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This paper reports some technological advances recently achieved in the fields of micro-CT and small animal PET instrumen-
tation. It highlights a balance between image-quality improvement and dose reduction. Most of the recent accomplishments in
these fields are due to the use of novel imaging sensors such as CMOS-based X-ray detectors and silicon photomultipliers
(SiPM). Some of the research projects carried out at the University of Pisa for the development of such advanced radiation
imaging technology are also described.

INTRODUCTION

Since the discovery of X rays by Wilhelm Conrad
Roentgen in 1895, ionising radiations have been used
as a tool for imaging the structure and the function of
living subjects. The continuous evolution of medicine
has encouraged the development of a wide variety of
imaging modalities to better delineate structure and
function of living tissue in a dynamic manner. Most
of the recent accomplishments in medical imaging are
due to the remarkable and continuous advances in
instrumentation for radiation detection as well as to
the improvements in computer science both in the
hardware and software aspects.

The development of new technologies for medical
imaging has been driven by two objectives that are
often in contrast: image-quality improvement and
dose reduction.

In the following sections, some technological
advances recently achieved in the fields of computed
tomography (CT) and molecular imaging with posi-
tron emission tomography (PET) are reported. In
addition, some of the research projects carried out at
the University of Pisa for the development of
advanced radiation imaging technology are illustrated.

ADVANCES IN COMPUTED TOMOGRAHY

The X-ray CT is an indispensable tool for
non-invasive 3-D imaging; its use in medical and
biomedical applications has been continuously
growing since its introduction in the early 1970s by
Hounsfield and Cormack. In the last 10 years, this
technique has undergone a dramatic evolution. All
the technical improvements of CT have led to faster
acquisitions, with a capability to reduce patient doses
while maintaining diagnostic image quality. The

introduction of spiral CT in 1990 by Kalender et al.(1)

and multirow detectors at the beginning of 2000 rep-
resent the two major breakthroughs in CT technology.
With a 64-slice scanner, it is possible to take a whole-
body scan in less than half a minute. This very high
scanning speed, together with the possibility of syn-
chronising the acquisition with the ECG signal,
opened the way towards the application of CT in car-
diology. Depending on the acquisition protocol and
on the reconstruction kernel, isotropic spatial resol-
ution of ,0.5 mm can be obtained routinely. A
thorough review of the major technical improvements
in CT is presented in Kalender(2).

Nowadays, the direction of research in CT tech-
nology in the clinical environment is mainly focused
on a further reduction of both patient doses and
scanning times(3). Recent improvements in X-ray
tube technology, tube current modulation(4) and the
use of z-flying focal spot(5,6) have led to a substantial
reduction in patient dose. In order to further reduce
the scanning time, manufacturers tend to increase
the number of detector rows mounted in the gantry.
This trend is limited mainly by the requirement of
constancy of image quality among all the recon-
structed slices. In fact, the wider the acceptance
angle of the detector, the worse will be the image
quality of the peripheral slices. This is due in part to
the lack of efficient exact reconstruction algorithms
for the cone-beam geometry. In 2002, Katsevich pro-
posed an exact inversion formula for the helical
cone-beam geometry(7), but it has not been yet intro-
duced in clinical practice because of its heavy com-
putational cost. The most used cone-beam
reconstruction algorithm, introduced by Feldkamp
et al in 1984(8), is an approximated generalisation of
the exact fan-beam reconstruction formula and leads
to reconstruction artefacts that could be unaccepta-
ble for the image-quality requirements of clinical
CT. At present, the maximum number of detector*Corresponding author: alberto.delguerra@df.unipi.it
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rows in commercial scanners has gone to 320, and it
has continued to increase, surpassing expectations.
Some groups in the world are studying CT systems
based on flat-panel detectors(9). An alternative
approach recently used to improve scan speed
(especially in cardiac imaging) is the use of dual-
source CT(10).

