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Abstract Single-photon emission computed tomography
(SPECT) allows the three-dimensional visualization of
radioactivity within the human body and is widely used
for clinical purposes. In SPECT, image quality is compromised by several factors including photon attenuation,
photon scatter, the partial volume effect, and motion
artefacts. These variables also confound the capacity of
SPECT to quantify the concentration of radioactivity within
given volumes of interest in absolute units, e.g. as
kilobecquerels per cubic centimetre. In the last decade,
considerable technical progress has been achieved in
SPECT image reconstruction, involving, in particular, the
development of iterative image reconstruction techniques.
Furthermore, hybrid cameras integrating a SPECT camera
with an X-ray CT scanner have become commercially
available. These systems allow the acquisition of SPECT
and CT datasets registered to each other with a high
anatomical accuracy. First studies have shown that iterative
SPECT image reconstruction techniques incorporating
information from SPECT/CT image datasets greatly increase the accuracy of SPECT in quantifying radioactivity
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concentrations in phantoms and also in humans. This new
potential of SPECT may improve not only diagnostic
accuracy, but also dosimetry for internal radiotherapy.
Keywords SPECT . SPECT/CT . Hybrid imaging .
Dosimetry . Quantification . Absolute quantification

Introduction
Single-photon emission computed tomography (SPECT)
and positron emission tomography (PET) allow the visualization of the distribution of radioactivity within the human
body. Both modalities are widely used for clinical purposes
(for reviews, see for example Bockisch et al. [1], von
Schulthess et al. [2]). SPECT and PET also hold the
promise to exactly quantify the concentration of radioactivity within a given volume of tissue in absolute units, e.g.
as kilobecquerels per cubic centimetre. This process is
compromised by photon scatter [3–5], photon attenuation
[6–9], and partial volume artefacts [10, 11]. In PET, options
to correct for these confounding variables were developed
and validated several decades ago (for reviews, see for
example Schelbert et al. [12], Boellaard et al. [13]) owing
to the technical advantages offered by positron decay and
coincidence detection. In SPECT, technical progress in that
regard has been considerably slower with various reports
emphasizing the lack of quantitative ability [14–16].
In the present article, we review recent progress in that
field for SPECT. For orientation, a simplified diagram of
the image formation chain for quantitative SPECT is given
(Fig. 1). We start our review with the reconstruction that
nowadays incorporates many correction methods mentioned in the later paragraphs. We then focus on attenuation,
scatter, and partial volume effects. In each of the paragraphs
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Fig. 1 Illustration of a simplified
image formation chain. The image
of the true activity distribution is
confounded by several effects,
including attenuation, scatter,
partial volume, and motion. The
SPECT reconstruction, along with
corrections for the mentioned
effects, delivers a measured, threedimensional count distribution.
With a calibration step, the count
distribution is translated into a
measured activity distribution

a short explanation of the underlying effect and an
overview of correction techniques are given. In addition,
we briefly outline a calibration technique. We conclude
with a discussion of the potential of SPECT quantification
for clinical applications and present some validation
studies.
In general, we assume in the following that the kinetics
of the activity distribution that is of interest are slow with
respect to the imaging time. If this is not the case,
significant quantification errors could occur and other
approaches such as dynamic SPECT may be beneficial
[17].

employs absorptive parallel-hole collimation. This effect,
known as the geometric response function, can easily be
incorporated as a mathematical model into an iterative
reconstruction—in contrast to FBP.
The intrinsic effects of the detector are characterized
by the intrinsic response function. This function mainly

Quantitative reconstruction
In general, two main families of reconstruction techniques
are commonly used in clinical emission CT: non-iterative
(e.g. filtered back-projection, FBP) and iterative methods.
Despite its higher demands on computation, iterative
reconstruction seems to be superior for quantification than
non-iterative methods. In principle this is mainly due to the
ability to implement corrections and system modelling
methods more readily in iterative reconstruction than in
non-iterative methods. Consequently, several publications
have reported higher quantitative accuracy of iterative
reconstructions than of non-iterative methods [18–20].
In the following the most important parts of the system
modelling are explained (Fig. 2). In general, the application
of such models in reconstruction leads to improved system
resolution and quantitative accuracy.
As an example, one assumption of the FBP algorithm is
that the sensitive volume of one collimator hole is of
cylindrical shape. However, in reality, the sensitive volume
is more cone-shaped. As a result, the system resolution,
defined as full-width at half-maximum (FWHM) of a point
source, depends approximately linearly on the distance
between the source and detector for a gamma camera that

