector is achieved by using GSO with decay times
of 60 ns and 35 ns in consecutive blocks. Time-discrimi-
nation techniques with 2D position image histograms of
light sharing in each block measured by a 4×4 PSPM
(2×2 anodes for each block) were used to discriminate
the crystal of interaction. This design of PET detector
module can be constructed with the same crystal ele-
ments and does not require an additional photodetector.

Asymmetrical light-sharing techniques in the con-
struction of multistage 3D crystal PET modules coupled
with a PSPMT showed good results in identifying the
crystal of interaction, without using time discrimination,
but only a 2D positioning map [67]. Such special patterns
of light sharing can be achieved by using air gap and re-
flective tape between the crystal elements. The data ac-
quisition of such modules is acquired in list mode with
retrospective analysis for the correlation of events in am-
plitude and position. Of particular importance in the mass
production of PET detector modules with DOI capability
is the need for identical optical coupling between the dif-
ferent stages of crystals, so as to ensure an equal light at-
tenuation at the interfaces between stages. This is critical
to avoid deterioration of energy resolution and conse-
quently an increased misdetermination of the DOI. LSO

and GSO are preferred for DOI applications since these
scintillators provide a sufficient light yield for the re-
quired energy and temporal resolution. Methods of sepa-
ration of segmented crystals, based only on photopeak
amplitude discrimination from each segment along its
length, due to adjustment of inter-segment coupling, have
also demonstrated future promise for DOI applications
[68]. Another advantage of such detector modules is the
ability to make use of the fact that most photon interac-
tions occur in the front segment of the scintillator, allow-
ing lower energy scattered photons from the patient to be
readily discriminated and rejected by events confined
within the front segment of the device.

Solid state detector PET modules

The development of low-noise pixelated PD and APD
arrays has made them a highly suitable choice in the de-
sign of DOI-capable PET modules. Shao et al. [68] re-
ported on the use of a 4×4 APD array with a 2×2 mm2

pixel size and 0.4 mm spacing optically coupled from
both sides of a 2×2×22 mm3 LSO array. With amplifica-
tion gains of about 1,000, a DOI resolution of 4.2–6 mm
has been demonstrated. The advantage of such a design
is that the same photodetectors can be used from both
sides of the LSO array, promising uniform performance
and allowing the signal to be summed without any addi-
tional scaling, thereby simplifying the energy and timing
discrimination. Such a module has the additional benefit
that the same readout electronics can be used for the
whole module.

Measurements with the Hamamatsu 2×8 APD array
of sensitive pixel size 3×3 mm and a pitch of 4 mm have
been reported using a light-sharing technique from two
segmented layers of 4×4×10 mm3 LSO crystals offset
with respect to one another by one-half of the crystal
size in one or two dimensions [69]. Measuring the signal
distribution in the APD pixels above the discriminator
level allowed reliable identification of interaction be-
tween the bottom or top crystals.

New developments in PET modules for 3D measure-
ments of the point of interaction based on a stacked de-
sign of sandwiches using LSO pixel arrays, Si PD or
APD arrays optically coupled from the wide side of the
bulk scintillator are continually advancing the feasibility
of this field [69, 70]. The impact of these technologies
on the future design of PET scanners will become known
in the next 10 years.

PET instrumentation on the market

Dedicated whole-body PET scanners

For a history of the evolution of clinical PET scanners
the reader is referred to Nutt [71]. Nutt suggests that the
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important landmarks in PET are the first human PET to-
mograph based on NaI(Tl) in 1974, the discovery of
BGO in 1977, the development of the block detector in
1984, and the development of the LSO crystal during
the 1990s. To place commercial scanners in perspective,
most high-performance commercial PET scanners de-
signed and built between the late 1980s and today have
used BGO crystals because of the high sensitivity for
511-keV photons, cost, and availability. These have in-
cluded the PC4096-15WB scanner [72] (Scandatronix,
Uppsala, Sweden), the POSITOLOGICA [73], the
ECAT EXACT [74], the ECAT HR+ [75], the POSI-
CAM 6.5 [76], the new mPower PET scanner (webpage
http:// www.positron.com), the GE Advance [77], the re-
cent GE Discovery LS and ST combination PET/CT
units (General Electric, Waukesha, WI webpage
http://www.gemedicalsystems.com/rad/nm_pet/products/
pet_sys/index.html), the CTI EXACT HR+, ART, and
the REVEAL HD PET/CT unit (CTI, Knoxville, TN
product webpage http://www.ctimi.com/ctimi/products/
scanners. dtml). The physical performance characteris-
tics of most of these commercial units, except for the
latest, have been published as referenced above. A 
summary of the most important of these properties is
shown for representative clinical PET scanners in Ta-
ble 3.

