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2 Nuclear Medicine Imaging

Modalities

As mentioned in chapter 1, radionuclides are used in nuclear medicine to im-
age and localize disease processes. Techniques of diagnostic nuclear medicine in-
clude scintigraphy, Single Photon Emission Computed Tomography (SPECT) and
Positron Emission Tomography (PET). In scintigraphy, 2D images are generated
from the tracer (radionuclide) distribution in the body. In contrast, SPECT and
PET generate 3D images of the tracer distribution. SPECT and PET are the
major imaging modalities in nuclear medicine.

2.1 Single Photon Emission Computed Tomogra-

phy (SPECT)

SPECT is based on the detection of gamma-ray emitting radionuclides. Gamma
cameras acquire 2D (planar) projection images of the tracer distribution from
multiple angles. A 3D image is generated from these planar images using a to-
mographic reconstruction algorithm. The gamma camera contains collimators to
reject gamma photons that are not within a small angular range. This is required,
because otherwise the angle of incidence would not be known and projections from
several angles would overlap at the gamma camera. The most often used radionu-
clide for SPECT is technetium-99m (99mTc), which emits gamma-rays of 140.5 keV
energy. Besides 99mTc, a wide variety of radionuclides are used with a gamma-ray
energy range between about 100 and 500 keV.

2.2 Positron Emission Tomography (PET)

PET is an imaging technique that is based on the decay of a positron (β+) emit-
ting radionuclide, chemically bound to a biologically active molecule (see Fig. 2.1).
After its release, the positron quickly annihilates with an electron and, preferen-
tially, two 511 keV gamma photons are produced in nearly opposite directions1.
The pair of gamma photons is detected in coincidence by radiation detectors in
a cylindrical configuration (see Fig. 2.2). This coincident detection defines a line,
the line of response (LOR), along which the annihilation took place. From many

1It is also possible that three or more gamma photons are created, but the probability becomes

lower with each additional photon. The ratio of annihilation into three photons vs. annihilation

into two photons is predicted to be about 1/378 [9].
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Chapter 2

Figure 2.1: Positron emission and annihilation. Two 511 keV gamma (γ) photons
are generated in nearly opposite directions and detected in coincidence.

LORs, a map of the concentration of the radionuclides can be generated using a
tomographic reconstruction algorithm.

Since the direction of both gamma photons is known from the LOR, there is
no need to use a mechanical collimator to define (and thus restrict) the acceptance
angle, as in SPECT. The acceptance angle in PET is thus wider and this translates
into a sensitivity for PET that is two to three orders of magnitude higher than for
SPECT [2].

2.2.1 Spatial resolution

The obtainable spatial resolution is limited by the physics of positron emission and
annihilation.

After the radionuclide decays and emits a positron, the positron loses its en-
ergy by multiple collisions with surrounding molecules. Annihilation preferentially
occurs after thermalization with the environment2. This means that the positron
travels some distance (the positron range) before the gamma photons are pro-
duced. The position uncertainty arising from this process limits the obtainable
spatial resolution. The resulting blurring of the tomographic picture due to the
positron range strongly depends on the energy distribution of the positron and,
thus, on the radionuclides used. Fig. 2.3 shows positron range profiles for two
common radionuclides (18F and 15O). The FWHM resolutions are 0.10 mm and
0.50 mm for 18F and 15O, respectively. However, the profiles can not be described
by Gaussians since they have long exponential tails, giving FWTM resolutions of

2Although positron annihilation in-flight can reach a substantial fraction of up to about 20 %

of fully absorbed positrons [11].
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2.2 Positron Emission Tomography (PET)

Figure 2.2: Schematic view of a PET scanner, consisting of rings of radiation
detectors. The coincident detection of the produced gamma photons defines a line,
the line of response (LOR), along which the annihilation took place.

Figure 2.3: Positron range profiles for 18F and 15O in water. From [10].

1.0 mm and 4.1 mm for 18F and 15O, respectively.
Another limiting effect is called the acollinearity. After thermalization, both
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Chapter 2

the annihilating positron and electron have a residual momentum. Due to momen-
tum conservation, the emission angle between the two emitted 511 keV gamma
photons is not exactly 180◦ in the detector frame3. The angular distribution is
approximately Gaussian with a FWHM of ∼0.5◦ [12]. The effect on the FWHM
spatial resolution Racol depends on the separation D of the coincidence detectors:

Racol = 0.5 · D · tan(0.25◦) = 0.0022 · D (2.1)

For a whole-body PET scanner the ring diameter is typically 80 cm, corresponding
to an Racol of 1.8 mm FWHM at the geometric center of the ring.