Fig. 2 Simplified illustration of some components that form the
collimator–detector response function. The geometric response function
(lower left) models source-to-collimator distance effects (the measured
response in the crystal varies with source-to-collimator distance). The
intrinsic response function (upper left) describes the effects of
interactions in the detector crystal itself (the point source is collimated
to form a pencil beam). The septal scatter function (upper right) and
septal penetration function (lower right) model the interactions between
gamma radiation and the collimator
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describes the effect of scatter in the crystal itself and the
uncertainty in the position estimation of a detected
photon.
In SPECT imaging a compromise between collimator
efficiency and image quality has to be made. Thicker
collimator septa reduce the amount of septal penetration;
however, they also reduce the efficiency of the collimator
by covering the sensitive area of the detector. As a result of
the compromise made, a certain amount of septal penetration is allowed (e.g. 5%). In general the probability that
photons penetrate the septa of the collimator is described by
a septal penetration function, and this can be incorporated
to correct for the effect.
Another possible interaction between the photons and
collimator septa is scatter. The probability that photons are
scattered by the septa is modelled by the septal scatter
function; this is in general more important for medium and
high-energy nuclides.
The combination of the four parts of the response
function (see Fig. 3) is known as the collimator–detector
response function. It is used to correct for the effects
described above in the reconstruction step and consequently
helps to improve system resolution and quantitative
accuracy.
Analytical corrections for the response functions that can
be implemented in non-iterative techniques are possible.
However, there are several studies that have shown that
superior resolution and improved quantitative accuracy can
be achieved when corrections are implemented using
iterative reconstruction techniques [21–23]. For example,
Römer et al. [8] have reported the use of a threedimensional depth-dependent blur modelling (OS-EM 3D
reconstruction) in a clinical environment. A more detailed
review of the modelling of the collimator–detector response
function is beyond the scope of this article, but can be
found in reference [24].
For clinical SPECT quantification, iterative reconstruction
is the state of the art and is in general recommended.
Corrections for the geometric response and the intrinsic
response are thought to be more important than the
modelling of septal scatter and penetration (at least for
low-energy imaging) and if available, should be applied.
The improved spatial resolution will significantly decrease
the confounding effect of partial volume and will thus result
in higher quantitative accuracy in the imaging of small
structures.

Attenuation correction
SPECT images are grossly affected by attenuation artefacts.
In the case of SPECT imaging the probability PDet that a
gamma quantum emitted at d reaches the detector at

position D (assuming that it is emitted in the proper
direction) is calculated according to Eq. 1 (see Fig. 4 for
a simplified illustration):
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The integral covers essentially the path of the radiation
from its origin through the object, to the location of
detection.
The probability of detection in SPECT consequently
depends on the (unknown) location of the decay d and on
the linear attenuation coefficients μ(r) of the object. In
contrast, in PET imaging the probability only depends on
the line of response (LOR) where the decay happened, and
not on the exact location in this LOR. For the correction of
the attenuation effect in the reconstruction step, the spatial
distribution of the attenuation coefficients of the examined
object for the photon energy of the radionuclide used needs
to be known. Several methods for obtaining attenuation maps
have been employed. The maps can be estimated, if the
contours of the object (e.g. via rough segmentation of the
SPECT image) and the attenuation coefficients are known
(e.g. attenuation coefficient of water). The object can be
assumed to be homogeneous with regard to this coefficient
(Chang’s correction [25]). This method is still very successfully applied to SPECT imaging of the brain, where one
class (soft brain tissue) predominates. However, it is not very
accurate for SPECT imaging of the thorax and pelvis, where
large amount of other tissues (e.g. lung and bone) are
present. Another way of generating the attenuation maps is
through a simple transformation of a transmission scan. The
transmission images need to be converted to attenuation
factors at the effective energy of the emission scan (140 keV
for 99mTc), and corrected for the spatial registration between
the emission and transmission images. The resulting attenuation map can be easily integrated into common iterative
reconstruction techniques for SPECT images.
Before the introduction of hybrid SPECT/CT devices,
radionuclide (source-based) transmission measurements (e.g.
153
Gd, 99mTc, 133Ba) were commonly employed. These
source-based methods have the advantage that the same
detector can be used for both the emission and the
transmission scans, which makes the methods very
cost-efficient. However, these detectors are disadvantageous
for the image quality of the transmission scan, due to a poor
signal-to-noise ratio and due to a limited spatial resolution.
Furthermore, due to radiation safety considerations, only
relatively weak transmission sources are used, which result in
lengthy transmission scans, lasting 10 min and more, with
further limitations to count statistics. Poor tissue contrast at
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Fig. 3 The combination of
models for the intrinsic response
and geometric response, and
for septal scatter and septal
penetration is called the
collimator–detector response
function. It can be integrated
into the (iterative)
reconstruction step