Currently available scanners from CPS include the
BGO-based ECAT line consisting of: (a) the EXACT, a
2D and 3D system, (b) the HR+ high resolution, which is
also a 2D and 3D system, (c) the ART (a 3D-only scan-
ner using rotating BGO detector modules designed to
economize on crystal material), and (d) the REVEAL
HD, a scanner that combines the HR+ (or EXACT) with
a Siemens CT scanner (from single to 16 slice). Scanners
(a), (c), and (d) are also available with LSO crystals as
the ACCEL, EMERGE, and REVEAL RT. General Elec-
tric Corporation provides a range of exclusively BGO
scanners consisting of the Advance NXi dedicated PET
system and the Discovery LS and ST combined PET/CT
units. Philips also provide three separate PET products:
the C-PET Plus, which is an NaI:Tl curved panel-based
dedicated PET scanner, the Allegro, a GSO scanner, and
the Gemini, which combines the Allegro PET scanner
with a Philips MX8000 D multislice CT scanner.

The changes, which have occurred over the past 15
years, have been mostly incremental: a wider patient port
(the evolution from brain scanners to whole-body scan-
ners), increases in the number of detectors, improve-
ments in block design, faster electronic signal process-
ing, advances in computer hardware and software, and,
of course, the recent introduction of new detector materi-
als. As a consequence, there has been a continual im-
provement in sensitivity and resolution and, therefore,
image quality.

Interest is rapidly increasing in PET, but even more
so in combined PET/CT units, owing to the greater abil-
ity to interpret the PET scan when co-registered with

anatomical image data. In addition to its application in
disease diagnosis and staging, PET/CT is beginning to
play a major role in intensity-modulated radiation treat-
ment planning (IMRT). Partially to fulfil this need,
PET/CT scanners have been designed with larger patient
apertures to allow the imaging of patients within radio-
therapy immobilization casts. Most dedicated PET scan-
ners have patient apertures of 58–62 cm. The first com-
mercially available combined PET/CT scanner, the Bio-
graph (CPS) (which appeared in 2001), consisted of a
flush 70-cm bore unit with a redesigned patient trans-
port system to carry the patient through both units with-
out differential table sag, vital to accurate PET/CT im-
age registration. The first PET/CT scanner by GE, the
Discovery LS, combined the 58-cm bore Advance NXi
PET scanner with a 70-cm bore multislice LightSpeed
CT scanner. The recently released GE Discovery ST
also has the advantageous contiguous 70-cm bore
PET/CT unit. The Philips Gemini comprises the GSO
Allegro (62-cm bore) with a 70-cm MX8000 D multi-
slice CT scanner.

