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Introduction

Positron Emission Tomography (PET) is a major diagnostic imaging modality
that is used predominantly in determining the presence and severity of cancers,
neurological disorders and cardio-vascular diseases. Significant advances in PET
detector performance have recently been possible due to the introduction of fast
and bright inorganic scintillators for radiation detection and the development of
compact, fast and high-gain solid-state photosensors for detecting the scintilla-
tion light. In a collaboration project between the Delft University of Technology
(TU Delft) and the Kernfysisch Versneller Instituut (KVI - University of Gronin-
gen), a novel PET detector concept has been investigated that outperforms the
current detector technology in commercial PET scanners with respect to several
parameters.

PET basics

During a PET scan a radioactively labeled pharmaceutical is administered to a pa-
tient. This pharmaceutical consists of a radioactive isotope (radionuclide) which
is chemically bound to a biologically active molecule. The substance distributes
throughout the patient’s body and concentrates in tissues according to their asso-
ciated biochemistry. Most often the metabolism of cells is probed, indicated by the
glucose consumption. During the decay of the radionuclide, a positron is released
which quickly annihilates with an electron after a short traversed distance (typi-
cally < 1 mm). This produces a pair of gamma photons (γ) of 511 keV in opposite
directions (see figure 1). The coincident detection of this pair of gamma pho-
tons by a cylindrical ring of radiation detectors defines a line, the line of response
(LOR), along which the annihilation took place. From many recorded LORs, an
image of the biodistribution of the tracer can be generated using a mathematical
reconstruction algorithm. A high metabolic activity appears as a dense area in the
image and can indicate the existence of cancerous tissue, while a low metabolic
activity in the heart region can indicate scar tissue after a myocardial infarction
(heart attack).

The ability of the physician to diagnose disease at an early stage depends
crucially on the quality and accuracy of the PET image. The image quality is
primarily determined by the PET detector performance.
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Figure 1: Schematic view of a PET scanner, consisting of radiation detectors in
a cylindrical configuration. Opposite detectors can detect pairs of gamma photons
from the annihilation process in coincidence.

Detector criteria

The absorbed energy, location and time of the interaction of the gamma photons
in the detector have to be determined as accurately as possible.

A significant part of the produced 511 keV gamma photons scatter in the
patient’s body, whereby a part of the 511 keV energy is absorbed. These tissue-
scattered, lower-energy gamma photons produce misplaced LORs (see figure 2),
and need to be filtered out by using an energy threshold during the acquisition.
To effectively do this, a detector energy resolution of better than about 10 % is
needed.

To obtain high image spatial resolution, the interaction position of the gamma
photon within the detector needs to be determined as accurately as possible (typ-
ically a resolution of a few millimeters is presently achieved). Preferably, the full
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Figure 2: Misplaced line of response due to scattering of a gamma photon in the
patient’s body.

Figure 3: Conventional (left) and time-of-flight (right) reconstruction. In the con-
ventional reconstruction there is no information about the location of the annihi-
lation along the LOR. With time-of-flight reconstruction, the measured difference
in arrival time gives a probability distribution of this location.

3D interaction position is reconstructed, thus including the depth of interaction
(DOI) of the gamma photon in the detector. When including DOI information
during the image reconstruction, one can correct for the so-called parallax effect,
which is one of the most important resolution degrading factors in commercial
PET scanners, appearing at the edge regions of the examined body [7, 8].

If the detection of a 511 keV gamma photon can be timed with an accuracy well
below 1 ns, time-of-flight (TOF) information (the difference of the arrival times
of two 511 keV gamma photons from the annihilation process) can be used during
image reconstruction (a technique called TOF-PET, see figure 3) to significantly
increase the image quality in terms of signal-to-noise ratio (SNR) [6, 12, 13]. To
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Figure 4: Left: segmented crystal. Right: monolithic crystal.

fully exploit this technique, the timing resolution of the PET detectors needs to be
as good as possible. Present clinical TOF-PET scanners have a timing resolution
of about 600 ps.

Detector concept with monolithic crystals

Nearly all commercial PET scanners use conventional PET detectors consisting of
scintillation crystals subdivided into rectangular columns of relatively small width
(few mm), the segmented crystal design, see figure 4. After gamma interaction,
scintillation light is produced and read out by an array of photomultiplier tubes
(PMTs). The crystal columns are covered with reflective material to channel the
scintillation light with low spatial spread towards the PMTs. The position of
interaction is determined by identifying in which crystal element the interaction
took place.

