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“We do not know the true value of our moments
until they have undergone the test of memory.”

— Georges Duhamel
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ABSTRACT

Bone single-photon emission computed tomography (SPECT) combined with X-ray
computed tomography (SPECT-CT) is expected to replace planar bone scintigraphy
(BS) as the routine method for imaging bone metastases. In preparation for this
change, this thesis aimed to optimize and validate novel SPECT-CT methods, in-
cluding fast whole-body image acquisition using a cadmium-zinc-telluride (CZT)
SPECT-CT system, reprojected bone SPECT-CT (RBS), and quantitative SPECT.

Fast image acquisition was optimized by comparing the sensitivity and speci-
ficity between SPECT images acquired from the same patients with 50-, 32-, 26-,
and 16-min acquisition times. RBS was validated by comparing the sensitivity and
specificity between BS and RBS images of the same patients. Quantitative SPECT
was validated by comparing standardized uptake values (SUVs) of the same bone
metastases between SPECT and positron emission tomography (PET).

The average patient-level sensitivities for the 50-, 32-, 26-, and 16-min images
were 88, 92, 100, and 96%, respectively, and the corresponding specificities 78,
84, 84, and 78%, respectively. The average patient-level sensitivities for BS and
RBS were 75 and 87%, respectively, and the corresponding specificities 79 and 39%,
respectively. SUVs correlated strongly (𝑅2 ≥ 0.80) between SPECT and PET.

Whole-body bone SPECT-CT can be performed using a CZT system in less than
20 min without loss of diagnostic performance. Whole-body bone SPECT-CT can
be reprojected into planar images with excellent sensitivity but limited specificity for
identifying bone metastases. The strong correlation of SUVs between SPECT and
PET demonstrates that SPECT SUVs are feasible for uptake measurements in bone
metastases.

KEYWORDS: SPECT, SPECT-CT, bone, metastasis
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TIIVISTELMÄ

Luuston yksifotoniemissiotomografian (SPECT) yhdistettynä tietokonetomografiaan
(SPECT-TT) odotetaan syrjäyttävän tasokuvauksen rutiinimenetelmänä luustoetä-
pesäkkeiden kuvantamisessa. Tämän muutoksen innoittamana tämä väitöskirja pyrki
optimoimaan ja validoimaan uusia SPECT-TT-menetelmiä, kuten nopea koko ke-
hon kuvaus kadmium-sinkki-telluuri-SPECT-TT-laitteella, SPECT-TT kuvista las-
ketut tasokuvat ja kvantitatiivinen SPECT.

Nopea kuvaus optimoitiin vertaamalla herkkyyttä ja spesifisyyttä samoista poti-
laista 50, 32, 26 ja 16 min kuvausajoilla otettujen SPECT-kuvien välillä. Lasketut
tasokuvat validoitiin vertaamalla herkkyyttä ja spesifisyyttä samojen potilaiden ku-
vattujen ja laskettujen tasokuvien välillä. Kvantitatiivinen SPECT validoitiin vertaa-
malla samojen luustoetäpesäkkeiden standardoituja kertymäarvoja SPECT- ja posit-
roniemissiotomografia (PET) -kuvien välillä.

Keskimääräiset potilastason herkkyydet 50, 32, 26 ja 16 min kuvilla olivat 88,
92, 100 ja 96 % ja spesifisyydet 78, 84, 84 ja 78 %. Keskimääräiset potilastason
herkkyydet kuvatuilla ja lasketuilla tasokuvilla olivat 75 ja 87 % ja spesifisyydet 79
ja 39 %. Standardoidut kertymäarvot korreloivat vahvasti (𝑅2 ≥ 0.80) SPECT- ja
PET-kuvien välillä.

Koko kehon luuston SPECT-TT voidaan kuvata kadmium-sinkki-telluuri-lait-
teella alle 20 minuutissa ilman diagnostisen suorituskyvyn menetystä. Koko ke-
hon SPECT-TT-kuvasta voidaan laskea tasokuvat, joilla on erinomainen herkkyys
mutta rajoitettu spesifisyys luustoetäpesäkkeiden tunnistamisessa. Vahva korrelaatio
SPECT- ja PET-kuvien standardoitujen kertymäarvojen välillä osoittaa, että SPECT-
kuvien standardoidut kertymäarvot soveltuvat kertymämittauksiin luustoetäpesäk-
keissä.

ASIASANAT: SPECT, SPECT-TT, luusto, etäpesäke
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1 Introduction

Metastasis is the ultimate and most lethal manifestation of cancer [1]. Most cancer
patients die because of their metastatic disease and not because of primary tumours
[2]. Metastasis occurs when a tumour spreads from a primary site to a distinct sec-
ondary site within another organ [1]. Bone is the most common site of metastasis for
many cancers [3–5].

Prostate and breast cancer cause most bone metastases, up to 70% [6]. This
reflects the high incidence and long clinical course of these diseases. Bone metas-
tases are a major cause of morbidity and are characterized by severe pain, impaired
mobility, pathological fractures, and spinal cord compression [6]. Imaging has an
important role in the detection, diagnosis, prognostication, treatment planning, and
follow-up monitoring of bone metastases. The earlier the metastases are discovered,
the better they can be treated [7].

Several different techniques can be used for imaging bone metastases. The tech-
niques are categorized into anatomical and functional imaging methods [8]. The
anatomical imaging methods include X-ray computed tomography (CT) and mag-
netic resonance imaging (MRI), and the functional imaging methods include planar
bone scintigraphy (BS), single-photon emission computed tomography (SPECT),
and positron emission tomography (PET). Functional imaging methods can detect
bone metastases several months before they are visualized via anatomical imaging
[9]. However, anatomical imaging is highly needed to characterize the nature of
functional imaging findings and to distinguish bone metastases from benign lesions
[10]. Hybrid imaging methods, SPECT combined with CT (SPECT-CT), PET com-
bined with CT (PET-CT), and MRI with diffusion-weighted imaging (DW-MRI),
integrate anatomical and functional imaging. Among the abovementioned imaging
methods, planar BS is the only two-dimensional (2D) method, while all the others
are three-dimensional (3D).

Planar BS has been the routine method for imaging bone metastases for several
decades [11–15]. The method is inexpensive and available in most hospitals. BS has
rather high sensitivity for detecting bone metastasis, but the specificity is limited [12,
16, 17]. This issue results in a decrease in diagnostic accuracy and often necessitates
additional imaging. A separate CT examination is typically used for radiological
confirmation of findings in BS images [18].

Currently, the imaging systems used for planar BS are also capable of SPECT-
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CT imaging [10]. SPECT-CT is a more sensitive and specific method than BS [19–
21], and SPECT-CT technology is being continuously developed [22]. SPECT-CT is
therefore becoming a favorable alternative to BS, possibly to the extent of replacing
BS as the routine method for the imaging of bone metastases [23]. However, the
use of SPECT-CT has generally been limited to partial-body imaging as an add-on
to whole-body planar BS [23]. The widespread adoption of whole-body SPECT-CT
has been hindered by the longer examination time and more complex image reporting
[10]. Currently, the time required for a whole-body SPECT-CT examination is often
more than 40 min, and for BS, it is approximately 15 min [24].

Fortunately, novel SPECT-CT methods have been introduced to overcome these
hindrances. Semiconductor detectors enhance the technical performance of imaging
systems, possibly allowing for shorter examination times [25]. Moreover, planar
reprojection makes 3D SPECT images appear similar to conventional 2D BS images
[26], facilitating the transition from routine planar BS to SPECT-CT.

The first two publications included in this thesis focused on increasing the practi-
cality of whole-body bone SPECT-CT. They aimed to optimize and validate SPECT-
CT images with shortened examination times and planar images produced by repro-
jection. The images were evaluated using data acquired from breast and prostate can-
cer patients at high risk for bone metastases. The patients underwent several different
imaging examinations, including planar BS, SPECT-CT, PET-CT, and DW-MRI. The
diagnostic accuracy of SPECT-CT images with shortened examination times and re-
projected planar images was validated against a reference diagnosis, which is mostly
based on PET-CT and DW-MRI. These are considered the most accurate methods
currently available for imaging bone metastases [19, 20, 27]. However, PET-CT is
more expensive and less available than SPECT-CT [28], and DW-MRI requires a
long examination time [29–31].

Conventional image interpretation of bone SPECT-CT is purely visual, which
means that no quantitation is performed [32, 33]. On the other hand, PET-CT rou-
tinely provides numeric values representing the rate of metabolism in bone metas-
tases [34–38]. Therefore, the third publication included in this thesis aimed to vali-
date quantitative SPECT as a novel method by comparing quantitative measurements
of bone metastases between SPECT and PET images.

This thesis begins with a literature review on the basic principles of BS, SPECT,
PET, CT, and MRI. Additionally, theoretical aspects and previous research on novel
SPECT-CT methods are revised. The remainder of this thesis is a summary and
discussion on the experimental work aiming to optimize and validate novel meth-
ods, which include semiconductor detectors, planar reprojection, and quantitative
SPECT.
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2 Review of the Literature

2.1 99mTc-labeled Bisphosphonate

Both planar BS and bone SPECT begin with intravenous injection of the radiophar-
maceutical 99mTc-labeled bisphosphonate [24]. 99mTc is a radionuclide with a physi-
cal half-life of six hours [39]. 99mTc decays to 99Tc by isomeric transition and emits
one 140-keV gamma ray per decay [40]. The activity of the radiopharmaceutical
agent is usually between 500 and 1100 MBq at the time of injection [41].

The radiolabeled bisphosphonates injected into the blood circulation adsorb to
the surface of hydroxyapatite crystals in proportion to local bone vascularization and
osteoblastic activity. The maximum bone accumulation is reached 1 h after the in-
jection and remains practically constant for up to 72 h [24]. However, imaging is
delayed for at least another hour to allow clearance of unbound radiopharmaceutical
into the urine. Four hours after injection, approximately 60% of the injected radio-
pharmaceutical is fixed in the skeleton, 34% is excreted in the urine, and only 6%
remains in the circulation [24].

2.2 Planar BS

Imaging is performed 2–4 h after the injection using a SPECT or SPECT-CT system
[41]. Both systems consist of a patient bed and typically two gamma camera detector
heads [42]. A SPECT-CT system additionally includes an integrated CT scanner,
which is not used in a planar BS examination. The patient lies on the bed, which is
moved between the detector heads, and the gamma rays emitted from the patient are
measured.

A detector head consists of a lead collimator, the detector itself, and electronics
[43]. A collimator ensures that only perpendicularly arriving gamma rays reach the
detector by absorbing oblique gamma rays [44]. Most of the gamma rays are either
emitted away from the detector head or absorbed by the collimator. Only 0.01% of
the emitted gamma rays reach the detector [45]. The collimator consists of 1–2 mm
wide and 20–40 mm long holes separated by 0.1–0.2 mm thick lead septa [46]. These
are the parameters of a typical low-energy high-resolution collimator used in BS and
bone SPECT. Collimators for other applications include, for example, high-energy
collimators with thicker septa and longer holes and high-sensitivity collimators with
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Collimator

Detector

Electronics

Object

Figure 1. Structure of the SPECT system detector head. The arrows denote gamma rays emitted
from the object.

shorter and more numerous holes.
The detector converts gamma rays into an electric signal. The details of the de-

tector structure are discussed in section 2.4.1. The electronics contain the circuits
required for determining the gamma-ray energy and position on the surface of detec-
tor. The image is then formed as the 2D distribution of the gamma rays absorbed by
the detector. A schematic of the detector head is shown in Figure 1.

Planar BS is usually performed as a whole-body examination and requires cov-
ering an area up to 50 cm × 200 cm. However, the typical field-of-view (FOV) of
a gamma camera is only 50 cm × 40 cm [46]. Covering the entire skeleton there-
fore requires the acquisition of multiple FOVs. These separate FOVs are acquired by
moving the bed. The movement can be either continuous or stepwise.