System sensitivity is considered the most important
parameter since it determines the image quality per unit
scan time or alternatively the time required to perform a
whole-body scan. The physical definition is the ratio 
of the number of detected events to the number of de-
cays within the scanner field of view. On a clinical
system, sensitivity depends principally on three main
factors: First, it depends on the detector material, which
ranks in the order: BGO, LSO, GSO, NaI:Tl. Second, it
depends on the axial field of view of the camera since
this determines the length of the body segment that can
be imaged per bed position. Although it is desirable to
have a longer axial field of view, this adds significantly
to the complexity and cost of the scanner. The axial
field of view of modern PET scanners is 15–16 cm, with
the exception of the C-PET, which has an axial field of
view extending to 25.6 cm. Third, it depends upon
whether the scans are acquired in 2D or 3D mode. 
Scanner sensitivity is substantially greater in 3D versus
2D mode owing to the wider acceptance angle of coinci-
dence events through the inclusion of oblique lines of
response. Although there are more true events, there is a
marked increase in scatter and random events. The 
increase in scattered events results in a degradation of
image contrast. The scatter fraction is independent of
the activity within the patient, but is dependent on 
the patient girth. Of greater concern in 3D imaging are
the random coincidences arising from uncorrelated 
decays. Random events increase at a rate corresponding
to the count rate (or patient activity) squared. For low
activities, randoms contribute only a small fraction of
the signal. In a 2D acquisition, doubling the patient 
activity from 200 to 400 MBq practically doubles 
the study count rate (Fig. 8). In a 3D acquisition, 
the count rate becomes progressively non-linear beyond
about 150 MBq administered activity (for a BGO scan-
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ner).5 In order to provide a physical measure with which
to benchmark advances in PET camera performance, the
concept of noise equivalent count rate (NEC) was intro-
duced. The NEC is defined as:

where T is the true coincidence rate, R is the random co-
incidence rate, and S is the scatter coincidence rate.

An NEC curve provides a statistic which shows the
dependence of the increase in trues on increasing activity
in the field of view, yet is penalized by scatter and ran-
doms, which provide inaccurate positional information
about the source distribution and therefore degrade im-
age contrast and quality. Figure 8 shows the typical NEC
curve for a BGO PET scanner in 2D and 3D modes of
operation. Note first that in 2D the camera response is
linear over a much larger range of activities than for 3D
and second, that there is always a point at high enough
activities at which the NEC in 2D exceeds that in 3D. To
shift the peak in the NEC curve for the 3D mode of oper-
ation to higher activities, faster scintillators are required,
such as LSO or GSO. Moses [78] modelled the shift in
the NEC curves for coincidence timing windows ranging
from 12 to 4 ns and estimated that reduction in the coin-
cidence timing window from the nominal 12 ns to 10, 6,
and 4 ns would cause the peak in the NEC curve (in
kcps µCi−1 cc−1) to shift (increase) by 8%, 31%, and
48%, respectively. This is the motivating factor behind
the introduction of LSO and GSO detector blocks on
new PET scanners.

Most PET scanner performance data in the published
literature, including count rate performance, from which
NEC is calculated, are for a 20-cm cylinder, as defined
in the NEMA94 publication [79]. This standard was de-
fined at a time when whole-body PET scanning was in
its infancy, and it has recently been surpassed by the
newer NEMA 2001 standard [80, 81]. This longer cylin-
der includes contributions to the randoms rate and scatter
from out of field activity, and contains heterogeneous

density inserts, rendering it more realistic in relation to
whole-body patient studies. Badawi et al [82] measured
the NEC characteristics for BGO cameras for a number
of tissue-equivalent phantoms ranging in size from an in-
fant’s head to an obese patient’s chest. This study dem-
onstrated that the NEC, at a fixed activity, is reduced
with increasing phantom/patient size when scanning in
3D mode, consistent with the clinical observations of
obese patients. This group also investigated the effect of
adjusting the lower level energy discriminator (LLD)
setting from 150 to 500 keV, i.e., just below the 511-keV
annihilation energy. The LLD setting that would yield
the optimum NEC, at clinically relevant activities, was
shown to vary from a 250-keV threshold for the smallest
13-cm-diameter phantom size to 400 or 450 keV for a
37 cm by 48 cm chest phantom. Current clinical PET
practice is designed to maximize sensitivity using a fixed
300- or 350-keV LLD window setting and administered
patient dose. Yet the total system counts in a study must
maintain a balance between increasing the true coinci-
dence counts, which provide the useful image data, and
reducing scatter and random counts, which degrade it; it
is in this area where patient-specific optimization of the
acquisition parameters may yield gains in image quality.
Use of the faster detectors such as LSO and GSO, which
permit the use of a shorter coincidence timing window,
e.g., 6 ns, improves the NEC curve because of greater
randoms rejection. A significant reduction in the coinci-
dence timing window for BGO would adversely affect
scanner sensitivity. Another important factor in compar-
ing 2D and 3D is the variation in sensitivity in the axial
field of view (Fig. 9). In 2D, the sensitivity is a flat saw-
tooth in the axial direction corresponding to alternate di-
rect and cross-plane slices. In 3D, the sensitivity corre-
sponds to a triangular response peaked at the central
slice. The reduction in slice sensitivity approaching the