the relatively high photon energies of the transmission source
(100–400 keV) limits the effectiveness of these images for
image fusion even further compared to effective photon
energies of an X-ray CT (40–90 keV).
With the advent of hybrid SPECT/CT, and thus the
availability of highly correlated high-quality X-ray CT
transmission scans, it is now standard to use these scans not
only for fused viewing, but also for attenuation correction.
The CT scans, usually in Hounsfield units, have to be
converted to linear attenuation coefficients at the respective
photon energy. It is important to note that the transformation of the CT transmission image to attenuation factors at
the effective energy of the emission scan can introduce
errors [26]. First, the transformation is specific for different
acceleration voltages and beam filters of the CT scanner.
Second, the polychromaticity of the X-ray beam also
introduces artefacts, mainly caused by beam hardening.
Patient motion that occurs between the emission and
transmission acquisitions in a hybrid system can lead to
artefacts, which in turn can lead to false readings of the
SPECT images. Manual post-registration could help to
prevent such artefacts [27].
Attenuation correction is obligatory for accurate
SPECT quantification. Methods that rely on the segmentation of contours in SPECT are sufficient for SPECT
quantification in “easy” anatomies such as the brain.
However, attenuation correction by SPECT/CT seems to
have become the clinical standard and is highly recommended for quantification.
Fig. 4 Simplified illustration
for the detection of a decay
event. The signal from the decay
at position d is decreased by
attenuation effects. The amount
of attenuation depends on the
(spatially varying) linear attenuation coefficients μ(x,y,z) and
on the distance between the
detector and the decay, namely
on |D−d|

Scatter correction
In another assumption implied by the simple reconstruction
used in “early” SPECT, crosstalk between the individual
lines of response of a collimator was neglected. This
assumption fails if photon scatter occurs (which necessarily
is always the case). Scatter correction is another important
requirement for (quantitative) SPECT imaging. Scattered
radiation is produced when gamma quanta emitted from
decaying nuclei interact with surrounding atoms. Compton
scattering is the prevalent scatter process in the energy
range of clinically utilized radiotracers.
The energy ES of the scattered photon depends only on
the scattering angle φ and is given by Eq. 2, where E0 is the
energy of the photon before scattering and mec2 the invariant
mass of the electron. The energy transfer thus does not
depend on the density or atomic number of the absorbing
material. However, the total probability that a photon is
scattered by this effect depends heavily on the properties of
the absorbing material, most importantly electron density.
As seen in Eq. 2, the gamma quanta lose energy and
change their momentum and direction in the scatter process.
Because of the intrinsic energy resolution of the detector,
the system cannot discriminate between unscattered quanta
and quanta that have lost a small amount of energy in the
scatter process. As a consequence some scatter is allowed
into the image formation.