In a monolithic scintillation detector, a large (a few cm) continuous scintil-
lation crystal is coupled to a photosensor array. The position of interaction is
determined from the scintillation light distribution over the photosensor array.
Since the crystal is not subdivided into segments, dead spaces between crystal
segments are avoided, maximizing the detection efficiency for gamma photons. In
addition, optical losses associated with multiple reflections of the scintillation light
are reduced. This increases the detector performance with respect to energy and
timing resolution, since the variance in these parameters is primarily determined
by the statistics of the (limited) number of scintillation photons that are produced.
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Furthermore, the scintillation light distribution at the sensor array not only varies
with the 2D entrance position of the gamma photon at the crystal surface, but
also with the depth of the interaction (DOI). This enables the reconstruction of
the full 3D interaction position of the gamma photon (see figure 5). This is not
possible for the segmented crystal design, since the scintillation light is channeled
towards the photosensor, and information about the DOI is essentially lost. Costly
detector modifications (e.g. additional photosensors, complex optical structures)
are necessary to enable DOI detection in the segmented crystal design [10], and
these modifications may degrade the energy and timing resolution due to reduced
light collection. Finally, the monolithic crystal design is significantly lower in cost,
since no segmentation has to be applied.

In almost all current PET scanners PMTs are used as light sensors. Despite the
sensitivity for extremely low light intensity and fast response, PMTs are bulky light
sensors. This restricts the possibilities for flexible readout geometries. Moreover,
PMTs can not be operated in a magnetic field, which prevents the development of
a combined PET-MRI system for simultaneous imaging. Silicon photomultipliers
(SiPMs) are recently introduced compact and fast solid state light sensors with a
faster response than PMTs and with a comparable sensitivity for light. Because of
their small dimension, the scintillation light can be read out from several crystal
sides. Furthermore, SiPMs are insensitive to magnetic fields, such that they can
be used for PET-MRI integrated systems.

Reconstruction algorithms

For the determination of the 3D interaction position of the gamma photon in the
monolithic crystal, a reconstruction procedure has been developed [64] (chapter 4
in this thesis). For this procedure, the detector response was calibrated by a
systematic scan with a collimated gamma beam from a radioactive source with
perpendicular incidence on the front and side surface of the crystal. The calibration
datasets obtained over both crystal surfaces were then combined, such that a 3D
dataset of the detector response was obtained. Using a statistical algorithm, the
3D interaction position of a gamma photon in the crystal could then be calculated
with this dataset. In figure 5, the average detector response has been calculated
as a function of the reconstructed 3D interaction position for a 16 × 18 × 10 mm3

monolithic scintillation crystal coupled to an array of SiPM sensors [90]. It is clear
that for interaction positions near the array of light sensors a peaked distribution
is formed, while this distribution is more uniform for interaction positions at a
larger distance. The resolution obtained for the 3D position reconstruction was
2.5 mm FWHM, which is comparable to the highest-resolution detectors presently
available.
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Figure 5: Average photon distribution patterns as a function of the reconstructed
position, binned in 2×2×1.5 mm3 voxels. The diagrams in the right column in-
dicate the selected voxels. The blue voxels are at 8 mm distance from the photo-
sensor array; the red voxels at 2 mm distance. The diagrams in the left column
indicate the average photon distribution patterns corresponding to the position-of-
interaction region selected by the blue voxels. The diagrams in the center column
indicate the patterns corresponding to the region selected by the red voxels.
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Figure 6: Timing spectra for 3 × 3 × 5 mm3 LaBr3:Ce crystals coupled to SiPM
sensors. The 3 curves were obtained by placing the radioactive source at x1 =
20 mm, x2 = 0 mm and x3 = -20 mm. The timing spectra shift exactly in time as
can be calculated from the light speed.

The timing signals of the detectors were fully digitized, such that various algo-
rithms could be tested to determine the arrival time as accurately as possible. For
small 3 × 3 × 5 mm3 LaBr3 scintillation crystals coupled to SiPMs, a world record
coincidence timing resolution of 100 ps FWHM was obtained (see figure 6) [90, 149].
For PET-relevant, large monolithic scintillation crystals the obtainable timing res-
olution deteriorates, among other things because of a systematic variation in time
that the scintillation light needs to reach the light sensor. A procedure has been
developed to correct for this systematic variation such that the timing resolution
is also optimized for large crystals [64].

Conclusion

In this work, a PET detector concept was characterized based on monolithic scin-
tillation crystals, fast photosensor arrays and statistical algorithms that determine
the location of the scintillation emission in the crystal. The excellent timing resolu-
tion provides a very high signal-to-noise ratio in the PET images (the time-of-flight
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PET method). Furthermore, the position reconstruction algorithm enables that
the edge regions of the examined body can be imaged well (depth-of-interaction
reconstruction). This detector concept has the potential to significantly improve
PET’s ability to visualize, quantify, and characterize disease. This could lead to
an earlier cancer diagnosis, which is essential for a more effective cancer therapy.

142