Fig. 8. Noise equivalent count rate curves, 2D versus 3D

5 To convert from kBq/cc in a patient into an administered activity,
divide by 103 to convert to MBq/cc, multiply by the patient weight
70,000 g, divide by the fraction of the torso body activity within
the field of view (approx one-fifth) and divide by 1.5 to account
for physical decay and patient clearance between the injection
time and the scan time.

Fig. 9. Slice sensitivity versus axial position in 2D and 3D scans



camera ends is the result of the linear decrease in the
number of oblique lines of response that contribute to
each respective slice. A clinical consequence of these ax-
ial response profiles is that 2D whole-body scans require
only a single slice overlap between contiguous bed posi-
tions, whereas in 3D, an overlap corresponding to
10%–20% of the scanner axial field of view is necessary.

The resolution of a clinical whole-body PET camera
ranges from 4 to 8 mm, and is symmetrical in the trans-
axial and axial planes. The large contribution of this res-
olution is due to the detector ring diameter, typically
about 90 cm on commercial whole-body systems. This
resolution is greatest at the center of the camera, “the
sweet spot,” because all gamma rays emanating from
this point strike the detectors orthogonally. The resolu-
tion degrades as the source of activity moves towards the
edge of the scanner owing to the depth of interaction
(DOI) problem discussed in the section “Detector mod-
ule design with depth of interaction capability”. There-
fore the resolution along the central axis of the patient is
a factor of 2 higher than at the patient periphery, a fea-
ture of all current commercial scanners (Table 3). The
quoted resolution of a PET scanner is defined by the
FWHM of a line (or point) source measured at specific
points within the field of view. This optimum resolution
is measured for a stationary object, acquired with suffi-
cient counts such that the statistics of the source imaged
can be accurately fitted to a Gaussian distribution. The
resolution of patient scans differs from this ideal in two
ways. First, patients are subject to voluntary and invol-
untary motions. Second, the count statistics in clinical
studies do not meet the accuracy constraints of a resolu-
tion phantom measurement. The former can be greatly
mitigated using gating techniques, which are routine in
cardiac imaging, but now have also been developed to
compensate for respiratory motion [83]. Such methods
improve PET image contrast, but at the expense of wors-
ened count statistics. Count statistics are improved by
higher system sensitivity, which impacts upon the clini-
cal measured resolution and diagnostic accuracy. System
sensitivity combined with resolution determines the min-
imum limits of detectability of a system, i.e., the smallest
lesion that can be detected in a defined scan duration. A
comparative study of several commercial dedicated PET
scanners and coincidence gamma cameras was per-
formed using an anthropomorphic phantom containing
lesions comprising of 22Na inserts [84]. Although this
study was performed on scanners available before 2001,
one clear conclusion was that dedicated PET scanners
are greatly superior to the gamma cameras used in coin-
cidence mode.

A principal factor affecting image contrast and image
quantitation is the scatter fraction. This is a measure of
the fraction of detected coincidence photons, for which
at least one 511-keV photon has undergone scatter yet
not been rejected by energy discrimination, thereby gen-
erating a mispositioned line of response. In 2D mode,