In a planar BS examination, two images are acquired using two detector heads.
One is acquired from the anterior side of the patient, and the other from the pos-
terior side (Figure 2) [24]. These images are essentially 2D projections of the 3D
activity distribution within the patient. However, projections are affected by various
physical phenomena, including gamma-ray attenuation and scattering in tissue [47].
Furthermore, the spatial resolution of the collimator decreases as the distance to the
emission source increases [48]. Image acquisition requires consideration of several
technical factors, including acquisition time, matrix size, and energy window.

13
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Figure 2. Anterior (left) and posterior (right) planar BS images of a 50-year-old breast cancer pa-
tient with visible bone metastases in spine and rib.
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Acquisition Time

The required acquisition time depends on the injected activity, patient body weight,
and desired image noise level. A higher injected activity increases the rate at which
gamma rays are emitted and detected. The required acquisition time is therefore
inversely proportional to the injected activity [49]. A greater patient weight increases
gamma-ray attenuation in tissue, and fewer gamma rays reach the detector. A longer
acquisition time or higher injected activity is therefore required for larger patients.

Image noise is inversely proportional to the square root of the number of detected
gamma rays [50]. Instead of adjusting the acquisition time or injected activity sep-
arately for each patient, they can be set constant such that the image noise level is
acceptable for larger patients and better for smaller patients. The speed of the contin-
uous movement or time per view in stepwise acquisition defines the total acquisition
time of a BS examination. The typical acquisition time for a 70 kg patient with 700
MBq injected activity is 15 min.

Matrix Size

The image matrix size is 256 × 1024 or 512 × 2048 [24]. A larger matrix has a
smaller pixel size, which allows for improved spatial resolution but also increases
noise [51]. The pixel size is typically 2–5 mm, which is close to the intrinsic spatial
resolution of the detector [48]. A larger matrix size also requires more computing
power, especially in SPECT [52].

Energy Window

The energy window specifies the accepted energy range of the detected gamma rays.
Gamma rays scatter and change direction within the body, leading to the loss of
energy during the process. The most relevant scattering phenomenon is Compton
scattering, in which the gamma-ray energy decreases such that:

𝐸′ =
𝐸

1 + 𝐸
511 keV(1− cos 𝜃)

, (1)

where 𝐸′ is the energy of the scattered gamma ray, 𝐸 is the energy before scattering,
and 𝜃 is the scattering angle [53].

Energy window setting provides a means to discriminate against gamma rays that
have been scattered within the body and therefore lost their positional information.
By choosing a relatively narrow energy window centred at 140 keV, only gamma
rays that undergo no scattering or small-angle scattering will be accepted. The en-
ergy resolution of a typical scintillator-based SPECT detector is 10%, determined as
the full width at half maximum (FWHM) of the measured photopeak. The energy
window is usually 15 or 20% wide [54].
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2.3 Bone SPECT and SPECT-CT
The limited depth information of BS hinders accurate anatomical localization of
radiopharmaceutical uptake. This limitation can be overcome using bone SPECT,
which is essentially BS extended into three dimensions [18]. SPECT is a tomo-
graphic imaging method, in which a 3D object is viewed as a stack of 2D slices
[55, 56].

The radiopharmaceutical principle is the same for BS and bone SPECT [57]. In
fact, bone SPECT is typically performed immediately after planar BS as a comple-
mentary examination. The technical considerations listed for BS also apply to bone
SPECT. However, a longer acquisition time may be required in bone SPECT than in
BS, and the matrix size is reduced to 128 × 128 [24].

The most obvious difference between BS and SPECT acquisitions is the rotation
of the detector heads during SPECT. The detector heads rotate around the patient, ac-
quiring projections over several angles and often covering a full 360-degree rotation
[15]. An example of a typical SPECT acquisition is 120 projections with a 3-degree
interval, with each projection being acquired for 10–20 s. The total acquisition time
is 13–24 min per FOV including idle time caused by the detector movements.

While multiple FOVs and whole-body coverage are routine in BS, a single FOV
is often used in SPECT, covering only 40 cm of the body length [23]. The anatomical
coverage of this FOV is determined according to the findings in the previously ac-
quired BS images. Mutiple FOVs can be applied in SPECT, but this greatly increases
the examination time [58].

2.3.1 SPECT Reconstruction

Image processing, especially reconstruction, is a fundamental aspect of SPECT and
other tomographic imaging methods. In BS, the acquired anterior and posterior pro-
jections can be viewed as such without further processing. In SPECT, however, the
acquired projections are converted into cross-sectional slices using a reconstruction
algorithm [59].

The projection data corresponding to a slice are commonly represented as a sino-
gram [59]. In the sinogram, the horizontal axis represents the position on the detector,
and the vertical axis corresponds to the angular position of the detector. The corre-
sponding number of detected gamma rays is assigned to each point of the sinogram.
In addition to images, sinogram and slice can be considered vectors. In this case,
the relationship between the sinogram and slice can be concisely represented as the
matrix product:

g = Af, (2)

where vector g is the sinogram with elements 𝑔𝑖, matrix A is the projection oper-
ator with elements 𝑎𝑖𝑗 , and vector f is the slice with elements 𝑓𝑗 . Reconstruction
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Image
estimate

Projection Estimated
projections

Measured
projections

Differences in 
projections

Correction
coefficients

Comparison

Backprojection

Image adjustment

Figure 3. The basic principle of iterative reconstruction. The corrections for attenuation, scatter,
and collimator response are performed during the projection and backprojection steps.

algorithms aim to solve this equation for f.
Currently, bone SPECT data are reconstructed using iterative algorithms [24],

which find the solution to equation (2) by successive estimates [59]. The algorithms
differ in the way the measured and estimated projections are compared and the kind
of correction applied to the current estimate. The process is initiated by an arbitrary
first image estimate, which can be a uniform image. The image estimate is then pro-
jected to obtain the estimated projections, which are compared with the measured
projections. The difference between the estimated and measured projections is back-
projected, and the image estimate is adjusted according to this difference [60]. The
adjusted image estimate becomes the new initial estimate for the second iteration and
the same process is repeated for multiple iterations until a final solution or a prede-
termined number of iterations is reached [61]. The cycle of iterative reconstruction
is presented in Figure 3.

The most widely used reconstruction algorithm in SPECT is the ordered subsets
expectation maximization (OSEM) algorithm [62], which is an accelerated form of
the maximum likelihood expectation maximization (MLEM) algorithm [63, 64]. A
particular advantage of these algorithms is the underlying assumption that the mea-
sured data are subject to Poisson noise. This is true for the acquired SPECT data,
as they are affected by uncertainty resulting from the Poisson statistical variations of
radioactive decay [65]. Consequently, sinogram g corresponds to a specific measure-
ment, and if statistical phenomena are not considered, slice f is the specific solution
corresponding to that specific sinogram g.

The MLEM algorithm aims to find a general solution as the best estimate for f,
that is, the slice that can produce sinogram g with the highest likelihood. The MLEM
algorithm follows the cycle described in Figure 3. The algorithm is defined by the
following equation:

𝑓 new
𝑗 =

𝑓 old
𝑗∑︀

𝑖
𝑎𝑖𝑗

∑︁
𝑖

𝑔𝑖∑︀
𝑗
𝑎𝑖𝑗𝑓

old
𝑗

𝑎𝑖𝑗 , (3)

where 𝑓 new
𝑗 and 𝑓 old

𝑗 are the current and previous image estimates, respectively [60].
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A detailed derivation of the equation beginning from the Poisson distribution is pre-
sented by Lange and Carson in [64]. Central to the algorithm is the projection oper-
ator 𝑎𝑖𝑗 , which models the underlying physics of the detection process by describing
the probabilities that gamma rays emitted from specific object voxels will be detected
at specific detector pixels. The system model can account for the collimator geome-
try and incorporate physical factors such as the attenuation of gamma rays [66].

Attenuation Correction

Attenuation distorts the acquired image by decreasing the number of detected gamma
rays [67]. The magnitude of attenuation depends on the length and density of the
tissue through which the gamma rays travelled. The attenuation can be expressed by
the following equation:

𝐼 = 𝐼0 · exp

(︃
−
∑︁
𝑖

𝜇𝑖𝑥𝑖

)︃
, (4)

where the index 𝑖 represents all the different tissue regions along the gamma-ray tra-
jectory, 𝜇𝑖 are the attenuation coefficients for the regions, and 𝑥𝑖 are the correspond-
ing thicknesses of the regions. The sum represents the total attenuation through all
tissue regions [67].

Attenuation correction is performed by including gamma-ray attenuation in the
system model during reconstruction. This requires a complete distribution of the
linear attenuation coefficients within the body, i.e., an attenuation map. A CT image
acquired during SPECT-CT is essentially a distribution of attenuation coefficients in
the patient [68]. However, attenuation coefficients are energy-dependent, and images
present them as CT numbers on the Hounsfield scale. The CT number relates the
tissue attenuation coefficients to the attenuation coefficients of water and air such
that:

CT number =
𝜇tissue − 𝜇water

𝜇water − 𝜇air
· 1000 HU, (5)

where 𝜇tissue, 𝜇water, and 𝜇air are the attenuation coefficients for tissue, water, and air,
respectively, at the specific energy of X-rays, and HU is the Hounsfield unit.

The energy of X-rays in CT ranges between 80–130 keV, and the energy of
gamma rays in bone SPECT is 140 keV. Before the CT image is used as the at-
tenuation map, it is converted to linear attenuation coefficients at 140 keV. This is
achieved by acquiring a CT image of a phantom containing materials whose attenu-
ation coefficients at 140 keV are known. The HU values for these materials are then
defined, and the relationship between attenuation coefficients at 140 keV and HU
values is modeled bilinearly, resulting in separate calibration equations for bone and
soft tissue [69, 70].
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Scatter Correction

The main phenomenon that leads to scatter in SPECT images is Compton scatter-
ing. The effects of coherent scattering are negligible and are usually ignored [71].
In Compton scattering, a gamma ray interacts with tissue, loses energy, and changes
direction. A gamma ray can scatter multiple times. The consequence of Compton
scattering is that the gamma ray may be detected at the wrong position on the de-
tector or not detected at all [67]. Scattering reduces image contrast and quantitative
accuracy [71].

Scatter compensation is probably the most challenging of all the compensations.
The scatter contribution is dependent on several factors: activity distribution, attenu-
ation map, detector energy resolution, and energy window [72]. The scatter-spread-
function is therefore difficult to parametrize.

Two different approaches are used for scatter correction in bone SPECT:
the energy-window-based approach and the reconstruction-based approach. In the
energy-window-based approach, the scattered gamma rays are measured using ad-
ditional energy windows placed below, and possibly also above, the primary photo
peak window [73]. The scatter window data are then either subtracted from the
primary window or used in the projection step of the iterative reconstruction as an
estimate of scatter [74].

The reconstruction-based approach utilizes an attenuation map and Monte Carlo
simulation to model scattering [75–77]. The advantages of this approach include
better image contrast and lower noise levels than those of energy-window-based ap-
proach [77]. The challenge of the reconstruction-based approach is the increased
computational requirement. The scatter estimation is incorporated directly into the
projection operator matrix, which becomes considerably larger and slows down the
computation [78].

This can be overcome with the dual-matrix approach, in which scatter is incorpo-
rated only in the forward projection step [79]. This method requires that the scatter
response function is computed at each point in the reconstructed volume for all pro-
jection views and iterations. To further accelerate the computation, the correction
factors can be calculated only once or a few times, given that the calculated scatter
component is practically constant after the first few iterations [80]. The equation of
the MLEM algorithm can then be written as:

𝑓 new
𝑗 =

𝑓 old
𝑗∑︀

𝑖
𝑎𝑖𝑗

∑︁
𝑖

𝑔𝑖∑︀
𝑗
𝑎𝑖𝑗𝑓

old
𝑗 + 𝑠

𝑎𝑖𝑗 , (6)

where 𝑠 is the scatter estimated on all projections [74].
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Collimator Response Correction

The collimator response is the dominant factor affecting the overall spatial resolution
of SPECT [81]. At the face of the collimator, the resolution is close to that of the
detector, between 2.5 and 4 mm. However, the resolution degrades as the distance
between the collimator and gamma-ray source increases, ranging from 7 to 15 mm
with clinically relevant distances [43].