Es ¼ E0 = 1 þ E0 =me c2  ð1  cosð 8 ÞÞ
ð2Þ
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In simple FBP with parallel-hole collimation, it is
assumed that the decay takes place exactly perpendicular
to the detection plane and detection location. For the
detected scatter quanta, because of the change in direction,
not only the distance between the decay and the location of
detection along the LOR is unknown, but also the correct
position of the LOR itself. However, not all information
about the originating nuclei is lost. Scattered radiation is
therefore often understood as anisotropic noise that reduces
the quality of the SPECT image.
There are a variety of methods to correct for scattered
radiation. Some of them are “passive” methods: For
example, the photopeak energy window could be narrowed
or the lower discriminator cut-off of the window could be
increased in order to avoid accepting scattered photons.
Koral et al. [28] reported improved quantitative accuracy
with this technique. A significant drawback of this method
is that unscattered photons are also rejected due to the
limited energy resolution of the gamma camera. Even with
a relatively small energy window of ±5 keV for 99mTc
(140 keV), on the basis of Eq. 2, photons with scatter
angles of up to 30° are still accepted. More common
approaches utilize dual [3], triple [29] and even multiple [4]
energy windows. The additional scatter energy windows are
placed below or above the photopeak energy window; the
scatter images are acquired simultaneously with the photopeak image. For each pixel of the projection image, the
amount of scattered radiation in the photopeak window
image is estimated from the scatter window images.
Subsequently this amount can be subtracted from the
projections or incorporated into the iterative reconstruction.
Besides the simple multiple energy window approach,
there are a multitude of other approaches for estimating and
correcting for scattered radiation (for an overview see
reference [30]). Despite the diversity in the methods
employed, many reports stress the importance of accurate
scatter correction for quantitative SPECT. Shcherbinin et al.
[31] and Vandervoort et al. [32] incorporated a method
based on the work of Wells et al. [33] in their iterative
reconstruction forward projection step that utilizes the
Klein-Nishina formula, and reported an improved quantitative accuracy in phantoms measurements. Monte-Carlo
methods seem to promise even more accurate results [34–
36]. However, their application in clinical practice is still
limited due to the high computational costs and patient
specificity.
Many scatter correction techniques are available; unfortunately, only very few are applicable in a clinical environment.
Despite their simplicity, dual or multiple energy window
approaches can be recommended due to their ability to correct
for scattered radiation and their ease of application. The
results from the scientific literature (see Validation
studies) for in vivo quantification support this recommen-

dation. The superiority and applicability of the more
sophisticated techniques in daily clinical usage still have
to be proven.

Partial volume correction
Partial volume effects are caused by the limited spatial
resolution of emission tomography devices. Regions of
interest (ROIs) in structures with heterogeneous activity
distribution below approximately twice the FWHM of the
spatial resolution are degraded: Their activity is either underor over-estimated, depending on the combination of “spill-in”
and “spill-out” effects. Spill-in refers to the effect that activity
from outside the ROI or structure due to the limited spatial
resolution is integrated into the ROI: The activity inside the
ROI is increased. Spill-out is understood as the activity of the
ROI/structure is distributed over the borders (again due to the
limited spatial resolution) and therefore “lost” for the
quantification of that structure: The activity inside the ROI
is decreased. The degree of the partial volume effect depends
on the (spatially varying) system resolution of the imaging
system, the patient (e.g. motion), and the true distribution of
radioactivity in the image.
In SPECT systems, the image spatial resolution (which,
in the following, is understood as the FWHM of a point
source) is limited mainly by collimator performance. Unlike
PET, SPECT utilizes absorptive collimation to identify the
direction of the photon LOR. Only a small fraction of the
gamma quanta that hit the collimator surface pass through
it. This leads to heavily limited detection efficiency when
compared to PET systems (see for example Cherry et al.
[37] p. 340). Since there is a trade-off between spatial
resolution and detection efficiency, SPECT collimators are
typically designed with the maximum allowable resolution
in order to partially compensate for the limited detection
efficiency.
Besides the collimator design and geometry, the achievable
spatial resolution is also influenced by the intrinsic resolution
of the detector (the spatial resolution of the detector itself,
without a collimator). Today, most SPECT detectors are made
of a single crystal plate of NaI that illuminates an array of
photomultipliers. The intrinsic resolution of the detector is
influenced by the photopeak energy of the imaged
radionuclide and the crystal thickness. Higher gamma
quantum energy leads to better intrinsic resolution (due
to a higher scintillation light output). A thicker crystal
increases the intrinsic resolution (due to the broader
spread of the scintillation light before it can exit the
crystal).
Clinical SPECT detectors typically provide an intrinsic
spatial resolution in the range 3–5 mm for 99mTc. However,
the image resolution for the SPECT system depends highly
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on the collimator design and the source-to-collimator
distance. For parallel-hole collimation of 99mTc and typical
source-to-collimator distances, it commonly ranges from 7
to 15 mm FWHM, which is considerably lower (higher
FWHM) than that seen in PET (2–5 mm FWHM). By
applying other collimator geometries, e.g. (multi)pinhole,
even higher spatial resolution (lower FWHM) than in PET
can be achieved [38]. Branderhorst et al. [39] report
submillimetre (FWHM) resolution for their small-animal
SPECT camera using 99mTc. However, these collimator
geometries still seem to be used more frequently for smallanimal studies than in clinical practice. A more detailed
description of collimator geometries can be found in
reference [37].
Approaches to partial volume correction can be divided
into two groups: those that need additional information (e.g.
CT, MRI) on the structures that are imaged, and those that
work solely on the emission images. (In the following, the
ratio of apparent activity concentration to true activity
concentration is called recovery coefficient.) A simple to
achieve and thus common post-reconstruction approach in
the latter group is founded in experiments with physical
phantoms, simulation studies or theoretical derivations.
Based on the approaches of Hoffman et al. [40] and Kessler
et al. [10], recovery coefficients for simple geometries (e.g.
spheres, discs, cylinders) can be estimated and consequently can be used to calculate the true amount of radioactivity
in such structures. Several groups have reported improved
quantification accuracy using this approach [7, 11, 41]. A
known limitation of this method is the sole applicability to
simple geometries; in general, the distribution of the
radioactivity might not follow this assumption. Seo et al.
[42] have reported an accuracy of 10% for 111In with their
implementation of a deconvolution-based partial volume
correction in lesions with a volume down to 8 ml.
All approaches that finally lead to an improved spatial
resolution of the imaging system help avoid partial volume
effects. Thus, for example, the methods described in the
section Quantitative reconstruction which incorporate information about the system’s collimator–detector response
function could, to some extent, be understood as a partial
volume correction technique. For example, Hutton and Lau
[43] implemented their version of detector–response modelling in the ML-EM and OS-EM reconstruction and found
improved accuracy for the simulated MCAT phantom.
The other group of methods incorporate structural
information in the form of segmented MR or CT images
in the partial volume correction step. The segmentation can
be fully automatic or manual by the definition of ROIs.
Pretorius and King [44] applied a method based on the
work of Da Silva et al. [45] and Tang et al. [46] that
incorporates multiple two-class segmentations (regions with
activity and regions without activity) of coregistered