Apart from the positron range and acollinearity effect, the spatial resolution
further depends on the detector resolution Rdet, but in a non-trivial way4. If not
corrected for, the parallax effect degrades the spatial resolution in the radial direc-
tion (see section 2.2.3). In the tomographic reconstruction algorithm, spatial filters
are often used to suppress noise. These filters further lead to some degradation of
the spatial resolution, as the high-frequency information is removed.

2.2.2 Sensitivity

Sensitivity is quantified as the number of detected events per unit of activity
in the examined object. Sensitivity is considered as the most important system
parameter, since it determines the image quality per unit scan time [13]. Today,
human whole-body PET is limited by sensitivity, rather than spatial resolution.
Clinical systems often have, on purpose, a reconstructed spatial resolution that
is worse than the spatial resolution potential of the system, to achieve sufficient
acquired counts per image pixel5. This keeps the statistical fluctuations in the
number of counts per image pixel low, and thus provides an image signal-to-noise
ratio (SNR) acceptable for diagnostic interpretation. Breakthroughs in whole-body
imaging will require significant increases in system sensitivity [14].

As discussed before, due to the larger acceptance angle, the sensitivity for PET
is two to three orders of magnitude higher than for SPECT. The higher gamma
photon energy of 511 keV (as compared to a typical gamma energy of 140 keV for
SPECT) results in a higher penetrating power into material. This means that a
higher fraction of gamma photons escapes the examined body, but also that (thick)
detectors with high stopping power are needed to efficiently detect the incident

3Obviously, in the center-of-mass frame this angle is exactly 180◦.
4The position response profile of both coincidence detectors has to be projected and convoluted

on the plane centered at the annihilation event. The spatial resolution varies by about 40 % in

the space between the detectors, with a maximum value of Rdet at the face of either detector,

see [12] for the mathematics.
5If the spatial resolution is improved by a factor of 2, the total number of counts needs to be

increased by a factor of 23 = 8 (for 3D-mode PET) to keep the number of counts per image pixel

the same.
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2.2 Positron Emission Tomography (PET)

radiation. The sensitivity is primarily determined by detector efficiency ε (fraction
of incident photons that are detected) and fraction of the solid angle 4π covered
by the detectors (the geometric efficiency, g). The true coincidence event rate6

ftrue for a positron-emitting source located in a homogeneous absorbing medium
between a pair of coincidence detectors is given by [12]:

ftrue = Eε2ge−µoTo (2.2)

where E is the source emission rate (positrons/s), µo the linear attenuation coef-
ficient of the object and To the thickness of the object. The detector efficiency
contribution ε is squared, since both gamma photons need to be detected in coinci-
dence. ε is determined by the linear attenuation coefficient of the detector material
µd and the thickness of the detector Td. For a point source located on the central
axis of the detector, it is given by:

ε = 1 − e−µdTd (2.3)

For high sensitivity, thick detectors with large attenuation coefficients that cover
a considerable fraction of the solid angle 4π, are thus required. The attenuation
coefficient is commonly parametrized as the attenuation length 1/µd. Values for
the attenuation lengths for different inorganic scintillation materials are given in
Table 3.1.

2.2.3 Image degrading factors

As discussed in section 2.2.1, the physics of positron emission and annihilation
principally limits the obtainable spatial resolution in PET. This section discusses
additional degrading factors for PET that can limit the obtainable spatial resolu-
tion and the signal-to-noise ratio (SNR), but for these effects (partial) correction
or reduction techniques can be applied.

Parallax effect

Parallax is the apparent difference in observed position of an object, viewed from
different lines of sight (Fig. 2.4). In PET imaging, this effect shows up whenever
a gamma ray enters the detector from an oblique angle, while the detector does
not give information about the depth-of-interaction (DOI) of the gamma ray in
the detector. The absence of information about the DOI leads to a parallax error
in the determination of the position in the other spatial directions. The apparent
width of the detector elements is wider at the edges of the transaxial field-of-view

6True coincidence events arise from gamma photons that originate from the same annihilation

event and did not undergo Compton scattering within the examined body, as opposed to scattered

and random coincidences (see Fig. 2.6 and section 2.2.3).
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Chapter 2

(a) Perspective 1 (b) Perspective 2

(c) Overview of 3D scene and location of

observers. The view of the observers is

shown in (a) and (b).

Figure 2.4: Illustration of the parallax effect. 3D scene viewed from two different
perspectives. The observed (2D) position of the sphere is different for both views,
since sight involves planar (2D) projections of objects located in 3D space. The
sphere is actually located on the surface normal extending from the center of the
background plane, indicated by the black dashed line in (a) and (b). Knowledge
about the height of the sphere above the plane would allow to derive the true position
of the sphere from the 2D image.