scatter fractions are typically <10% (16% on the GE Dis-
covery ST), depending on the thickness and design of the
septa. Only photons scattered within the same axial
plane can reach the detector ring, the remainder being
absorbed by the septa. In 3D, the number of detected
scatter events rises significantly. The 3D scatter fraction
ranges from 25% to 36% using the 20-cm-diameter 
NEMA 1994 phantom, and can be 40–50% using the
longer NEMA 2001 phantom, which makes provisions
for out of field activity. In fact, the scatter fraction can be
substantially greater than this (50–80%) in many clinical
whole-body scans, such as the chest and pelvis of obese
patients. To reduce the scatter fraction, detectors are re-
quired with higher energy resolution. Energy resolutions
(FWHM) for BGO, NaI:Tl, GSO, and LSO at 511 keV
are quoted as 18%, 7%, 9%, and 11%, respectively. The
wide energy window widths used on most PET cameras
(Table 3) is a trade-off between sensitivity and scatter re-
jection. Small angle Compton scattered photons contain
some positional information and are commonly accepted
at the expense of some contrast degradation. Improve-
ments in detector energy resolution will provide the abil-
ity to maintain scanner sensitivity with improved scatter
rejection. Better energy resolution will also benefit the
image quality of certain longer-lived positron-emitting
isotopes such as 124I (4.2 days) and 86Y (13.6 h), which
emit concomitant gamma rays that cannot be discrimi-
nated by timing or energy resolution on the current scan-
ners.

PET development for animal studies and their evolution

Radioisotope imaging of small animals, such as mice
and rats, using high-performance PET and SPET, is be-
coming a valuable tool for studying animal models of
human disease [85, 86, 87]. Over the last decade, the use
of the mouse as a “laboratory” for genetic research has
shown a dramatic increase owing to the widespread
availability of transgenic and “knock-out” rodent mod-
els, designed specifically to evaluate gene function. The
mouse has long been used by molecular biologists to
study fundamental cellular events in vivo, but the rela-
tively small size of the mouse (weight 20–30 g) makes it
difficult to use imaging instruments developed for hu-
man subjects, i.e., the sensitivity and spatial resolution of
such PET scanners are wholly inadequate for the quanti-
tative and qualitative assessment of in vivo gene expres-
sion, and are even unable to differentiate between the in-
ternal organs of the mouse for drug biodistribution work.
The need for improvements in sensitivity arises from the
desire to image the expression of genes that are translat-
ed in only a few copies per cell (1 pM). Improvements in
image resolution are also required if the heterogeneity of
radiotracer uptake within tumor and normal organs is to
be attained. In this context dedicated rodent nuclear im-
aging techniques [88, 89, 90] provide a powerful non-in-
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vasive method to follow the temporal kinetics of phar-
maceuticals in the same animal, without the need to sac-
rifice, dissect, and count, as in traditional pharmacoki-
netic and biodistribution studies.

Despite the high complexity and expense of current
small animal PET scanners, the remarkable possibilities
offered by these techniques justify the growing interest
of many research groups all over the world in the devel-
opment of better instruments. Many solutions have been
proposed for the detection system. Detectors based on a
matrix of scintillating crystals coupled to a position-sen-
sitive photodetector are a well-established technology.
Usually a PMT is used for the matrix readout, but in the
future new photodetectors based on semiconductors,
such as the hybrid photodiode (HPD) or avalanche pho-
todiode (APD), could be used. The performance of the
best scanners in terms of spatial resolution is better than
8 mm3 FWHM, while the sensitivity ranges around
20 cps/kBq. While the spatial resolution is getting closer
and closer to the intrinsic limit, a great increase in sensi-
tivity is desirable so as to improve image quality (S/N
ratio) and reduce scan time (thus making dynamic stud-
ies easier and more precise).

Dedicated instruments, characterized by high perfor-
mance, have been produced, but most of these have been
built as research prototypes. Three small animal PET
scanners are commercially available: microPET4, de-
signed and developed at UCLA, Los Angeles, and dis-
tributed by Concorde Microsystems Inc. (10427 Cogdill
Rd, Suite 500 Knoxville, TN 37932, USA), the YAP-
(S)PET, developed at the University of Ferrara and now
distributed by I.S.E. [Via Nuova 128, 56010 Vecchiano
(Pisa), Italy], which is able to perform both PET and
SPET animal studies, and the HIDAC PET, produced by
Oxford Positron Systems Ltd. (5 Landscape Close, Wes-
ton Business Park, Weston-on-the-Green, Oxon OX25
3SX, UK, http://www.oxpos.co.uk). Recently, Philips is
also proposing a dedicated GSO PET scanner, for small
animal imaging, that is a scaling of their clinical unit.