In parallel to the evolution of clinical CT scanners,
dedicated tools for morphological studies of small
animals have also been developed(11). High-resolution
CT scanners (microCTs) can give outstanding spatial
resolutions, ranging from a few hundred to ,1
micron. These performances are obtained by using
high-resolution flat-panel X-ray detectors, combined
with microfocus X-ray sources. Large area detectors
are desirable for these applications, in order to take
advantage of greater magnification factors (and
hence, greater resolution) without compromising the
size of the FoV. Even though the dose limits for mice
and rats are less restrictive than those of clinical CT,
the main limitation in the high-resolution for in vivo
imaging of small animals is given by dose. In fact, for
a given image-noise level, the dose is inversely pro-
portional to the fourth power of the cubic voxel size.
The three parameters, dose, resolution and noise are
related by the following formula(2):
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where Dx is the size of the cubic voxel, D the dose,
and sm and ,m. the standard deviation and the
mean value of the reconstructed linear attenuation
coefficient, respectively. Typical doses for in vivo
microCT varies from 100 to 500 mGy(11,12).

A CMOS-based microCT scanner prototype

A microCT prototype was built at the University of
Pisa, with the main goal of integrating a morpho-
logical scanner(13) to the functional YAP-(S)PET II
scanner(14). This prototype has a fixed source-detec-
tor system, and the object to be imaged is placed on
a rotating support which can also translate in a
direction parallel to the axis of rotation. The system
magnification can be adjusted manually in order to
select the desired trade-off between resolution and
FoV size. The X-ray source (Hamamatsu
MFX60KVP) is a microfocus source with a fixed
tungsten anode and 150 mm of Be inherent filtration.
The source has a maximum voltage of 60 kV, a
maximum power of 10 W and with a focal spot size
of 7 mm (measured with the edge method). The flat-
panel X-ray detector (Rad-Icon Rad-Eye4) is com-
posed by a scintillation layer of Ga2O2S:Tb
(Gadox), directly coupled to a CMOS imaging
sensor. The sensor has 2048 � 1024 pixels of size
48 mm, for a total active area of 98.3 � 43.2 mm2.

Using a narrow slit of 10 mm aperture, an line
spread function (LSF) of width sLSF ¼ 40 mm was
measured. This value corresponds to an intrinsic res-
olution of 8.5 lp mm21 at 10% of modulation trans-
fer function (MTF).

At magnification m ¼ 2, a high-contrast spatial
resolution of 55 mm full width at half maximum
(FWHM) in the transaxial plane was obtained, cor-
responding to a resolution of 14 lp mm21 at 10% of
MTF. In order to enhance soft-tissue detectability
without increasing the dose to the sample, the pro-
jection data can be rebinned: this causes an increase
in counting statistic per bin and a loss in spatial res-
olution. In this case, a noise level of sm/,m. ¼ 2%
in a 3-cm thick cylindrical water phantom was
measured, with an entrance dose of 700 mGy,
measured with a thermo-luminescence dosimeter
(TLD) positioned on the surface of a poly-methyl-
methacrylate phantom (4 cm diameter), and a spatial
resolution of 260 mm FWHM. As stated in Equation
(1), the dose can be reduced at the cost of decreasing
spatial resolution and/or increasing image noise.
Figures 1 and 2 show some images obtained with the
CT prototype.

ADVANCES IN PET IMAGING

PET has moved from a distinguished research tool
in physiology, cardiology and neurology to become a
major tool for clinical investigation in oncology, in
cardiac applications and in neurological disorders.
In recent years, PET has gained increasing clinical
acceptance as an important functional imaging
modality, and whole-body PET with 18F-FDG is
nowadays a standard technique for the diagnosis
and staging of cancer(15). In recent years, there has
been an increasing focus on dedicated PET systems
designed for specific applications in new emerging
fields such as molecular medicine, gene therapy,
breast cancer imaging and animal imaging.

Figure 1. CT images of an ex vivo mouse in the coronal
view (top) and sagittal view (bottom). The images were
reconstructed with a cubic voxel of 82 mm, and the

entrance dose was 100 mGy.
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Clinical PET instrumentation is nowadays built
using well-established technologies, and detector
advances in the last 10 years have been mainly focused
on the improvement of the spatial resolution that was
considered not good enough. The current top-end
commercial clinical PET scanners offer a resolution up
to 4 mm FWHM(15). The major concern for the devel-
opment of the next generation of PET systems is the
improvement in sensitivity, still pushing the spatial res-
olution close to its intrinsic limit. This is particularly
true for applications where a small quantity of tracers
is used, or when a low tracer specific uptake is
observed, such as, for example, in gene research, breast
cancer investigation or small animal imaging.