Collimator response correction reduces this degradation. A common method for
correction is to model the response during iterative reconstruction, for example, by
convolving the reconstructed pixel with the collimator response function before pro-
jection [82]. The response function is usually assumed to be a 2D Gaussian function,
whose FWHM depends on the detector resolution, collimator hole length, collimator
hole diameter, and distance to the point of gamma-ray emission [66, 82, 83].

Convergence and Noise

During the first 20 to 40 iterations, the MLEM algorithm converges towards an ac-
ceptable reconstruction. During the later iterations, the likelihood still increases but
the reconstructions also get noisier. This is caused mainly by the Poisson statistical
variation in the measured projections. A reconstruction corresponding to noisy mea-
surement data will be even noisier because the projection operator acts as a smooth-
ing operator [61].

Different techniques for solving this problem have been investigated. One pos-
sible approach is to limit the possible reconstructions to the ones which are smooth
enough [84]. A second solution is to perform many iterations and postfilter the re-
construction [85]. A third approach is to stop the reconstruction early while the noise
level is still acceptable [61]. For clinical use, mostly the postfiltering method is used,
and Gaussian or Butterworth filter is typically applied [85–87]. The Gaussian filter is
defined by the FWHM, and the Butterworth filter by the order and cutoff frequency.

Convergence of the MLEM algorithm is frequency dependent. Low spatial fre-
quencies converge faster than higher frequencies. This is due to the low-pass effect
of the projection operation. It follows that reducing the number of iterations has an
effect similar to reducing the cutoff frequency of a low-pass filter. The noise in the
higher MLEM iterations is high frequency noise. As a result, a modest amount of
smoothing adequately suppresses the noise at the cost of a mild loss of resolution
[61].

The spatial resolution improves with increased iterations, and if the reconstruc-
tion includes collimator response correction, the resolution can be eventually better
in the reconstructed image than in the acquired projections. Increasing the number
of iterations can increase the noise significantly. However, the postfiltered image
has a nearly position-independent and predictable spatial resolution. Thus, if SPECT
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images are acquired for quantification, it is reasonable to use an adequate number of
iterations and postprocessing filtering, rather than a reduced number of iterations, for
noise suppression [61].

The MLEM algorithm has proven to be effective, but also too slow for the daily
routine. Depending on the settings of the algorithm and the desired convergence,
10 to 100 iterations are usually required [61]. Even with modern computer central
processing units, this requires a calculation time of approximately 3 to 30 minutes.

OSEM Algorithm

The OSEM algorithm was proposed by Hudson and Larkin to accelerate the recon-
struction [62]. With this method, the set of projections is divided into subsets, each of
which contains projections distributed equally around the patient. The MLEM algo-
rithm is subsequently applied to each subset as a subiteration. The image is updated
sequentially such that the result of a previous subset is used as an initial estimate for
reconstruction with the next subset. The first full iteration is complete when all the
subsets have been processed.

The OSEM algorithm converges to an image that is nearly identical to the image
reconstructed with the MLEM algorithm, but it requires fewer iterations and is thus
faster [62]. The acceleration achieved is proportional to the number of subsets used.
For example, the use of 15 subsets would accelerate convergence by a factor of 15
compared with the MLEM algorithm. However, convergence requires that each sub-
set contains at least four projections, i.e., a maximum of 30 subsets for data acquired
using 120 projections [88]. Convergence of OSEM algorithm also requires consistent
data and subset balance, which means that all voxels contribute equally to all sub-
sets [62]. In practice, these conditions are never met, and OSEM algorithm can be
shown to converge to a limit cycle rather than a unique solution, with the result that
the OSEM reconstruction is noisier than the corresponding MLEM reconstruction.
However, the difference between the two is not clinically relevant [61].

The numbers of iterations and subsets applied in the OSEM algorithm are usu-
ally chosen according to manufacturer recommendation or local preference. A recent
study aiming to optimize image quality in bone SPECT-CT suggested that 12 itera-
tions, 8 subsets, and a postprocessing Gaussian filter with 8-mm FWHM provide an
optimal balance between noise and spatial resolution [87].

2.3.2 Hybrid Imaging

BS and bone SPECT are functional imaging modalities, which means that they fo-
cus on imaging tissue metabolism. However, their anatomical imaging capabilities
are limited, especially for small structures [89]. For CT, this is reversed. CT is an
anatomical imaging modality with excellent spatial resolution, but it provides little
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information on tissue metabolism [90]. Most modern SPECT systems are in fact
SPECT-CT systems with integrated CT scanners [91]. Bone SPECT examination
can therefore be complemented by a CT examination.

On SPECT-CT, CT can be acquired immediately before or after SPECT [24]. The
patient lies on the bed and ideally does not move between the two acquisitions. For
CT, the bed is moved inside the CT scanner of the SPECT-CT system. There, X-rays
with energies ranging from 80 to 130 keV are emitted and detected on the opposing
sides of the patient by the X-ray tube and detector, respectively [24]. The X-ray
tube and detector rotate around the patient, and projections are acquired, similar to
SPECT.

However, while the tissue attenuation of gamma rays is an undesired phenomenon
in SPECT, the attenuation of X-rays forms the basis for CT projections. Specifically,
the CT projection data correspond to the transmission of X-rays through an object
[92]. In addition, CT projections are acquired at a much higher rate than SPECT
projections and are more numerous. A single 360-degree rotation in CT takes less
than a second [93], while in SPECT, it takes several minutes. The number of ac-
quired projection angles during a single rotation ranges from 60 to 120 on SPECT
and from 1000 to 2500 on CT [94, 95]. The bed movement can be continuous during
CT acquisition, causing the X-ray tube and detector to perform helical trajectories
relative to the bed [96]. The CT image is acquired from the same anatomical area
as the SPECT image. The total acquisition time for CT is only a few seconds if the
preparation time is not considered [97].

The CT projection data are reconstructed using conventional filtered back pro-
jection or iterative algorithm with the same basic principles as those presented for
SPECT in Figure 3 [98, 99]. The reconstructed image represents a distribution of
the linear attenuation coefficients inside the body [68]. The attenuation coefficients
and high spatial resolution provided by CT images can be used to enhance SPECT
reconstruction as further discussed in sections 2.4.5 and 2.4.6.

For image interpretation, SPECT and CT images are displayed simultaneously,
with one overlaid on top of the other. Fused 3D SPECT-CT images are usually
displayed as 2D slices from orthogonal planes and SPECT as maximum intensity
projection (Figure 4). Maximum intensity projection is a visualization method for 3D
data that projects in the visualization plane the voxels with maximum intensity that
fall in the way of parallel rays traced from the viewpoint to the plane of projection.
The resulting 2D projection provides limited visualization of depth. To improve the
3D visualization, maximum intensity projections can be rendered from several angles
and viewed as a rotating animation.

A major advantage of hybrid imaging is the potential to distinguish benign and
metastatic radiopharmaceutical uptake [18]. Increased focal uptake on SPECT may
correspond to several different conditions, each of which has a characteristic appear-
ance on CT.
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A

C

B

Figure 4. Maximum intensity projection (A), sagittal SPECT, CT, and SPECT-CT images (B), and
axial SPECT, CT, and SPECT-CT images (C) of a 50-year-old breast cancer patient with visible
bone metastases in spine, rib, and pelvis.
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2.4 Recent Developments in Bone SPECT-CT
2.4.1 Semiconductor Detectors

Recent developments in SPECT instrumentation have been driven mainly by the ad-
vent of semiconductor detectors. They directly convert gamma rays into electrical
signals utilizing the unique properties of semiconductors. Cadmium-zinc-telluride
(CZT) is one of the most established semiconductor detector materials [100].

In conventional scintillation detectors, Tl-activated NaI crystal absorbs gamma
rays and converts them into visible light. The photomultiplier tube converts light into
an electrical signal and amplifies it. Multiple photomultiplier tubes form an array be-
hind the crystal. The amount of electrical signal produced in a photomultiplier tube is
proportional to the amount of light it receives, which in turn depends on the distance
to the position where the gamma ray interacts with the crystal. The spatial location
of the gamma-ray detection is determined by combining the electrical signal from
each photomultiplier tube in a logic circuit that weights the signals appropriately
[101–103].

In CZT semiconductor detectors, gamma rays deposit energy into pixelated semi-
conductor crystal, generating charge carriers. An electric field is applied to sweep
the charge carriers to the anode and cathode, and a current pulse is induced. The
spatial location of the gamma ray is determined directly as the location of the inter-
acting detector pixel. The physical properties of the CZT detector allow for several
improvements over those of conventional scintillation detectors, including improved
energy resolution, spatial resolution, stopping power, and size.

The energy resolutions of the CZT and NaI detectors in modern SPECT-CT sys-
tems are approximately 6 and 10%, respectively [104]. The energy resolution of both
detectors is partly determined by the number of secondary particles produced, i.e.,
the number of photons in NaI and the number of charge carriers in CZT [102]. The
number of charge carriers produced in CZT is an order of magnitude greater than the
number of photons produced in NaI. The energy resolution is ultimately limited by
Poisson statistical uncertainties [105].

Two advantages are obtained with the improved energy resolution of CZT. First,
when the photopeak narrows, unscattered gamma rays are detected more probably
within the chosen energy window. Second, scattered gamma rays are rejected more
probably because their energy spectrum narrows too. Thus, the ratio of unscattered
to scattered gamma rays is increased, and image quality is improved.

The intrinsic spatial resolutions of the CZT and NaI detectors in modern SPECT-
CT systems are approximately 2.5 and 4 mm, respectively [106]. The difference
in resolution is caused partly by the difference in length travelled by the secondary
particles. In CZT, a compact charge cloud is detected by a segmented anode that is
only millimetres away [107]. On the other hand, the photons in a NaI crystal diffuse
over a considerable distance before being detected, and the photomultiplier tubes
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used for locating photons may be more than a centimetre away from the point of
gamma-ray interaction [108].

The linear attenuation coefficient of CZT is greater than that of NaI, potentially
leading to increased stopping power and gamma-ray sensitivity [43]. However, due
to cost and technical considerations, clinical CZT detectors are thinner than scintil-
lators and therefore have comparable sensitivity in practice [109].

Nonetheless, the overall sensitivity and spatial resolution of a SPECT detector
head tend to be dominated by the collimator used. Due to the higher intrinsic spatial
resolution of a CZT detector, the collimator of a CZT system can be designed to have
higher sensitivity at the cost of spatial resolution. In this way, the CZT system can
have improved sensitivity compared to the conventional system when their spatial
resolutions are matched [110]. The improved sensitivity allows for short acquisition
time or low injected activity.

Finally, and perhaps most importantly, the small size of the CZT detector en-
ables nonstandard detector configurations and system architectures to attain further
improved performance. In fact, the first clinical CZT SPECT systems were based
on novel system architectures dedicated to breast and cardiac imaging [106, 111].
General-purpose CZT SPECT systems, with novel and conventional system archi-
tectures, were introduced only a few years later [48, 112].

Previous research on CZT SPECT has focused mainly on cardiac imaging sys-
tems, leading to recently published systematic reviews and meta-analyses on their
diagnostic performance [113–115]. Research on bone imaging with CZT systems
is scarce, consisting of technical system performance measurements [104, 116] and
visual impressions from reduced acquisition time images [25, 117, 118].

2.4.2 List-Mode Acquisition

The projection data in SPECT can be acquired and stored using frame mode or list
mode. Frame mode is more commonly used because it is more straightforward and
requires less computer memory. List mode, on the other hand, is better suited for
optimization and research purposes as new data sets corresponding to different ac-
quisition parameters can be generated from a single acquisition [119].