Two commercial versions of the microPET scanner
(Fig. 10b) are produced by Concorde Microsystems Inc.,

one for imaging rodents (microPET R4) and the second
for non-human primates (microPET P4). The Concorde
microPET [91] detectors comprise an 8×8 array of
2.1×2.1×10 mm3 etched LSO crystals coupled to a posi-
tion-sensitive PMT (Hamamatsu R-5900 C8) via bun-
dled 1 mm2 fiber optics. The detectors are arranged on
four rings. Each ring of the microPET R4 contains 24 of
these detectors. The performance of the Concorde micro-
PET R4 indicates a volumetric spatial resolution of
about 8 mm3 in the center of the field of view and a max-
imum sensitivity (for a 250-keV threshold) of
24.3 cps/kBq (900 cps/µCi). Further developments of
this system, referred to as microPET II, promise a reso-
lution approaching 1 mm3 [92].

The YAP-(S)PET scanner [93] (Fig. 10a) is made up
of four modules, each composed of 20×20 YAlO3:Ce (yt-
trium aluminum perovskite activated by cerium, or
YAP:Ce) finger crystals (2×2×30 mm3). The matrix is di-
rectly coupled to a 3-in. PS-PMT (Hamamatsu R2486-
06). The modules are positioned on a rotating gantry,
where opposing detectors are in time coincidence and
can be set at a distance ranging from 10 to 25 cm so as to
give the possibility of choosing the maximum spatial
resolution (larger distance) or maximum sensitivity
(smaller distance) configuration. The system operates in
3D data acquisition mode and an expectation maximiza-
tion algorithm is used for image reconstruction [94], thus
permitting the utilization of all the acquired data. The
scanner has an axial field of view of 4 cm and a transaxi-
al diameter of 4 cm, permitting both rat and mice stud-
ies. In PET mode, the spatial resolution is constant over
the whole field of view and is better than 1.8 mm
FWHM; the volume resolution at the center of the tomo-
graph is 5.8 mm3. The sensitivity at the center of the
field of view is 17.3 cps/kBq (640 cps/µCi) with the de-
tectors 15 cm apart. In SPET mode, the sensitivity is
114 cps/MBq and the spatial resolution is better than
3.5 mm FWHM.

The HIDAC-PET tomograph is based on a high den-
sity avalanche gas chamber (HIDAC) (Fig. 10c). The
HIDACs are multiwire proportional gas chambers with

Fig. 10. Photograph of the mi-
croPET (a), the YAP-(S)PET
(b), and the HIDAC scanners
(c)



the addition of a conversion/multiplication structure,
made of a laminated plate containing interleaved lead
and insulating sheets and drilled so as to form a dense
honeycomb structure. The third generation of this scan-
ner, called Quad-HIDAC, uses four detectors instead of
two and has a larger detection solid angle. Each detector
is made of eight chambers with increasing dimensions
toward the exterior. The Quad-HIDAC scanner [95] has
a field of view of 28 cm axially and 17 cm diameter, and
exhibits a volume spatial resolution of 1.05 mm (transax-
ial) ×1.0 mm (axial) ×1.04 mm (tangent). The absolute
sensitivity at the center of the field of view is 18 cps/kBq
(666 cps/µCi).

Future directions in PET technology

Discussions on how to further improve PET performance
have focused on the two parameters that most affect le-
sion detectability: sensitivity and resolution. In 2D PET
acquisition mode, sensitivity can be improved by reduc-
ing the length of the septa, thereby increasing the accep-
tance angle of the detectors, but this gain in sensitivity is
at the cost of a reduction in image resolution. The larger
focus is on how to improve 3D acquisition. Here the
principal hurdles are how to remove the increased scatter
fraction and how to reduce random events. It is with the
objective of overcoming these hurdles that scientists and
engineers are interested in exploring the properties of al-
ternative detector materials. The property that affects
sensitivity is ρZeff

4, which for all current known detec-
tors is highest for BGO. The search for new crystals is
focusing on attempting to keep ρZeff

4 close to that of
BGO, while improving on the properties where BGO is
suboptimal. The property that affects the coincidence
timing window is the lifetime of the fluorescent emis-
sion. The property that affects the accuracy in determin-
ing the position of an event within a detector block and
also impacts on energy resolution is the light output that
can be collected within the coincidence timing window.
Higher light output can therefore improve spatial resolu-
tion and energy discrimination, thereby reducing the
scatter fraction. It is for these reasons that commercial
companies have invested in the development of LSO and
GSO crystals for PET detector blocks.