myocardial CT images on the MCAT phantom. They
reported improved visual characteristics as well as a higher
quantitative accuracy of the corrected SPECT data.
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An evolution of the above approach is the geometric
transfer matrix (GTM) method first applied by Rousset et
al. [47, 48] in brain PET studies. It allows an almost
arbitrary number of regions (n) with homogeneous activity
distribution. The observed activity ti of a certain tissue class
i is assumed to be a linear combination of the true activities
Tj of all other tissues classes j=1…n. The spatial definition
of the regions is commonly done on segmented CT or MRI
images. The ωij represent the regional transfer coefficients:
The diagonal terms represent the spill-out of every region;
the off-diagonal terms define the spill-in of other regions.
The ωij can be computed from the defined regions and the
point spread function of the imaging system. In the end one
should get a full-rank transfer matrix. The true activities Tj
can be computed by solving the linear equation defined in
Eq. 3.
Du et al. [49] compared variants of the GTM approach to
uncorrected images in a physical brain phantom filled with
99m
Tc and found a strong reduction in the bias induced by a
partial volume effect. Soret et al. [50] studied the effect of
the GTM approach on 123I again using a physical brain
phantom and segmented CT acquisitions. For uncorrected
images and small structures (e.g. the putamen) they found
an underestimation of up to 50% compared to the true
activity concentration. The application of the partial volume
correction leads to an overestimation of about 10%, which
could be considered to be a significant improvement.

Calibration

SVol



R
T0  Tcal
¼
 exp
 1n2
VVOI  cVol
T1=2


Tacq

 1n2
T1=2


1
Tacq
 1  exp 
 1n2
T1=2

ð4Þ

The calibration of the SPECT imaging system volume
sensitivity SVol (e.g. in cps/Bq) (Eq. 4) is the final
requirement for absolute quantitative imaging. This is
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typically obtained by a correlation of the results with a
calibrated well counter. The principle is briefly outlined
here; details can be found in, for example, the NEMA
protocols [51]: A large (to avoid partial volume effects)
cylindrical phantom with known activity concentration cVol
(in Bq/ml) is scanned. Corrections for attenuated and
scattered photons are applied in reconstruction. A large
VOI with volume VVOI (in ml) is placed in the reconstructed image. T0 is the start time, and Tacq the duration of
the acquisition. T1/2 is the half-time of the radionuclide used
and Tcal the time of the activity calibration. R (in cps)
represents the counting rate measured in the VOI. Finally,
according to Eq. 4, a calibration factor from detected counts
per second to becquerels is derived.
The calibration factor is specific for every radionuclide
as well as to different intrinsic detector sensitivities and
collimators used. Due to nonlinearities of the detector at
different count rates and dead time effects at high activities,
count rate-dependent calibration factors for the same
radionuclide can sometimes be beneficial. Most notably
these effects will be stronger for high-energy radionuclides;
for example, Dewaraja et al. [52] have reported the effects
of dead-time and pulse pile-up on quantitative SPECT with
therapeutic activities (2–6 GBq) of 131I.