In frame mode, a matrix corresponding to locations on the detector is created
before acquisition starts. During the acquisition, a matrix element is incremented
each time a gamma ray is detected on the corresponding location on the detector.
This continues until a preselected time interval or number of detected gamma rays
is reached. The computer memory required for a frame-mode acquisition is deter-
mined by the matrix size and the number of acquired frames, which is the number of
projection angles multiplied by the number of axial FOVs [119].

In list mode, the detection time, location, and energy of each gamma ray are
stored in a list. The list data can be then resampled into a matrix, in the manner
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described above, to produce projection data with chosen acquisition parameters. In
some modern software, the acquisition parameters used in the resampling can be
chosen freely within the limits of original acquisition. A disadvantage of list-mode
acquisition is the required computer memory, which is an order of magnitude greater
than that of frame-mode acquisition [119].

2.4.3 Whole-Body Acquisition

Bone SPECT-CT is typically performed as a partial-body examination complement-
ing routinely performed whole-body planar BS. However, whole-body SPECT-CT is
expected to become a new routine method in the near future [10, 23, 58, 120, 121].
Whole-body SPECT improves sensitivity compared to planar BS, and SPECT-CT
improves specificity and diagnostic confidence compared to SPECT [19, 20, 27, 122–
127].

In a recent study including 53 patients [19], the patient-level sensitivities of
whole-body BS, SPECT, and SPECT-CT were 79, 89, and 89%, respectively, when
equivocal findings were omitted, and 85, 95, and 95%, respectively, when equivocal
findings were considered metastases. The corresponding specificities were 91, 80,
and 94%, respectively, when equivocal findings were omitted, and 59, 56, and 88%,
respectively, when equivocal findings were considered metastases. The values of BS
and SPECT-CT are similar to a recent meta-analysis of 11 studies with a total of
1611 patients [121]. SPECT without CT was not included in the meta-analysis.

The improved sensitivity is caused by the 3D nature and higher contrast of SPECT
images [52, 128], and the improved specificity is caused by anatomical characteri-
zation of findings in CT images [18]. The improved sensitivity and specificity allow
for more accurate staging of the extent of bone metastases, selection of treatment,
and assessment of treatment response [129, 130].

Despite these benefits, the use of whole-body bone SPECT-CT has been limited,
partially due to the lack of fast acquisition protocols. The acquisition time of whole-
body SPECT-CT is approximately 45 minutes if the typical acquisition parameters of
partial-body SPECT-CT are applied. Fortunately, novel CZT SPECT systems allow
for faster acquisition, which could facilitate the adoption of whole-body SPECT-
CT [22]. Another drawback of whole-body SPECT-CT is the increased radiation
exposure caused by extended CT coverage. The radiopharmaceutical injection in
BS and bone SPECT causes a radiation exposure of approximately 4 mSv, and CT
causes an additional radiation exposure of approximately 3 mSv [24].

Technically, whole-body bone SPECT-CT does not normally cover the entire
skeleton. Instead, three or two FOVs are typically acquired, covering the area from
the skull vertex to the mid-thigh or from the cervical region to the proximal femur,
respectively [121]. The distal lower extremities can be usually omitted from imaging
because the incidence of solitary metastasis below the femur is low [131].

26



Review of the Literature

2.4.4 Planar Reprojection

SPECT-CT provides more complex information than planar BS. Therefore, the tran-
sition from planar imaging to SPECT-CT may be met with reluctance as some physi-
cians hesitate to abandon the familiar methodology of BS. Both BS and whole-body
SPECT-CT could be acquired in a row during this transition period, but the total ex-
amination time would greatly increase. Fortunately, planar images can be algorithmi-
cally generated from reconstructed SPECT images [26]. The algorithm essentially
projects the SPECT image to anterior and posterior detector positions and models
attenuation.

Furthermore, modern SPECT-CT systems with ring-shaped detector configura-
tions acquire data only as SPECT and are incapable of planar acquisition. With these
systems, reprojection is the only way to obtain planar images [132, 133]. Planar
reprojection has been previously validated only for lung [134–137] and gated blood-
pool imaging [138, 139].

2.4.5 Quantitation

The base unit in SPECT images is the count, i.e., the number of gamma rays detected
from a volume element, a voxel [140–142]. The number of counts in a voxel is pro-
portional to the radiopharmaceutical activity concentration in that location. How-
ever, the proportionality can be ambiguous because gamma-ray attenuation, scatter,
and collimator response cause distortions in the number of counts. For this reason,
SPECT has been traditionally regarded as non-quantitative, and image interpretation
has been based on visual evaluation of relative intensity differences [32, 143].

When hybrid SPECT-CT systems became widely available, quantitative SPECT
gained interest [32]. CT images provide reliable patient-specific attenuation cor-
rection, which is a key requirement for quantitative SPECT. Another development
promoting quantitative SPECT was the increase in computing power, which allowed
the inclusion of various corrections in iterative reconstruction [143].

Sensitivity Calibration

The purpose of sensitivity calibration is to determine the ratio between the gamma-
ray detection rate and activity in the FOV. The calibration can be performed using
planar acquisition from a point or petri-dish source or SPECT acquisition from a
large uniform cylinder source [144]. The source activity is measured using a dose
calibrator, which is the device used to measure the radiopharmaceutical activity ad-
ministered to a patient. SPECT images are quantitative when the acquired counts
have been reconstructed, corrected to be physically accurate, and converted to units
of radiopharmaceutical activity concentration in Bq/ml [32, 140–143].
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Quantitative Bone SPECT

Radiopharmaceutical uptake in bone represents the rate of bone metabolism, which is
increased in various pathological conditions, including bone metastases [145]. Con-
ventionally, the interpretation of bone SPECT has been based on the visual assess-
ment of relative differences in radiopharmaceutical uptake. However, visual assess-
ment is subjective and prone to interobserver variability. On the other hand, quanti-
tative measurements of radiopharmaceutical uptake could provide a more objective
interpretation and reduce uncertainty [146].

The radiopharmaceutical activity concentration is affected by the administered
activity and distribution volume. Voxel values are therefore normalized with respect
to administered activity and distribution volume, which is often substituted by patient
weight [147, 148]. This normalization yields standardized uptake values (SUVs).
Technically, the SUV is a semiquantitative measure, because it is based on the ratio
of activity concentration to total injected activity, and the possible bias in measured
activity will cancel out [149, 150].

The earliest attempts at bone SPECT quantitation were demonstrated a few
decades ago [151–154]. However, the reconstructions were rather rudimentary and
did not include any physical corrections. Nonetheless, accurate measurements of ac-
tivity concentration in the skull were demonstrated after sensitivity calibration [151].
Additionally, quantitative measurements correlated with the severity of endocrine
abnormalities [152] and could predict bone loss in patients with osteoporosis [153]
and chronic renal disease [154].

During the last decade, research on quantitative bone SPECT has been increas-
ing due to commercially available quantitation software. The latest research has
focused on SUV measurements of normal vertebrae [33, 147], the repeatability of
SUVs [155], the differentiation of bone metastases from benign findings [156–163],
longitudinal evaluation of treatment response [146, 164–167], evaluation of bone
metastatic burden [168], detection of loose prostheses [169], and severity assessment
in osteoarthritis [170], osteoporosis [171], and growth disorder [172]. Furthermore,
several reviews on quantitative SPECT have been published [32, 148, 173, 174].

While SPECT quantitation is novel, PET quantitation is common, and SUVs are
routinely used in PET image interpretation [34]. Therefore, bone PET with 18F-NaF
is a potential reference standard for the validation of quantitative bone SPECT. 18F-
NaF PET has been validated against biopsy [35, 36] and proven to be repeatable in
patients with bone metastases [37, 38].
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2.4.6 Anatomically Guided Reconstruction

The CT image acquired via SPECT-CT is primarily used for anatomical character-
ization and attenuation correction. However, the anatomical information from CT
images can also be utilized to guide SPECT reconstruction to improve spatial reso-
lution. Two approaches for anatomically guided reconstruction have been recently
introduced. The first is a Bayesian method, which includes differences between ad-
jacent CT voxels in the reconstruction [175–178]. The other is a zonal mapping
method, which divides SPECT voxels into different tissue zones according to the
corresponding CT voxel values [179–181]. The different zones are then projected
separately and backprojected together during iterative reconstruction [181].

Anatomically guided SPECT reconstruction allows for more accurate delineation
of radiopharmaceutical uptake in bone [182], which has been shown to improve
quantitation accuracy [176, 180], metastasis detection [178], and diagnostic confi-
dence [158, 183]. The method has also been used for acquisition time reduction
[184]. A drawback of anatomically guided reconstruction is the increased computa-
tional complexity. This is primarily caused by the requirement of a 256 × 256 matrix
[176, 185]. Fortunately, reconstruction can be greatly accelerated by running the al-
gorithm on a graphics processing unit instead of the central processing unit of the
computer [186]. A comparison of images reconstructed using a conventional OSEM
algorithm and an anatomically guided algorithm is shown in Figure 5.

A

B

Figure 5. Axial, sagittal, coronal, and maximum intensity projection bone SPECT images of a 65-
year-old prostate cancer patient reconstructed using a conventional OSEM algorithm (A) and an
anatomically guided algorithm (B).

29



Samuli Arvola

2.5 Other Modalities for Imaging Bone Metastases
2.5.1 PET-CT

PET is based on a radiopharmaceutical principle quite similar to that of BS and
SPECT. However, PET radionuclides do not emit gamma rays by themselves. In-
stead, they emit positrons, which travel approximately 1 mm in tissue and collide
with electrons [187]. In this collision, electron-positron annihilation occurs, and two
511 keV gamma rays are emitted in opposite directions. These gamma-ray pairs are
detected during PET acquisition [187].

One of the radionuclides widely used in PET is 18F, which has a physical half-life
of 110 min [188]. PET imaging of bone is primarily performed with 18F-labeled NaF
[189]. However, bone metastases from prostate cancer are nowadays more often im-
aged using radiopharmaceuticals based on prostate-specific membrane antigens, as
they also accumulate in soft tissue metastases [190]. Image examples corresponding
to different radiopharmaceuticals are shown in Figure 6.

A B

Figure 6. Maximum intensity projections of 18F-NaF PET acquired from a 50-year-old breast cancer
patient with visible bone metastases in spine, ribs, and pelvis (A) and 18F-PSMA-1007 PET acquired
from a 72-year-old prostate cancer patient with visible bone metastases in ribs (B).
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A PET-CT system consists of a patient bed, a ring-shaped stationary detector
array around the bed, and a CT scanner. No collimator is required, as the annihilation
is assumed to be located along the line that connects the two detectors that have
recorded coincidence gamma rays [187]. Due to the lack of a physical collimator,
the gamma-ray detection efficiency of a PET system is a hundredfold greater than
that of a SPECT system [45].

The PET projection data are acquired by the near-simultaneous detection of the
gamma-ray pairs emitted from annihilation events. The acquired data are recon-
structed using iterative algorithms similar to those used for SPECT. The high tempo-
ral resolution of PET detectors allows for time-of-flight measurements, which can be
utilized to enhance the reconstruction [191]. Furthermore, PET is a functional imag-
ing modality for which the concept of hybrid imaging is routinely applied, yielding
PET-CT images [189].

The diagnostic performance of 18F-NaF PET-CT in bone metastasis detection is
very high. In a recent meta-analysis of 12 studies with a total of 507 patients, 18F-
NaF PET-CT had a near-perfect patient-level sensitivity of 98% and a high specificity
of 90% [192].

2.5.2 CT

Until now, CT has been presented as a complementary examination in the context of
hybrid imaging. However, standalone CT is one of the most prevalent tomographic
diagnostic tools in terms of frequency of use and hospital availability [193], and
imaging of bone and soft tissue metastases is one of its many applications.