(FOV), compared to the center of the FOV (see Fig. 2.5). This effect thus causes
a position blurring at the edges of the FOV. At the axis of the detector ring (i.e.
center of the transaxial FOV) there is no parallax effect, since the gamma rays
enter the detectors with perpendicular incidence on the detector front surface. The
parallax effect is one of the most important degrading factors in PET. Commercial
PET scanners often have detector arrays arranged on rings of larger diameter
than would be necessary to fit the patient, even though this significantly increases
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2.2 Positron Emission Tomography (PET)

Figure 2.5: Transaxial view of one ring of a PET scanner. The apparent width of
the detector elements (indicated by the shaded areas) increases towards the edges of
the FOV. If the detector is not able to give DOI information, this effect introduces
position blurring.

the detector costs (because more detectors are needed) and reduces the system
sensitivity (since there is less solid angle coverage). For a typical whole-body PET
scanner with 4 mm wide detector elements and 80 cm ring diameter, the spatial
resolution is degraded by 40 % at 10 cm distance from the center of the FOV [12].

The effect can be corrected for by detecting the full 3D interaction position
(thus including DOI) inside the detector element. This allows for detector rings
with a diameter comparable to the transaxial FOV, thereby reducing detector
costs, increasing the system sensitivity and reducing the position blurring associ-
ated with the acollinearity (Eq. 2.1). Enabling DOI detection in PET detectors
has been one of the most active fields of research in PET imaging.

Recently, an alternative procedure has been developed to address the parallax
effect. By empirically measuring the spatially variant system response, or ’global’
point spread function (PSF), and use the PSF during the image reconstruction,
improved and near-uniform spatial resolution can be achieved throughout the FOV
[15]. This approach requires the knowledge of the PSF in each point of the FOV,
which can be obtained by moving an uncollimated point source throughout the
FOV. This feature has already been included in a commercial whole-body PET
scanner (Siemens Biograph TruePoint PET/CT [16]). Impressive results can be
achieved, although it is mentioned in [17] that the PSF-enabled reconstruction also
leads to nonuniform noise correlations and that the system modelling affects the
required computing power needed. The best procedure to correct for the parallax
effect is to use DOI-enabled detectors in combination with a PSF model during
the reconstruction (after the DOI information has been included) [17].
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Chapter 2

(a) True coincidence (b) Random coincidence (c) Scattered coincidence

Figure 2.6: Types of coincidence events for PET. For random and scattered events,
LORs can be assigned outside the region of the emission source (indicated by the
region-of-interest, ROI).

Section 3.3.3 gives an overview of some proposed scintillation detector designs
with DOI detection capability. In the current work, a 3D position reconstruction
algorithm for continuous scintillation crystals has been developed and is presented
in chapter 4.

Random coincidences and Compton scattering

Of the various ways gamma photons of 511 keV interact with matter, only two
interaction mechanisms have any real significance for gamma photon detection:
photoelectric absorption and Compton scattering [18]. These interactions produce
detectable electrical signals at the detector level, as discussed in detail in chapter
3. A considerable fraction of the emitted gamma photons also interacts within
the examined body. At 511 keV, the attenuation length 1/µo is about 10.5 cm in
human tissue [19]. The absorption of gamma photons within the examined body
leads to a reduction of the coincidence event rate (Eq. 2.2), and in addition to a
larger amount of random coincidences. Since for coincidence detection two gamma
photons need to be detected within a predefined time window, random coincidences
can occur when two annihilation events occur right after each other, and for both
events only one gamma photon is detected. The system has no means to recognize
that the detected gamma photons came from different annihilation events, and an
LOR is incorrectly assigned, see Fig. 2.6(b). The random coincidence event rate
frandom can be determined from the singles event rates of detectors a and b from
the coincident detector pair (fsingles,a and fsingles,b).

frandom = 2τ · fsingles,a · fsingles,b (2.4)
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2.2 Positron Emission Tomography (PET)

where 2τ is the predefined time window for coincidence events. The random event
rate can thus be reduced by employing a small coincidence time window. This
requires fast detectors with a good timing resolution. This degrading factor does
not exist for SPECT, since it is based on singles detection.

Compton scattering is the inelastic scattering of gamma photons (or X-rays)
with weakly bound atomic and molecular electrons in matter. When one or both
of the detected gamma photons of an annihilation pair underwent Compton scat-
tering within the examined body, the information about the origin of the positron
emission is lost and the LOR is incorrectly assigned, see Fig. 2.6(c). Since a con-
siderable fraction of the energy of the gamma photon is absorbed during Compton
scattering (see Fig. 3.7(b)), these events can partly be filtered out by detecting
the energy of the impinging gamma photons at the detector and applying energy
thresholding. This requires radiation detectors with a good energy resolution. For
standard energy windows, the fraction of Compton scattered events approaches
50 % of the total detected events [20].