A gain, which would have a potentially significant ef-
fect on PET, would be the ability to reduce the coinci-
dence timing window by an order of magnitude. Such
gains would require advances in photodetector technolo-
gy and signal processing electronics. This would not on-
ly result in improvements in the NEC, through the reduc-
tion in randoms, but also provide the ability to perform
time-of-flight PET reconstruction. With a timing resolu-
tion of <0.5 ns, it becomes possible to define the site of
positron annihilation to within a line segment (<7.5 cm),
and thereby to improve the reconstruction. A timing res-
olution of 0.05 ns would define positron annihilation to

within 0.75 cm, and completely obviate the need for im-
age reconstruction [78]. However, this value is still very
far from being achieved.

Several advances in read-out electronics (dual photo-
detector readout) coupled with novel detector design
(phoswich) promise great rewards in delivering im-
proved and more uniform scanner resolution as DOI
compensation becomes possible. Prototype detector
modules have been constructed, with demonstration of
the feasibility of DOI measurements, and these are per-
haps the next major advance in clinical PET technology.

In parallel with detector module development, there
are continual advances in image processing. For exam-
ple, high-speed iterative reconstruction algorithms have
resulted in substantial improvements in image quality on
clinical scanners, especially at the interface between hot
and cold structures. Improvements in scatter correction
methods are continually evolving [14]. Monte Carlo
methods to simulate the history of photon interactions
within the patient and the scanner are under development
(e.g., the International consortium OpenGate, www.
opengate.org). This approach promises to provide the
ability to account for numerous image-degrading effects:
resolution recovery, scatter photons, and cascade gamma
emission from complex PET tracers.

Reimbursement for PET examinations is likely to pro-
vide further impetus for the development of dedicated
PET units with specialized functions: imaging of the
brain, heart, and breast. Dedicated clinical PET brain
scanners of reduced ring diameter are able to achieve
spatial resolutions down to 2×2×2 mm3, in contrast to
whole-body instruments. It is in this arena where it is
most likely that we shall see the first combined
PET/MRI units, which are currently being explored for
small animal imaging [96, 97]. Another area in which
clinical prototype instruments have been built is dedicat-
ed PET mammography (PEM). These instruments over-
come the weakness of whole-body scanners for breast
imaging, with their inability to exploit the unique geom-
etry of the breast. The specific design requirements for
PEM systems exploit the ability to distend the breast
away from the thorax as well as to compress it, thereby
minimizing scatter and allowing the detectors to be
placed in close proximity to the breast tissue. Designs
analogous to conventional X-ray mammography, with
breast compression, have been proposed [98, 99, 100,
101]; these consist of two parallel detector planes and
also rectangular box detector configurations. Important
demands on such a system are high sensitivity, due to
time constraints on account of patient discomfort, and
high resolution, approaching that of X-ray mammogra-
phy.

Finally, PET/CT units customized for use by radiation
oncologists are currently being developed by all of the
major manufacturers. These PET/CT scanners consist of
an expanded patient aperture (70-cm contiguous bore)
that allows the patient to safely pass through the scanner
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in an immobilization cast, rigid indexing of the scanner
image planes to an external laser triangulation system to
identify the isocenter and field margins for tattoo place-
ment, and specialized software for delineation of target
volumes, beam’s eye view projections, etc. The use of
PET tracers in radiation treatment planning holds the
promise of providing a radiobiological basis for IMRT
dose painting from non-invasive images of tumor biolo-
gy in addition to conventional CT anatomical consider-
ations [102].
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