The main difference between standalone and complementary CT examinations
is the image quality, radiation dose, and use of contrast agent (Figure 7). The image
quality is controlled by the X-ray tube current and exposure time. The higher they
are, the more X-rays are emitted, and the lower the image noise is. The radiation
dose also increases with the tube current and exposure time. Noisier low-dose CT
images acquired during SPECT-CT are adequate for attenuation correction, anatom-
ical localization, and, to some extent, anatomical characterization of skeletal find-
ings. However, their utility for soft-tissue characterization is limited. Typical tube
current–exposure time products used in SPECT-CT and standalone CT are 2.5–40
mAs and 40–335 mAs, respectively [24].

Intravenously injected contrast agent improves visualization of the target tissue
by increasing the attenuation difference between the blood-rich target tissue and the
surrounding tissue and fluids [194]. A contrast agent is often required in soft tissue
imaging, but for bone imaging, a contrast agent is not usually necessary [57]. Finally,
standalone CT employs more advanced technologies, such as the dual-energy method
[195].
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A B

Figure 7. Low-dose (A) and full-dose (B) axial CT images acquired via SPECT-CT and standalone
CT, respectively, of the same 72-year-old prostate cancer patient with visible bone metastasis in
pelvis.

CT has limited sensitivity but high specificity for bone metastasis detection. In a
meta-analysis of 145 studies with a total of 15221 patients, the patient-level sensitiv-
ity and specificity of CT were 73 and 95%, respectively [196].

2.5.3 MRI

MRI is based on the magnetization of tissue by an external magnetic field and subse-
quent excitation of tissue by radio waves. The excited tissue relaxes and emits radio
waves, which are collected by receiver coils positioned around the patient. Unlike
SPECT, PET, and CT, in which the image reconstruction is based on projections,
reconstruction in MRI is based on frequency, amplitude and phase information from
the acquired radio waves. That information is converted into an image by Fourier
transformation [197, 198].

The main magnetic field of an MRI system is constantly active and has a typical
field strength of 1.5 or 3 T. The system also produces weaker gradient fields with
strengths up to 45 mT/m [199]. During image acquisition, gradient fields and ra-
dio waves are applied in sequences, which define the appearance of an MRI image.
Different sequences produce different contrasts between tissues [197, 198].

MRI is primarily used as an anatomical imaging technique. However, functional
information can be obtained, for example, by diffusion-weighted imaging, which is
based on the diffusion motion of water molecules in tissue [200–202]. In diffusion-
weighted images, bone metastases appear with higher intensity compared to sur-
rounding tissue due to restriction of water in bone metastases. DW-MRI combines
anatomical and functional diffusion-weighted imaging sequences (Figure 8).

The diagnostic performance of MRI in bone metastasis detection is very high.
In a meta-analysis of 145 studies with a total of 15221 patients, the patient-level
sensitivity and specificity of MRI were 91 and 95%, respectively [196].
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B

Figure 8. Anatomical sagittal (A), anatomical axial (B), and diffusion-weighted axial (C) MRI images
of a 72-year-old prostate cancer patient with visible bone metastasis in pelvis.
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3 Aims

This thesis focused on the optimization and validation of the various new methods
for the SPECT-CT imaging of bone metastases. The specific aims of Studies I, II,
and III were as follows:

I optimization of bone SPECT acquisition for a CZT system

II validation of reprojected bone SPECT-CT (RBS) against conventional BS

III validation of bone SPECT SUVs against bone PET SUVs.
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4 Materials & Methods

4.1 Patients and Reference Standard Diagnosis
This thesis is based on retrospective analyses of the patient data acquired during two
prospective clinical trials, SKELETA (NCT01339780) and PROSTAGE
(NCT03537391), whose primary results have been published by Jambor et al. [19]
and Anttinen et al. [20], respectively. All patients included in these trials were
considered at high risk for bone metastases. The inclusion criteria consisted of sus-
picious laboratory findings, suspicious histopathologic findings, and localized pain
in the skeletal area suggesting bone metastases.

During these trials, the patients underwent multiple different imaging examina-
tions, including BS, contrast-enhanced CT, SPECT-CT, PET-CT, and DW-MRI. The
examinations in each patient were performed within 14 days, and the patients were
followed for at least six months. The patient numbers, enrolment dates, and imaging
examinations of each trial are listed in Table 1.

Table 1. Patient populations enrolled for SKELETA and PROSTAGE trials, imaging examinations
performed during the trials, systems used for BS and SPECT-CT, and the numbers of trial patients
included in the studies of this thesis.

Trial name SKELETA PROSTAGE

Patients 27 prostate cancer patients
26 breast cancer patients

78 prostate cancer patients

Enrolment date February 2011 – March 2013 March 2018 – June 2019
Imaging examinations 99mTc-HDP BS

99mTc-HDP SPECT-CT
18F-NaF PET-CT
1.5-T whole-body DW-MRI

99mTc-HMDP BS
99mTc-HMDP SPECT-CT
18F-PSMA-1007 PET-CT
1.5-T whole-body DW-MRI
Contrast-enhanced CT

SPECT-CT system Symbia T6 Discovery NM/CT 670 CZT
Patients in Study I 0 30
Patients in Study II 53 78
Patients in Study III 53 0
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The malignancy of each imaging finding was defined in regularly organised con-
sensus meetings by a multidisciplinary team, including nuclear medicine physician,
radiologist, and oncologist or urologist. Detailed descriptions of image interpretation
for the different imaging modalities are given in [19, 20]. The examination results
from all primary and follow-up imaging modalities, laboratory results and clinical
follow-up data were utilised to determine the reference standard diagnosis. The ref-
erence standard diagnoses made for SKELETA and PROSTAGE trials were used as
the reference in the studies of this thesis.

4.2 Data Acquisition
BS

The patients received an intravenous injection of 670 MBq of 99mTc-HDP or HMDP,
and BS was started three hours after the injection. The SKELETA patient popula-
tion was scanned using Symbia T6 system (Siemens Healthineers, Erlangen, Ger-
many) with low-energy high-resolution collimators, continuous acquisition with a
scan speed of 13 cm/min and a matrix size of 256 × 1024. The PROSTAGE patient
population was scanned using Discovery NM/CT 670 CZT system (GE Healthcare,
Tirat Hacarmel, Israel) with wide-energy high-resolution collimators, step-and-shoot
acquisition, five bed positions, three minutes per bed position, and a matrix size of
256 × 1024.

SPECT-CT

A three-bed-position whole-body SPECT was performed from the top of the skull to
the middle femurs immediately after BS. The acquisition parameters for the
SKELETA patient population were 90 views (180 projections) over 360 degrees,
a 9-s acquisition time per view, a 128 × 128 matrix, and a 15% energy window cen-
tered at 140 keV. The acquisition parameters for the PROSTAGE patient population
were the same, except for 60 views (120 projections) over 360 degrees with a 13-s
acquisition time per view. In PROSTAGE trial, the SPECT data were acquired in list
mode. For all patients, the SPECT imaging was followed by a low-dose attenuation-
correction CT from the top of the head to the middle femurs.

The systems were calibrated for SUV measurements by imaging uniform cylin-
drical phantoms. The phantom used for the calibration of Symbia T6 was filled with
6900 ml of water and 141 MBq of 99mTc-pertechnetate at the time of imaging, result-
ing in an activity concentration of 20.4 kBq/ml. The phantom used for the calibration
of Discovery NM/CT 670 CZT was filled with 6900 ml of water and 126 MBq of
99mTc-pertechnetate at the time of imaging, resulting in an activity concentration of
18.3 kBq/ml. The calibration images were acquired with the same parameters as the
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patient examinations.

4.3 Data Processing
SPECT Resampling

For the optimization of SPECT acquisition in Study I, the originally acquired list-
mode data were resampled using Lister software on a Xeleris 4 workstation (GE
Healthcare, Haifa, Israel) to produce data sets with either the energy window nar-
rowed from 15 to 10, 8, 6, or 4%, the matrix size increased from 128 × 128 to 256 ×
256, or the acquisition time per view reduced from 13 to 10, 9, 7, 5, or 3 s. The idle
time including also bed movements in a three-bed-position SPECT was 11 minutes.
Therefore, the acquisition times of 13, 10, 9, 7, 5, and 3 s per view correspond to
total imaging times of 50, 41, 38, 32, 26, and 20 min, respectively. An additional
dataset with 16-min total acquisition time was generated by halving the number of
views from 60 to 30 in the images with 5-s acquisition time per view. The number
of views was halved using Angular Resampling software on the Xeleris workstation.
This reduction in views reduced the idle time from 11 to 8 minutes.

For the validation of RBS in Study II, the acquired SPECT data were resampled
such that the number of counts in RBS images was comparable to that of BS images.
The data from the Discovery NM/CT 670 CZT system was resampled using the Lis-
ter software, and the data from the Symbia T6 system was Poisson resampled using
the HybridRecon-Oncology software (version 3.2, HERMES Medical Solutions AB,
Stockholm, Sweden).

SPECT Reconstruction

The SPECT data were reconstructed with HybridRecon-Oncology software (versions
1.3, 3.0, and 3.2) using the OSEM algorithm with 6 or 10 iterations, 15 subsets, and
corrections for photon attenuation, scatter, and collimator response. A relatively
high number of iterations, 10, was used in Study III to increase the quantitation
accuracy of SPECT closer to that of PET. Attenuation correction was based on the
attenuation coefficient maps derived from the CT images, and scatter correction was
performed using a Monte Carlo simulation with 105 to 106 simulated photons and
two scatter update iterations. Collimator response was corrected using Gaussian
diffusion model.

The images were filtered using a Gaussian filter with 7-mm FWHM, except dur-
ing the diagnostic performance analysis in Study I, the FWHM was increased to 10
and 12 mm for the 32- and 26-min images, respectively. The 16-min images in Study
I were processed differently to replicate the processing method used in a previous
study by Gregoire et al. [25]. Those images were reconstructed with the Evolution
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Table 2. Combinations of iterations, subsets, and filters used in the OSEM reconstructions in the
different studies.

Iterations Subsets Filter

Study I 6 15 Gaussian 7 mm FWHM
6 15 Gaussian 10 mm FWHM
6 15 Gaussian 12 mm FWHM
3 10 Butterworth 0.48 cycles/cm cutoff, 1.2 order

Study II 6 15 Gaussian 7 mm FWHM
Study III 10 15 Gaussian 7 mm FWHM

for Bone SPECT software on the Xeleris workstation using the OSEM algorithm
with 3 iterations and 10 subsets and corrections for photon attenuation and collima-
tor response. A Butterworth postfilter with a cutoff frequency of 0.48 cycles/cm and
an order of 1.2 was applied. The combinations of iterations, subsets, and filters used
in the different studies are summarized in Table 2.

RBS images corresponding to traditional anterior and posterior views of BS were
generated by forward projecting the reconstructed three-bed-position SPECT data.
The forward projector of the Hermes HybridRecon reconstruction algorithm traces
photons to anterior and posterior detector positions through the CT-based attenuation
map used in SPECT reconstruction. The RBS images were filtered using a Gaussian
filter with 7-mm FWHM.

The calibration images required for SUV measurements were reconstructed sim-
ilarly to patient images. From the calibration images, coefficients to convert the
reconstructed counts into units of activity concentration were calculated as the ratio
between true activity and reconstructed counts in a homogeneous volume of interest
(VOI). Voxel SUVs in patient images were then calculated using the equation:

SUV =
𝑐𝑊

𝐴
, (7)

where where 𝑐 is the activity concentration (Bq/ml), 𝑊 is the patient body weight
(g) converted to volume (ml) assuming a density of 1.0 g/ml, and 𝐴 is the injected
activity (Bq) corrected for decay and syringe residual activity.
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4.4 Image Analysis
Qualitative Image Analysis

Qualitative analysis was done in Studies I and II, and it was essentially visual grad-
ing of images by experienced nuclear medicine physicians. The physicians evaluated
overall image quality and lesion visibility on a five-point Likert-type scale: 1 = in-
sufficient, 2 = almost sufficient, 3 = sufficient, 4 = good, and 5 = excellent image
quality for diagnostic use.