The mis-positioned LORs from scattered and random events are distributed
uniformly across the FOV and are effectively manifested as background noise in
the reconstructed image, reducing the image contrast. The image SNR is affected
by the sensitivity to true coincidence events (Eq. 2.2) and the background contri-
butions from scattered and random events. In PET, the noise equivalent count rate
(NEC) parameter is commonly used to compare the tomograph performance [21]:

NEC =
f2

true

ftrue + frandom + fscatter
(2.5)

where fscatter is the scatter coincidence event rate; the true coincidence event rate
ftrue and the random coincidence event rate frandom are introduced in Eqs. 2.2
and 2.4, respectively. NEC can be seen as the reduced true coincidence event rate
that without random and scatter components (frandom = fscatter = 0), produces
the same image SNR as the true coincidence event rate obtained by subtracting
the random and scatter coincidence event rates from the total coincidence event
rate (ftrue + frandom + fscatter) [22]. It provides a direct link between the image
SNR and the true, random and scatter coincidence event rates. NEC depends in
a complex manner on the scanner and detector geometry, the examined body (a
larger body induces more Compton scattering) and the radiotracer activity (ftrue

and frandom have a linear and squared dependence on activity, respectively, see
Eqs. 2.2 and 2.4). For PET scanners, NEC is often plotted as a function of
radiotracer activity. This gives a characteristic curve that exhibits a maximum
at a certain activity. This is the tracer activity for which the NEC, and thus the
image SNR, is expected to be at its optimum value.
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(a) Conventional reconstruction (b) Time-of-flight reconstruction

Figure 2.7: Conventional and TOF reconstruction. The conventional reconstruc-
tion does not provide any information about the origin of the annihilation event
along the LOR in the region-of-interest (ROI). With TOF reconstruction, the mea-
sured difference in arrival times gives a probability distribution of this location.

2.2.4 Time-Of-Flight PET

In the previous section it was discussed that the background noise from random
events could be reduced by using detectors with a good timing resolution, such
that a small coincidence time window could be employed (see Eq. 2.4). This time
window can not be made as small as possible, since there is a finite time-of-flight
(TOF) difference between the gamma photons of an annihilation pair to reach the
detectors. Reducing the time window too much would effectively decrease the FOV
of the system. The detector ring diameter is typically 80 cm, and this distance is
traveled by a gamma photon in about 2.7 ns at the speed of light.

The position of the positron annihilation along the LOR could directly be de-
termined by accurately measuring the TOF difference of the two gamma photons.
In this way, an image of the radionuclide concentration could directly be gener-
ated without the use of a tomographic reconstruction algorithm. The accuracy
of the determined position along the LOR depends on the accuracy of the timing
measurement:

∆x =
c

2
∆t (2.6)

where ∆x is the position resolution, c the speed of light and ∆t the coincidence
timing resolution. The coincidence timing resolution is the resolution with which
the TOF difference between the two gamma photons of an annihilation pair is
measured by two PET detectors. To achieve a position resolution of 4 mm along the
LOR, a coincidence timing resolution of 27 ps would be required. At this moment,
such a resolution is impossible to obtain. A coincidence timing resolution of a few
hundred ps is possible, confining the positron position along the LOR to a line
segment (7.5 cm long for 500 ps coincidence timing resolution). It is at present
thus not possible to improve the spatial resolution by taking TOF information
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2.2 Positron Emission Tomography (PET)

into account. However, the confinement of the positron position along the LOR
is effective to reduce the statistical noise in the reconstructed image if the line
segment is shorter than the size of the emission source. This can be explained
as follows [6]: With non-TOF reconstruction, the image pixels along the LOR
are all incremented by the same amount, since there is no knowledge about the
position of the positron source along the LOR, see Fig. 2.7(a). During tomographic
reconstruction, the mean contribution to the pixels that do not correspond to
the positron position is removed7. However, the statistical fluctuations in the
measurement data can not be removed and add to the background noise in the
reconstructed image. With TOF reconstruction, only the image pixels close to the
positron event are incremented, see Fig. 2.7(b). The statistical fluctuations are
thus only introduced around the positron location.