Clinical applications
Among the applications that benefit most from absolute
quantification is individualized dosimetry for planning and
monitoring of therapies with internally applied radionuclides; see, for example, Geworski et al. [53]. Dewaraja
et al. [54] stress the importance of SPECT dosimetry for
therapy with 131I-tositumomab. Sandström et al. [55]
performed a dosimetric study in 24 patients treated with
177
Lu-DOTA-D-Phe1-Tyr3-octreotate with SPECT and
planar imaging, and concluded that the SPECT-based
method is more accurate. An extensive list of groups that
apply SPECT dosimetry can be found in the review article
by Flux et al. [56].

simulation and within 4% for the phantom study. Da Silva
et al. [58] reported an error of 8% in an anthropomorphic
phantom with a cardiac insert for 99mTc.
Unfortunately there are only a very few reports of
absolute SPECT quantification in vivo. Zeintl et al. [59]
evaluated the activity of 99mTc DPD in the bladder of 16
patients. The reference activity was determined by the
measurement of the activity concentration in the urine
immediately after SPECT imaging. They found an average
deviation of 6.8% between the activity concentration obtained
in SPECT and well counter measurements, applying their
version of corrections for physical effects. In another in vivo
study, Da Silva et al. [45] evaluated the accuracy of absolute
quantification of 99mTc-sestamibi in the myocardium of eight
pigs. There was a deviation of 10% between the SPECT
quantification (with their version of partial volume and
attenuation correction) and the ex-vivo activity concentration
of the excised myocardia. Quantification in humans has been
reported by Willowson et al. [60]. They studied 99mTcmacroaggregated albumin in lung perfusion in 12 patients,
and found an average error of 2.6% (ranging from −7% to
+4%) with scatter, attenuation and partial volume correction.
Macroaggregated albumin is thought to be trapped almost
entirely in the capillaries of the lung; thus the total activity in
the lung was compared to the injected activity. Almeida et al.
[61] evaluated the quantitative accuracy of the striatal uptake
of 123I-labelled epidepride in Papio anubis baboons. They
validated their results using PET acquisitions of 11C-labelled
epidepride in the same animals and found a deviation for
defined ROIs of less than 10% between the two modalities
using corrections for attenuation, scatter and partial volume.

Conclusion
A survey of the current literature (Fig. 5) as well as our own
work shows that SPECT can be quantitative with errors of

Validation studies
Many reports have shown that accurate absolute quantification is possible. The majority of the methods were
evaluated in phantom or simulation studies. Recently,
Shcherbinin et al. [31] reported between 3% and 5% errors
in a study on a torso phantom for the isotopes 99mTc, 123I,
131
I, and 111In. Du et al. [57] achieved an error of 2% for
123
I in a brain phantom. In simulation studies on the MCAT
cardiac torso phantom and on a 99mTc-filled torso phantom,
Vandervoort et al. [32] achieved an error of 8% in the

Fig. 5 Overview of the accuracy of SPECT quantification from
studies reported in the literature (blue bars phantom studies, red/
orange bars in vivo studies)
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less than 10% even in a clinical environment. It requires
careful set-up and calibration, as well as state-of-the art
SPECT/CT systems and iterative reconstruction software
able to accurately model the imaging physics, and to
compensate for image-degrading factors (including attenuation, scatter, and partial volume).
Most of the work has been done using 99mTc tracers, and
it is not clear how the absolute quantification in SPECT for
other clinical set-ups (e.g. 99mTc DPD uptake in human
bone, or 131I uptake in the thyroid gland) could be
evaluated and validated. For a variety of reasons the
quantitative accuracy with high-energy radionuclides still
falls behind the accuracy with low-energy radionuclides.
Nevertheless, there are also some limitations on the
applicability in clinical routine. Many methods rely on
complicated manual procedures. More work is needed to
enable intelligent automation. In order to further reduce
quantification errors, the incorporation of better imaging
models in the reconstruction to allow better compensation
for physical effects and patient-induced artefacts (e.g.
motion) seems to be mandatory.
In general, more sophisticated phantom and animal
experiments seem to be the way to go. Yet the goal of
routine application of absolute quantification in clinical
SPECT imaging is in the reachable range.
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