The qualitative analysis in Study I was performed in two rounds. The first round
included the originally acquired images, images with 10, 8, 6, and 4% energy win-
dow widths, and images with a 256 × 256 matrix from 15 patients. The second round
included the originally acquired images and images with 38-, 32-, 26-, and 20-min
acquisition times from all 30 patients. All images were evaluated by three physicians.
In Study II, only the overall image quality of BS and RBS images was evaluated. The
BS and RBS images were evaluated by two pairs of different physicians.

Quantitative Image Analysis

Quantitative image analysis was carried out in all three studies, and it essentially
consisted of measurements of SUV, contrast, and noise. In Study I, the quantitative
analysis included the originally acquired 50-min images, images with 41-, 32-, 26-,
and 20-min acquisition times, images with 10, 8, 6, and 4% energy window widths,
and images with 256 × 256 matrix from all 30 patients. Benign and metastatic lesions
were first segmented from the original images using an initial threshold of SUV =
12. The threshold was lowered if the resulting VOI was, by visual evaluation, clearly
smaller than the area of high uptake. The threshold was increased if another high-
uptake area was nearby. The same threshold value was used for the same lesion in
different images.

From the resulting VOIs, lesion maximum, peak, and mean SUVs (SUVmax,
SUVpeak, SUVmean) and volume were measured. SUVmax was determined as the SUV
of the most active voxel within the VOI, SUVpeak as the average SUV of 1-cm3 cube
positioned within the lesion such that the enclosed average SUV was maximized,
and SUVmean as the average SUV of the whole VOI.

In addition, 5-10 circular regions of interest (ROIs) with a 1-cm diameter were
drawn on normal appearing bone adjacent to the lesion. These ROIs were summed
to form the background VOI, whose mean SUV (SUVmean, bg) and standard deviation
(SD) of SUV (SUVSD, bg) were defined. Contrast was then calculated by dividing
the difference between SUVmean and SUVmean, bg by SUVmean, bg, noise by diving
SUVSD, bg by SUVmean, bg, and the contrast-to-noise ratio (CNR) by dividing contrast
by noise.
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In Study II, the quantitative quality of BS and RBS images was measured in a
randomly chosen sample of 20 patients. Circular ROIs with 15-mm diameter were
placed in BS and RBS images on a normal appearing femur, lumbar vertebra, the
tenth rib, and adjacent soft tissue. Mean and SD of counts in bone and soft tissue
ROIs were defined, and CNRs were calculated as:

CNR =
ROIbone, mean − ROIsoft tissue, mean√︁

ROI2bone, SD + ROI2soft tissue, SD

, (8)

where ROIbone, mean and ROIsoft tissue, mean are means of counts and ROI2bone, SD and
ROI2soft tissue, SD are squared SDs of counts in bone and soft tissue ROIs, respectively.

In Study III, skeletal lesions visible in both SPECT and PET images were first
segmented from PET images using a threshold of SUV = 15, which was lowered
if the resulting VOI was clearly smaller than the area of increased uptake. Next,
the same lesions were segmented from SPECT images using SUV thresholds that
resulted in VOIs with the volumes similar to those in PET images. SUVmax, SUVpeak,
SUVmean, and SUVmean, bg were then measured as in Study I. Maximum, peak, and
mean SUV ratios (SUVRmax, SUVRpeak, SUVRmean) of the lesions were calculated
by dividing the SUVmax, SUVpeak, and SUVmean of the lesion by the corresponding
SUVmean, bg.

Diagnostic Performance Analysis

Diagnostic performance analysis was done in Studies I and II, and it was essen-
tially measurements on how experienced nuclear medicine physicians detect bone
metastases from images. In Study I, the diagnostic performance analysis included
the original 50-min SPECT images and the specially processed 32-, 26-, and 16-min
images of all 30 patients. Lesions suggestive for bone metastases were reported from
the fused SPECT-CT images by two physicians. In Study II, all BS and RBS images
were double read by two pairs of physicians. The physicians worked independently
and were blinded to the results of the other imaging modalities. They were only
informed that the patients had breast or prostate cancer at high risk for bone metas-
tases.

A lesion was marked equivocal if the reading physician was not sure whether to
report it or not. In Study I, the reports given by the physicians were analyzed in a
pessimistic manner, such that equivocal lesions were considered bone metastases. In
Study II, the pessimistic analysis was complemented by optimistic analysis, where
the equivocal lesions were omitted. To create true positive, true negative, false posi-
tive and false negative classes, the reported lesions were validated against the refer-
ence standard diagnosis, which was created during the SKELETA and PROSTAGE
trials.
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The diagnostic performance of different images was compared at the patient,
region, and lesion levels. In the region-level analysis, the skeleton was divided into
six segments: skull, spine, ribs, pectoral girdle and sternum, pelvis, and limbs.

4.5 Statistical Analysis
Statistical analyses were performed using MedCalc statistical software
(version 19.2.6, MedCalc Software Ltd, Ostend, Belgium). Lesion visibility and
overall image quality scores given by the readers were pooled, reported using the
mean and SD, and compared using the Wilcoxon signed-rank test. Lesion visibility
and overall image quality failure rates represent the percentage of images rated 1 or
2, i.e., qualitatively not sufficient for diagnostic use. The failure rates were compared
using the N – 1 chi-squared test.

The median, percentiles, and interquartile range (IQR) are used to describe non-
normally distributed quantitative measurements. Scatter plots and linear regression
models were used to evaluate the correlations between SUVs and SUVRs of SPECT
and PET data, and Bland–Altman plots were created to evaluate the agreements be-
tween them. In Bland–Altman plots, the mean difference and 95% limits of agree-
ment (LOA) were estimated using the median and the 2.5th and 97.5th percentiles of
the differences because the differences were not normally distributed. The Wilcoxon
signed-rank test was used to determine whether the SUVs and SUVRs of SPECT and
PET were statistically different.

Diagnostic performance was evaluated in terms of sensitivity, specificity, accu-
racy, and area under the receiver-operating characteristic curve (AUC). The sensitiv-
ity, specificity, and accuracy were compared between different images at the patient
and region levels using the McNemar test and Fisher’s exact test. The AUC values
were calculated using the trapezoid rule and compared using the method of Hanley
and McNeil. The diagnostic performance values are reported with a 95% confidence
interval (CI95%). P values < 0.05 were considered statistically significant.
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5 Results

5.1 Optimal Acquisition of Bone SPECT Using a CZT
System

In the qualitative analysis, the original images scored best in terms of both lesion
visibility and image quality. However, the energy window could be narrowed to 8%,
the acquisition time reduced to 38 min, or the matrix size increased to 256 × 256
without significantly affecting lesion visibility or image quality failure rates. The
given scores for lesion visibility and overall image quality in different images and
their corresponding failure rates are summarized in Table 3.

Table 3. Scores and failure rates for lesion visibility and image quality with different acquisition
parameters (from original publication I).

Acquisition
time

Energy
window

Matrix
size

𝑁

Lesion
visibility
score,
mean (SD)

Image
quality
score,
mean (SD)

Lesion
visibility
failure
rate

Image
quality
failure
rate

50 min 15% 128 × 128 45 3.8 (0.8) 3.6 (0.9) 4% 11%
50 min 10% 128 × 128 45 3.8 (0.9) 3.5 (1.0) 4% 16%
50 min 8% 128 × 128 45 3.7 (1.0) 3.4 (1.1) 11% 27%
50 min 6% 128 × 128 45 3.6 (0.9) 3.1 (1.0) a 9% 31% a

50 min 4% 128 × 128 45 3.5 (0.9) a 2.7 (1.1) a 7% 49% a

50 min 15% 256 × 256 45 3.7 (0.9) 3.3 (1.0) a 7% 22%

50 min 15% 128 × 128 90 4.2 (0.8) 3.8 (1.0) 0% 13%
38 min 15% 128 × 128 90 3.8 (0.8) b 3.4 (1.0) b 2% 19%
32 min 15% 128 × 128 90 3.4 (0.9) b 2.9 (1.0) b 11% b 37% b

26 min 15% 128 × 128 90 3.0 (1.0) b 2.2 (1.0) b 32% b 67% b

20 min 15% 128 × 128 90 2.3 (1.0) b 1.4 (0.6) b 58% b 92% b

𝑁 = Total number of scores, i.e., the number of readers multiplied by the number of images.
a Statistically significant difference (𝑝 < 0.05) compared with original images (𝑁 = 45).
b Statistically significant difference (𝑝 < 0.05) compared with original images (𝑁 = 90).
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The quantitative analysis was performed in 130 lesions. Generally, SUV mea-
sures and lesion volumes were not affected by changes in energy window width,
matrix size or acquisition time per view. The only exception was noticeably low
SUVpeak in images with 256 × 256 matrix size, as the median difference was -13%
with respect to original images. The median differences for other measures and
images ranged from -4 to 2%. Acquisition time shortening, energy window narrow-
ing, and 256 × 256 image matrix all increased contrast slightly but less than they
increased noise, resulting in decreased CNR (Table 4).

Table 4. Contrast, noise, and CNR of images with different acquisition parameters (modified from
original publication I).

Acquisition
time

Energy
window

Matrix
size

Contrast,
median (IQR)

Noise,
median (IQR)

CNR,
median (IQR)

50 min 15% 128 × 128 2.0 (1.4–3.2) 0.09 (0.08–0.11) 22.2 (15.7–31.1)
50 min 10% 128 × 128 2.0 (1.4–3.4) 0.12 (0.09–0.16) 17.5 (12.0–24.3)
50 min 8% 128 × 128 2.1 (1.4–3.5) 0.13 (0.10–0.18) 17.4 (12.6–25.8)
50 min 6% 128 × 128 2.2 (1.4–3.5) 0.15 (0.12–0.18) 14.4 (10.4–21.3)
50 min 4% 128 × 128 2.3 (1.4–3.6) 0.18 (0.15–0.22) 12.8 (8.2–20.1)

50 min 15% 256 × 256 2.1 (1.4–3.2) 0.12 (0.10–0.15) 17.1 (12.1–24.5)

41 min 15% 128 × 128 2.0 (1.4–3.3) 0.12 (0.10–0.16) 18.0 (12.0–25.8)
32 min 15% 128 × 128 2.1 (1.4–3.3) 0.15 (0.11–0.19) 14.0 (9.4–20.3)
26 min 15% 128 × 128 2.1 (1.4–3.3) 0.17 (0.14–0.23) 12.7 (8.3–19.7)
20 min 15% 128 × 128 2.2 (1.5–3.6) 0.22 (0.18–0.29) 10.8 (7.1–15.3)
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According to the reference standard diagnosis, 12 patients out of 30 had bone
metastases, 35 different skeletal regions contained bone metastases, and altogether
100 lesions were considered positive for bone metastases. Acquisition time reduc-
tion had little effect on the diagnostic performance, as sensitivity, specificity, accu-
racy, and AUC were not significantly different between the 50-min total acquisition
time and reduced acquisition time images. The number of equivocal lesions tended
to increase as the acquisition time decreased. The results of the patient-, region-,
and lesion-level analyses with decreasing acquisition time are given in Tables 5–7.
Examples of images with different acquisition times and filters are shown in Figure
9.

Table 5. Patient-level analysis with decreasing acquisition time (from original publication I).

Acquisition
time

Sensitivity
(CI95%)

Specificity
(CI95%)

Accuracy
(CI95%)

AUC
(CI95%)

Reader A

50 min 83% (52–98%) 83% (59–96%) 83% (65–94%) 0.83 (0.65–0.94)
32 min 83% (52–98%) 78% (52–94%) 80% (61–92%) 0.81 (0.62–0.93)
26 min 100% (74–100%) 78% (52–94%) 87% (69–96%) 0.89 (0.72–0.97)
16 min 100% (74–100%) 72% (47–90%) 83% (65–94%) 0.86 (0.69–0.96)

Reader B

50 min 92% (62–100%) 72% (47–90%) 80% (61–92%) 0.82 (0.64–0.94)
32 min 100% (74–100%) 89% (65–99%) 93% (78–99%) 0.94 (0.80–1.00)
26 min 100% (74–100%) 89% (65–99%) 93% (78–99%) 0.94 (0.80–1.00)
16 min 92% (62–100%) 83% (59–96%) 87% (69–96%) 0.88 (0.70–0.97)

Table 6. Region-level analysis with decreasing acquisition time (from original publication I).