The typical equivalent dose delivered to the patient
in a standard PET with 18F-FDG for oncology
studies (i.e. the most frequent application) is �7 mSv.
This value is calculated for an injection of 370 MBq
of 18F(16). Owing to the emphasis primarily placed on
spatial resolution improvement, the radiation dose
has not been reduced significantly in the last 10 years.
Further, there is a tendency to utilise PET as a screen-
ing technique, i.e. dedicated to potentially healthy
people as opposed to the common application as a
screening technique oriented to potentially ill people.
This requires an appropriate level of justification and
consideration of the need to reduce the radiation dose
to the patient. In addition, protection of operators is
becoming an important factor. As in any other emis-
sion imaging technique, dose reduction can be
achieved by increasing the sensitivity of the radiation
detection instrumentation or applying any technique
whose effect is ‘equivalent’ to an increase in sensi-
tivity, so as to permit the injection of a reduced quan-
tity of radiotracer activity.

Sensitivity improvement by adding more detectors
to clinical PET architectures, and thus increasing the

geometrical efficiency, is limited not only by additional
costs but also by the subsequent increase in compu-
tational power required by the greater number of
lines-of-response (LORs) that should be considered(17).

Various new technologies have been developed in
recent years aimed at increasing sensitivity. In order to
maximise the efficiency of the PET system, the PET
heads should be positioned close to the object and the
thickness of the photon absorber should be at least
one attenuation length at 511 keV. In this case, some
LORs (especially those having a high geometrical
inclination) are subjected to a potentially significant
depth-of-interaction (DOI) error. A number of tech-
niques for designing detectors with DOI capability
have been proposed, based either on the direct
measurement of the DOI within the crystal(18) or by
segmenting the crystal into two layers, so that the
photodetection system is able to discriminate events
occurring in one layer from the other(19,20). Nowadays,
a detector based on a matrix of high Z, fast, scintillat-
ing crystals (e.g. LSO:Ce) coupled to a position-sensi-
tive photodetector is a well-established technology and
represents the state-of-the-art. To overcome the limit-
ation of present systems, novel materials for g detec-
tion are required in combination with photodetectors
able to exploit the crystal’s features. For example, a
possible improvement of great potential impact would
be the reduction of the time resolution of about one
order of magnitude. In addition to the obvious
reduction of random events, it would become possible
to utilise the time-of-flight information for image
reconstruction. For example, using new scintillation
materials such as LaBr3:Ce, it would be potentially
possible to achieve a time resolution of 300–500 ps.
Such a figure corresponds to a net reduction of the
background variance, which is equivalent to an
improvement in sensitivity.

Figure 2. High-resolution reconstruction of a mouse L1 vertebra, with 10 mm cubic voxel size. The trabecular structure of
the bone is clearly visible.
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Most of the new technologies that have been
and will be transferred to clinical instruments are
often preliminary applied and tested on pre-clinical
instrumentation, such as small animal scanners. In
fact, such instruments should offer a high resolution
(close to the PET intrinsic limit) that is usually
achieved with finely pixelated scintillating crystal
elements. This implies the use, for example, of
advanced photodetectors such as position sensitive
photomultiplier tubes (PMTs) (PS-PMT).

For example, the small animal scanner YAP-
(S)PET(21), originally developed at the Universities of
Ferrara and Pisa, is based on 2-mm pitch matrices of
YAP:Ce scintillators read out by PS-PMTs. An evolu-
tion of this scanner has now been commercialised by
I.S.E. srl (http://www.ise-srl.com) under the name
YAP-(S)PET II.