The reduction in statistical noise leads to an improvement in image SNR. The
gain in SNR depends on the size of the emission source, and thus on the size of
the examined body Dbody [10]:

SNRTOF

SNRnon−TOF
≈

√
Dbody

∆x
=

√
2Dbody

c∆t
(2.7)

For whole-body imaging (Dbody ≈ 40 cm) and a coincidence timing resolution of
500 ps, this corresponds to a SNR gain of 2.3.

As pointed out in [6], the reduction in noise not only applies to true coincidence
events, but also to random and scattered coincidence events. For random and
scattered events, the effective size of the emission source (i.e., the size of the
examined body that would be reconstructed using just the random or scattered
events) is larger than for true events. This is shown in Figs. 2.6(b) and 2.6(c),
where the mis-positioned LORs from the scattered and random events can be
outside the region of the emission source. The reduction in noise will thus even be
larger for random and scattered events, according to Eq. 2.7.

Since system sensitivity also influences the image quality in terms of image
SNR, the inclusion of TOF information in the reconstruction can be considered
as an effective sensitivity gain. An increase in the coincidence timing resolution
for whole-body imaging thus improves the system performance in the same way
as an increase in detector efficiency or detector solid angle coverage would achieve
(Eq. 2.2). It was already discussed that system sensitivity was the most important
performance parameter for PET (section 2.2.2). This explains the very active field
of research into TOF-PET detectors for whole-body PET imaging.
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Figure 2.8: Measured SNR gain vs. BMI for small lesions (<2 cm) located in the
abdomen for a group of 100 patients. From [7].

Clinical effectiveness

While an easy estimation of the gain in SNR due to TOF information can be made
for a cylindrical water phantom with a uniform activity distribution (Eq. 2.7), this
is much more difficult to predict for a patient. The improvement in SNR gain
depends on the extent and distribution of positron activity in the patient body.
In [7], patient studies were performed to assess the effect of TOF reconstruction on
image quality, using a TOF-PET scanner with 590 ps FWHM coincidence timing
resolution (Siemens Biograph TruePoint PET/CT). A quantitative analysis of the
gain in SNR, as well as a subjective assessment of the image quality by nuclear
medicine physicians was performed. Fig. 2.8 shows the achieved gain in SNR
as function of patient body mass index (BMI) for tumors in the abdomen. The
SNR gain in the range of 1.1 to 1.8 and the variation with BMI are consistent
with the prediction according to Eq. 2.7. The improvement in image quality was
qualitatively confirmed by the physicians, who saw an improvement in resolution
of image detail, in the definition of small lesions and in image uniformity.

In [8], a 3D-mode TOF-PET scanner with 600 ps FWHM coincidence timing
resolution was used (Philips Gemini TF) to determine the improvement in image
quality in patient imaging. It was concluded that TOF information not only leads
to an improvement in effective sensitivity, but also to a higher contrast recovery at
matched noise level with faster and more uniform convergence of the tomographic
reconstruction algorithm. From this work, clinical images with TOF and non-TOF

7In the conventional filtered backprojection algorithm this is done by applying a filtering

procedure in the spatial frequency domain.
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2.2 Positron Emission Tomography (PET)

Figure 2.9: Representative transverse sections of 2 different patients: low dose CT
(left), non-TOF PET (middle), and TOF PET (right). (Top) Patient 1 with colon
cancer (119 kg, BMI = 46.5) shows a lesion in the abdomen much more clearly in
the TOF image than in the non-TOF image. (Bottom) Patient 2 with abdominal
cancer (115 kg, BMI = 38) shows structure in the aorta much more clearly in the
TOF image than in the non-TOF image. From [8].

reconstruction of two heavy patients with cancer are shown in Fig. 2.9. Improved
structural detail can be observed in the TOF reconstructions for both cases.

2.2.5 Multi-modality imaging

Recently, the majority of new clinical PET scanners have been associated with
a CT scanner. The combination of both complementary techniques allows to
coregister molecular information from the PET data with anatomic information
from the CT data, thereby improving the sensitivity and specificity of PET for
lesion detection. In addition, the CT scan can be used to correct for the gamma
photon attenuation in PET (attenuation correction), eliminating the need for time
consuming PET transmission scans.

The combination of PET and MRI is also interesting for clinical applications.
The excellent soft-tissue contrast of MRI and the multifunctional imaging options,
such as spectroscopy, functional MRI (fMRI) and arterial spin labeling, comple-
ment the molecular information of PET [23]. However, the integration of PET
and MRI for simultaneous imaging is technologically much more challenging than
PET-CT. The PET detector needs to be compact and insensitive to magnetic
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fields, while it should not interfere with the magnetic field gradients and radiofre-
quency pulses of the MRI system. Nevertheless, MRI-compatible PET inserts have
already been constructed and are applied in brain imaging, such as in [24].
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