Acquisition
time

Sensitivity
(CI95%)

Specificity
(CI95%)

Accuracy
(CI95%)

AUC
(CI95%)

Reader A

50 min 57% (39–74%) 96% (91–98%) 88% (83–93%) 0.77 (0.70–0.83)
32 min 57% (39–74%) 97% (92–99%) 89% (83–93%) 0.77 (0.70–0.83)
26 min 63% (45–79%) 94% (89–98%) 88% (83–93%) 0.79 (0.72–0.84)
16 min 57% (39–74%) 91% (85–95%) 84% (78–89%) 0.74 (0.67–0.80)

Reader B

50 min 53% (36–69%) 94% (88–97%) 85% (79–90%) 0.77 (0.70–0.83)
32 min 58% (41–74%) 98% (94–100%) 89% (84–94%) 0.80 (0.74–0.86)
26 min 55% (38–71%) 98% (94–100%) 89% (84–93%) 0.79 (0.72–0.85)
16 min 55% (38–71%) 98% (94–100%) 89% (83–93%) 0.79 (0.72–0.85)
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Table 7. Lesion-level analysis with decreasing acquisition time (from original publication I).

Acquisition

time

Number of

positive

lesions

reported

Number of

true

positive

lesions

Number of

false

positive

lesions

Number of

false

negative

lesions

Number of

equivocal

lesions

reported

Ratio of

equivocal

to all detected

lesions

Reader A

50 min 52 49 3 51 11 17%

32 min 40 36 4 64 14 26%

26 min 37 35 2 65 17 31%

16 min 49 43 6 57 26 35%

Reader B

50 min 55 52 3 48 7 11%

32 min 54 53 1 47 5 8%

26 min 51 49 2 51 3 6%

16 min 52 50 2 50 4 7%

Total

50 min 107 101 6 99 18 14%

32 min 93 89 5 111 19 17%

26 min 88 84 4 116 20 19%

16 min 101 93 8 107 30 23%

50 min
Gaussian

FWHM 7 mm

32 min
Gaussian

FWHM 10 mm

16 min
Butterworth

cutoff 0.48 cm-1, order 1.2

26 min
Gaussian

FWHM 12 mm

Figure 9. Whole-body 99mTc-HMDP SPECT maximum intensity projections of a 72-year-old
prostate cancer patient with different acquisition times and postprocessing filters. The 50-, 32-,
and 26-min images are filtered using Gaussian filters with FWHMs of 7, 10, and 12 mm, respec-
tively, and the 16-min image is filtered using a Butterworth filter with a cutoff frequency of 0.48
cycles/cm and an order of 1.2 (modified from original publication I).
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5.2 Validation of RBS
A visual comparison of BS and RBS images is shown in Figure. 10. The mean
(SD) image quality grades given by the readers were 3.5 (0.7) for BS and 2.3 (0.6)
for RBS. The CNR values measured from the femur, lumbar vertebra, and the tenth
rib were on average 175, 114, and 185 % higher in RBS images than BS images,
respectively.

A total of 34 patients out of 131 had skeletal metastases according to the refer-
ence standard diagnosis, 103 different skeletal regions contained bone metastases,
and altogether 265 lesions were considered as positive for bone metastases. The op-
timistic analysis revealed little difference between the diagnostic performance of BS
and RBS, while the pessimistic analysis showed RBS to be a more sensitive but less
specific method than BS (Tables 8 and 9).

The number of true positive lesions was similar between BS and RBS, but false
positive and equivocal lesions were more numerous in RBS images. The numbers of
malignant and equivocal lesions reported by each reader and their concordance with
the reference standard diagnosis are shown in Table 10.

BS RBSBSRBS

Figure 10. Anterior and posterior views of BS and RBS of a 75-year-old breast cancer patient with
widespread bone metastases (from original publication II).
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Table 8. Patient-level analysis (from original publication II).

Optimistic analysis

Sensitivity (CI95%) Specificity (CI95%) Accuracy (CI95%) AUC (CI95%)

BS 1 53% (35–70%) 99% (94–100%) 87% (80–92%) 0.76 (0.68–0.83)
BS 2 62% (44–78%) 97% (91–99%) 88% (81–93%) 0.79 (0.71–0.86)
RBS 1 65% (46–80%) 92% (84–96%) a 85% (77–90%) 0.78 (0.70–0.85)
RBS 2 62% (44–78%) 93% (86–97%) 85% (77–90%) 0.77 (0.69–0.84)

Pessimistic analysis

Sensitivity (CI95%) Specificity (CI95%) Accuracy (CI95%) AUC (CI95%)

BS 1 71% (53–85%) 82% (73–89%) 79% (71–86%) 0.77 (0.68–0.84)
BS 2 79% (62–91%) 75% (65–83%) 76% (68–83%) 0.77 (0.69–0.84)
RBS 1 85% (69–95%) 47% (37–58%) a, b 57% (48–66%) 0.66 (0.58–0.74) b

RBS 2 88% (73–97%) a 30% (21–40%) a, b 45% (36–54%) 0.59 (0.50–0.68) a, b

BS 1 = bone scintigraphy reader 1; BS 2 = bone scintigraphy reader 2;
RBS 1 = reprojected bone SPECT-CT reader 1; RBS 2 = reprojected bone SPECT-CT reader 2.
a Statistically significant difference (𝑝 < 0.05) compared with BS 1.
b Statistically significant difference (𝑝 < 0.05) compared with BS 2.

Table 9. Region-level analysis (from original publication II).

Optimistic analysis

Sensitivity (CI95%) Specificity (CI95%) Accuracy (CI95%) AUC (CI95%)

BS 1 49% (39–59%) 100% (99–100%) 93% (91–95%) 0.74 (0.71–0.77)
BS 2 54% (44–64%) 99% (98–100%) 93% (91–95%) 0.77 (0.74–0.80)
RBS 1 50% (40–60%) 98% (97–99%) a 92% (90–94%) 0.74 (0.71–0.77)
RBS 2 46% (36–56%) 98% (97–99%) a, b 91% (89–93%) 0.72 (0.69–0.75)

Pessimistic analysis

Sensitivity (CI95%) Specificity (CI95%) Accuracy (CI95%) AUC (CI95%)

BS 1 61% (51–71%) 97% (96–98%) 92% (90–94%) 0.79 (0.76–0.82)
BS 2 66% (56–75%) 94% (92–95%) 90% (88–92%) 0.80 (0.77–0.83)
RBS 1 70% (60–79%) a 89% (86–91%) a, b 86% (84–88%) 0.79 (0.76–0.82)
RBS 2 68% (58–77%) 84% (81–87%) a, b 82% (79–85%) 0.76 (0.73–0.79)

BS 1 = bone scintigraphy reader 1; BS 2 = bone scintigraphy reader 2;
RBS 1 = reprojected bone SPECT-CT reader 1; RBS 2 = reprojected bone SPECT-CT reader 2.
a Statistically significant difference (𝑝 < 0.05) compared with BS 1.
b Statistically significant difference (𝑝 < 0.05) compared with BS 2.
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Table 10. Lesion-level analysis (from original publication II).

Number of
positive
lesions
reported

Number
of true
positive
lesions

Detection
rate of
true positive
lesions

Number
of false
positive
lesions

Number
of false
negative
lesions

Number of
equivocal
lesions
reported

Ratio of
equivocal
to all detected
lesions

BS 1 135 134 51% 1 131 43 24%
BS 2 176 169 64% 7 96 62 26%
RBS 1 163 144 54% 19 121 139 46%
RBS 2 163 137 52% 26 128 185 53%

BS 1 = bone scintigraphy reader 1; BS 2 = bone scintigraphy reader 2;
RBS 1 = reprojected bone SPECT reader 1; RBS 2 = reprojected bone SPECT reader 2.

5.3 Validation of Bone SPECT SUVs
A total of 231 skeletal lesions, 129 metastatic and 102 benign, were analyzed. The
scatter and Bland–Altman plots for SUV measures are show in Figure 11. The corre-
lations between SPECT and PET SUVs are strong and statistically significant (𝑅2 ≥
0.80, 𝑝 < 0.001). PET SUVs are significantly higher than SPECT SUVs (𝑝 < 0.001),
and SUVpeak is the measure with the smallest difference between SPECT and PET.
Metastatic lesions have generally higher SUVs than benign lesions, but the SUV
distributions of benign and metastatic lesions overlap greatly.

The scatter and Bland–Altman plots for SUVR measures are shown in Figure
12. The correlations between SPECT and PET SUVRs are slightly weaker than
the correlations between their SUVs. However, the SUVRs of SPECT and PET are
more similar than their SUVs because PET images have higher background SUVs
(Table 11). Only SUVRspeak are significantly different between SPECT and PET. The
SUVR distributions of benign and metastatic lesions overlap like the corresponding
SUV distributions. Figure 13 contains a visual comparison of SPECT and PET SUV
images.

Table 11. SUVsmean, bg from normal appearing bone at different skeletal sites (modified from original
publication III).

Skeletal
site

PET SUV,
median (IQR)

SPECT SUV,
median (IQR)

PET SUV – SPECT SUV,
median (IQR)

Skull 2.6 (2.1–5.0) 2.0 (1.8–2.6) 0.3 (0.1–0.8)
Spine 7.4 (6.6–8.7) 6.1 (4.7–6.8) 1.7 (0.6–2.8)
Rib cage 3.0 (2.4–4.0) 2.5 (2.0–3.1) 0.7 (-0.1–1.0)
Pelvis 5.5 (4.7–6.6) 4.7 (4.1–6.0) 0.6 (-0.2–1.3)
Limbs 3.8 (2.9–4.9) 3.2 (2.1–4.3) 0.7 (0.1–1.0)
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Figure 11. Scatter and Bland–Altman plots for (A) SUVmax, (B) SUVpeak, and (C) SUVmean of lesions
in SPECT and PET images. Metastatic lesions are marked in red and benign in black. In the scatter
plots, the regression lines with slopes, y-intercepts and coefficients of determination (𝑅2) have
been calculated using the method of least squares. In the Bland–Altman plots, the solid lines with
numerical values denote median differences and the dotted lines denote 95% LOA (modified from
original publication III).
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Figure 12. Scatter and Bland–Altman plots for (A) SUVRmax, (B) SUVRpeak, and (C) SUVRmean of
lesions in SPECT and PET images. Metastatic lesions are marked in red and benign in black. In
the scatter plots, the regression lines with slopes, y-intercepts and coefficients of determination (𝑅2)
have been calculated using the method of least squares. In the Bland–Altman plots, the solid lines
with numerical values denote median differences and the dotted lines denote 95% LOA (modified
from original publication III).
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Figure 13. Maximum intensity projections of 99mTc-HDP SPECT and 18F-NaF PET acquired from
the same 66-year-old prostate cancer patient. SUVspeak are shown for the most active lesions. The
SPECT was acquired two days before the PET (from original publication III).
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6 Discussion

The routine method for skeletal imaging in nuclear medicine is expected to shift
from planar BS to whole-body bone SPECT-CT [10, 23]. To support this transition,
this thesis evaluated whole-body bone SPECT-CT with fast acquisition, reprojec-
tion to conventional planar images, and quantitation. Study I shows that whole-body
bone SPECT-CT can be acquired in 20 min without compromising diagnostic perfor-
mance, Study II that planar images reprojected from SPECT-CT perform similarly
to acquired BS images in the detection of bone metastases, and Study III that the
quantitation accuracy of bone SPECT-CT is comparable to that of bone PET-CT.