The small animal scanner YAP-(S)PET II

Among commercial systems, YAP-(S)PET II(14) is
the only scanner that includes PET and SPECT on
the same gantry (Figure 3). This is possible because
of the four-planar rotating scintillator detectors,
made up of a pixelated, medium Z scintillator
(YAP:Ce): each matrix is composed of a 4 cm �
4 cm YAP:Ce matrix of 20 � 20 elements, 2 � 2 �
25 mm3 each, and is coupled to a PS-PMT. SPECT
imaging is obtained by simply adding a lead paral-
lel-hole collimator (0.6 mm Ø, 0.15 mm septum) in
front of each crystal. Such architecture has the
advantage of a reduction of number of detectors,
meaning simplicity and affordability in terms of cost
and maintenance, but at the same time maintaining
the resolution and sensitivity required for pre-clinical
applications. The system operates in 3-D data acqui-
sition mode and both filtered back projection and
expectation maximisation algorithms can be used
for image reconstruction. For both PET and SPECT
modalities, the scanner has an axial field of view of
4 cm and the diameter of the transaxial FoV is 4 cm.

In PET mode, it has a maximum volume resolution
of �6.5 mm3 FWHM at the centre of the FoV and
well below 10 mm3 FWHM over the whole FoV.
The maximum sensitivity, measured at the centre of
the FoV is �2.3%. In SPECT mode, the spatial
resolution is �3 mm FWHM, and the sensitivity is
37 cps MBq21(14). An example of the application of
the YAP-(S)PET in rat brain imaging with PET is
shown in Figure 4.

Hybrid systems

PET is a powerful imaging technique that involves
tracking biologically significant molecules using
positron emitting isotopes to provide exceptionally
sensitive assays of a wide range of metabolic pro-
cesses. A principal drawback of PET is the relatively
poor spatial resolution when compared with those of
morphological examinations, sometimes hampering
unambiguous signal localisation. Further, a quanti-
tative measurement of the sample activity in PET
images can only be achieved by means of an accu-
rate attenuation correction obtained from an attenu-
ation coefficient map of the scanned object.

Hence it is advisable to combine PET with tech-
niques that are able to provide morphological infor-
mation. The combination of PET and CT scanners
has already been established producing promising
results in the clinical context. CT scans do not only
allow anatomical localisation, but also aid in PET
image reconstruction and correction for partial
volume effects. However, PET and CT cannot be per-
formed simultaneously due to their detector geome-
try. The possible change in the subject position
during the measurement introduces non-rigid move-
ments that are not easily taken into account during
image fusion, thus leading to artefacts(22). In
addition, the high-radiation dose necessary for soft-
tissue contrast enhancement in CT scans can result in
a modified biological response of the subject under
screening, altering the model under investigation.

Magnetic resonance imaging (MRI), on the other
hand, provides exquisite high-resolution anatomical

Figure 3. Picture of the small animal scanner YAP-(S)PET
II.

Figure 4. Image of the 18F-FDG metabolism of a rat
brain obtained with the YAP-(S)PET scanner (transaxial

slices 2-mm thick).
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information without exposure to ionising radiation
as well as access to volume-specific chemical and
physical information (e.g. metabolite concentrations),
even though it limited by low-signal strength, leading
to a low sensitivity in functional studies(23).

An accurate co-registration of PET and MR
images would provide a precise localisation as well as
a detailed attenuation map, even though this infor-
mation is not directly accessible; images need to be
segmented into different tissue components, and an
attenuation coefficient has to be associated with each
element. Moreover, magnetic fields higher than 5 T
has been seen to improve the PET spatial resolution
by reducing the positron mean-free path(24) represent-
ing one of the dominant factors limiting the resolu-
tion of state-of-the-art small animal PET scanners.

The complementarity of PET and MRI techniques
is evident both in clinical and pre-clinical research
applications, and hybrid systems are being eagerly
investigated by several research groups(22, 23, 25).
However, the merger is non-trivial, since traditional
PET devices are inherently incompatible with MRI
physics.

Conventional PET photodetector (PMTs)
methods are hindered by the large magnetic field
and MRI-dictated geometry constraints. The most
common detector for scintillator readout in PET is
the PMT whose performance deteriorates in mag-
netic fields even in the millitesla range. This weak-
ness has prompted widespread investigation of
alternative methods of uniting PET and MRI.

One promising solution is to incorporate longer
optical fibres (a few metres) to transport the scintil-
lation light outside the high-magnetic field region.
On the basis of this model, several prototypes for
small animal imaging have been developed(25) and
tested in pre-clinical studies, demonstrating the feasi-
bility of the method. However, the use of optical
fibres is not without hindrances. The transport of
the scintillation light for relatively long distances can
cause light loss and fibre cross-talk resulting in
degradation of energy and time resolution. In
addition, the encouraging results obtained with
PMT-based hybrid system cannot be generalised to
larger PET configurations where a much greater
bulk of material with potential compatibility pro-
blems is likely to be required.

Another solution currently under investigation is
the use of magnetically insensitive avalanche photo-
diodes (APD) in place of traditional PMTs. Their
compactness allows the assembly of inserters fitting a
standard MR bore, even though the amount of shield-
ing needed to prevent pick up from the magnetic gra-
dients could affect MRI quality. However, in spite of
overcoming the primary magnetic field problem, such
devices are noticeably sensitive to small variations in
bias voltage and temperature, and their low gain
requires the use of low-noise electronics. These issues

become relevant in the presence of rapid MRI gradi-
ent coil switching. Furthermore, their low granularity
poses limits on the spatial resolution achievable.

A more stable photon detector compatible with
high-magnetic field environment remains therefore a
necessary next step in the pursuit of dual PET/MRI
imaging.

Silicon photomultiplier-based PET
for a hybrid system

The use of silicon photomultipliers (SiPMs) appears
promising in overcoming the constraints of the
current PET/MRI system.

SiPM arrays(26) (1 � 1 mm2 pixel size) display
properties comparable with those of a traditional
PMT with additional advantages(27). The SiPM is
stable and rugged, with excellent single photo-
electron resolution, fast recovery time, a high gain
(106) at low bias voltage (�35 V) and, most impor-
tantly, it is insensitive to magnetic field. The SiPM is
a matrix of p–n junction diodes (microcells) biased
above the breakdown voltage in order to create a
localised Geiger avalanche in each fired microcell(28).
The microcell signals are multiplexed by the
common metal electrode contact layer, making it
suitable for spectroscopy; this allows the SiPM to
provide a large, proportional signal for low-to-
moderate photon flux (Nphotons�Ncells).

The advantage of the SiPM over the more
common APD is that it allows a simpler and more
reliable use without the need for high bias voltages
and low-noise amplifiers.

The goal at the University of Pisa is the assembly
of an MR-compatible PET ring tomography to
be inserted in a magnet bore for simultaneous
PET/MR. The design entails 16 detector heads,
each head consisting of a continuous scintillator slab
coupled to a finely granulated SiPM matrix (1.5 mm
pitch)(29,30).

The feasibility of a combined PET/MRI system
based on SiPMs has been proved operating a single
SiPM pixel (1 � 1 mm2) coupled to an LSO crystal,
in an MRI system while running different sequences.
Results obtained were fully compatible with those
achieved on the bench (B , 0.5 mT), and show that
the energy resolution is not affected at all by the
combined effect of the gradient coils and radiofre-
quency pulses.

The comparison of single photon spectra acquired
in a low-magnetic field with those acquired in a
static magnetic field of 1 T plus a pulsed MR gradi-
ent (Figure 5) shows that the sensitivity of the SiPM
is fully retained in an MRI environment, even at
single photon level.

Although it has been confirmed that such a PET
scanner would not be adversely affected by the MR
system, MRI performances with the scanner placed
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in the bore remain to be tested. Despite this,
the extremely compact size of this detector and
the possibility to attain a good energy resolution
without any signal amplification and shaping would
limit the amount of material that has to be fit in
the bore, reducing potential PET/MRI compatibility
problems.

CONCLUSIONS

The technologies for biomedical imaging using
ionising radiation are continuously being improved
and transferred to the clinical environment. Many
of the innovations in this field are also aimed at a
reduction of the radiation dose. Technologies are
initially tested and applied in small animal imaging
instrumentation. The development of PET-MR
instrumentation could represent the new frontier for
the field of oncology imaging. New technologies for
the construction of MR-compatible photodetectors
are now available. The characteristics, performance
and non-sensitivity to magnetic field of new photo-
detectors such as SiPM(26,29) justify the interest of
various research groups worldwide in the develop-
ment of large-area SiPM photodetectors for future
clinical PET applications.
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