6.1 Implications for Routine Clinical Practice
Planar BS has been the routine method for the detection of bone metastases in breast
and prostate cancer patients for several decades [11–15]. BS has high sensitivity for
bone metastasis detection, but the specificity is rather limited [12, 16, 17]. A separate
CT examination has been frequently used to compensate for this low specificity [18].
However, the co-registration between 2D BS and 3D CT can often be challenging
due to the lack of exact anatomical localization in BS. Integrated SPECT-CT systems
allow for exact anatomical localization, and they have been available for two decades
now [10]. The continuing development of technology and expertise in SPECT-CT,
combined with superior diagnostic accuracy, are making it a favorable alternative to
planar BS.

However, the use of bone SPECT-CT has been generally limited to partial-body
imaging as an add-on to whole-body planar BS [23]. The widespread adoption of
whole-body bone SPECT-CT has been hindered by the lengthy acquisition and more
laborious image reporting. Currently, the acquisition time for whole-body SPECT-
CT examinations is typically more than 40 min, and for BS, it is approximately 15
min [24]. With the short acquisition time of 20 min, the clinical use of whole-body
bone SPECT-CT could potentially increase significantly.

Some nuclear medicine physicians may still feel reluctant to switch to the more
complex and time-consuming reading of multi-slice whole-body SPECT-CT and
abandon the familiar methodology of BS. The acquisition of both BS and whole-
body SPECT-CT in a row during this transition period might be tempting, but it
would greatly increase the examination time. By utilizing RBS images, nuclear
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medicine physicians would be provided with a more familiar planar image along
with the tomographic image for interpretation without the need for additional scan-
ning.

Breast and prostate cancer patients are commonly examined multiple times for
follow-up over several years to evaluate disease progression or treatment response
[203]. During the transition from routine planar BS to whole-body bone SPECT-CT,
the comparison between previous BS and follow-up SPECT-CT examinations might
be challenging due to different image types. However, the comparison between pre-
vious BS and follow-up RBS would be more straightforward. Additionally, SPECT-
CT would then provide a more comprehensive view of the current state of the disease
and a reference for upcoming follow-up SPECT-CT.

SPECT has conventionally been used in a non-quantitative manner, i.e., the im-
ages have been visually interpreted using color scale intensities instead of numeric
values of radiopharmaceutical uptake [32, 33]. The quantitation by SUVs could com-
plement the visual image analysis in multiple ways. The first application would be
longitudinal disease assessment by measuring changes in bone metastasis SUVs be-
tween previous and follow-up images [146, 164–167]. An increase in SUV might
indicate disease progression, while a decrease might indicate treatment response.

The second application would be the overall standardization of SPECT results
between patients, imaging systems and clinical centres [46, 204]. This would be
useful in large clinical trials where hundreds of patients are recruited from multi-
ple clinical centres with different imaging systems. SUV measurements would also
decrease the interobserver variability in the interpretation of SPECT [146].

The third application would be the automatic normalization of the image inten-
sity scale in visual evaluation [176]. Currently, the intensity scale is initially nor-
malized with respect to the voxel with the highest uptake, which usually represents
the bladder. The intensity scale is then manually adjusted such that normal skeletal
structures appear with typical intensity. This manual adjustment is required because
the magnitude of the highest uptake varies greatly. By using the SUV scale, the typ-
ical appearance could be achieved automatically by normalizing to a specific SUV
level, for example, SUV = 15, as was done in Figures 9 and 13 (pages 45 and 51).

Normalization by SUV would also trivialize the detection of so-called super-
scans, in which most of the skeleton presents markedly increased activity [12, 176].
This uniformly increased activity may go undetected in visual analyses based on rel-
ative activity levels, although reduced activity in kidneys and bladder has been used
as a sign of superscan [205].

The main obstacle in the transition from planar BS to whole-body bone SPECT-
CT is the increased complexity in the whole examination process. Thus, an imme-
diate adoption of all the presented methods, fast whole-body acquisition, RBS, and
SUVs, cannot be expected. Instead, fast whole-body bone SPECT-CT with RBS will
probably be the first step, followed by the later adoption of SUVs when the whole-
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body bone SPECT-CT examination has become a routine modality.
It should also be kept in mind that while bone PET-CT is a slightly better method

in terms of diagnostic performance and routine quantitation, the cost of bone PET-
CT is 3- to 4-fold that of bone SPECT-CT [19]. Bone SPECT-CT is therefore the
more cost-effective modality for the evaluation of metastatic bone uptake in breast
and prostate cancer.

6.2 Reliability and Validity of the Results
In Study I, the diagnostic performance of bone SPECT-CT with reduced acquisition
time was evaluated from the fused SPECT-CT images, which corresponds to the
current routine procedure in clinical practice. In contrast, the qualitative analyses
in Study I were performed by viewing whole-body SPECT without CT, which is
nowadays a rare situation. In Study II, the BS and RBS images were evaluated in a
manner representing clinical practice, but the more detailed appearance of RBS was
unfamiliar to the reading physicians.

All qualitative image analyses are always reader-dependent, as the visual image
quality grades given by the reading physicians reflect the image quality to which they
are accustomed. Quantitative analyses are more reliable, although their results can
be affected by image processing conditions and VOI definition.

For now, Study I seems to be the only published receiver-operating characteristic
analysis comparing whole-body bone SPECT-CT with different acquisition times.
However, qualitative analysis of fast bone SPECT has been published before by Gre-
goire et al. [25]. They concluded that images similar to the 16-min images presented
in Study I are sufficient for diagnostic use. Additionally, quantitative analysis of
fast bone SPECT has been published before by Yamane et al. [206]. They focused
mainly on SUVmax and concluded that images also similar to the 16-min images are
acceptable for the clinical evaluation of quantitative values.

Little evidence of RBS exists in the literature, and so far, Study II appears to be
the only published study evaluating the diagnostic performance of RBS. The RBS
method has been presented earlier [26], but the usage of reprojected SPECT has
been previously validated only for lung [134–137] and gated blood-pool imaging
[138, 139]. The results of SUV comparison between bone SPECT-CT and PET-
CT in Study III have been recently confirmed by Tanaka et al. [207]. However, they
reported slightly weaker correlations between SPECT-CT and PET-CT, probably due
to differences in image processing.

All patients underwent PET-CT and DW-MRI imaging in addition to BS and
SPECT-CT. In addition to consensus reading of all imaging modalities, clinical, and
imaging follow-up of at least six months were used to define true nature of the lesions
detected by each of the modalities. This approach is similar to other studies focusing
on the detection of bone metastases [27, 124]. All readers were highly experienced
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nuclear medicine physicians or radiologists with at least five years of experience in
the detection of bone metastases using their specific imaging modalities.

6.3 Reflections on Image Acquisition
Reductions in acquisition time and injected activity have equal effects on image qual-
ity. Therefore, the results of acquisition time reduction can be applied in practice by
reducing the injected activity instead. However, planar BS and bone SPECT-CT are
most often performed in elderly cancer patients, for whom the reduction in acquisi-
tion time is typically more important than the reduction in radiation exposure. The
relatively low radiation exposure of less than 10 mSv [24] from a whole-body bone
SPECT-CT examination is clinically justified for elderly cancer patients, but laying
still for almost an hour may be difficult for them. On the other hand, lower injected
activities would also reduce staff radiation exposure.

The acquisition time per view, number of views, and the selection between step-
and-shoot and continuous acquisition modes affect the time efficiency of image ac-
quisition. In an efficient acquisition, the idle time required for detector and bed
movements takes only a small portion of the total acquisition time. If the acquisition
time per view is greatly reduced and the data are acquired in step-and-shoot mode
with a large number of views, the idle time can take over half of the total acquisition
time. Therefore, limiting the number of views might be even more important than
limiting the acquisition time per view. This is further supported by the introduction
of SPECT acquisition with as few as six views (12 projections), which, however, has
not yet been validated for bone SPECT [208, 209]. Finally, continuous acquisition
mode is the most time-efficient option, although it still requires careful balancing
between acquisition time per view and number of views.

Another way to reduce the acquisition time even further would be to use two
FOVs instead of three [127]. Two FOVs could cover the area from the base of the
skull to proximal femurs, while three FOVs extend from the top of the skull to middle
femurs. The excluded anatomical areas would unlikely contain solitary findings, as
bone metastases are usually widespread when these areas are affected. The first areas
where bone metastases typically occur are the spine, rib cage, and pelvis [210].

Energy-window narrowing decreased CNR without any apparent benefits. This
may be explained by a limitation in SPECT acquisition software (NM Operator Con-
sole, version 1.003.611.0, GE Heatlhcare, Haifa, Israel) that does not allow changing
of the detector uniformity correction matrix when energy window is changed. Ide-
ally, different uniformity correction matrices would have been used with different
energy windows [211]. Furthermore, the reconstruction software included a rather
sophisticated scatter correction based on the CT attenuation map and Monte Carlo
simulation, which may have diminished the effect of energy window narrowing.
However, the difference in scatter correction performance between energy window
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narrowing and simulation-based scatter correction remains unclear.
Nonetheless, with the CZT system, the use of a 15% energy window width is

reasonable, especially when the acquisition time of bone SPECT is reduced. Energy
window narrowing increases noise by reducing the number of accepted gamma rays,
which results from the partial coverage of the measured photopeak. Assuming the
CZT system has a Gaussian energy resolution with 6% FWHM at 140 keV, the energy
windows centred at 140 keV with widths of 15, 10, 8, 6, and 4% would cover 99.6,
95, 88, 76, and 57% of the photopeak, respectively. The 15% energy window covers
the photopeak almost completely.

Although the effects of acquisition time reduction were studied using only a dig-
ital CZT SPECT-CT system, the results can be generalized to analogic SPECT-CT
systems by considering the differences in system sensitivity and spatial resolution.
The acquisition time can be normalized with respect to the sensitivity difference be-
tween the SPECT-CT systems if they have similar spatial resolution.

6.4 Reflections on Image Processing
Although image processing was not thoroughly optimized in this thesis, it plays a
critical role in the image quality and quantitative accuracy of bone SPECT. Currently,
reconstructions are most often performed using iterative algorithms, which include
corrections for photon attenuation, scatter, and collimator response. The trade-off
between contrast and noise is controlled by iterations and filtering. More advanced
reconstruction algorithms using CT for anatomical a priori information have been
recently introduced [176, 183], but their accessibility was limited during the work of
this thesis.

According to the quantitative and qualitative analyses of Study I, a noise level of
approximately 0.10 was associated with clinically accepted image quality. This noise
level was also used as the target when selecting filters for the 32- and 26-min images
used in the diagnostic performance analysis. Otherwise in Study I, the reconstruction
parameters were similar to those suggested to be optimal by Alqahtani et al. [87].
The 16-min images were processed differently to mimic the processing method used
in a previous study by Gregoire et al. [25]. The short acquisition time combined with
unoptimized image processing resulted in the highest number of equivocal lesions
but had little effect on the patient- and region-level diagnostic performance.

In Study II, the typical image processing used for SPECT in this thesis was ap-
plied in the production of RBS images. This produced RBS images that were more
detailed than the acquired BS images and had more numerous and intense focal up-
takes. The RBS images also had clearly higher CNR than BS images, which was
caused by the high contrast between bone and soft tissue and the smooth appearance
of normal bone tissue. However, the increase in detail turned out rather counterpro-
ductive, as the RBS images contained many equivocal findings not reported from BS
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images (Table 9).
In retrospect, it might have been suitable to use a less complex SPECT recon-

struction for RBS images, i.e., lowering resolution by using fewer iterations and
omitting corrections for scatter and collimator response. This could have caused
RBS images to appear more like the acquired BS images. However, this would have
also lowered the sensitivity of RBS closer to that of BS. Nonetheless, less complex
processing should be considered in clinical practice if a follow-up RBS is compared
with a previous BS.

In Study III, a higher number of iterations was used to compensate for the spatial
resolution difference between SPECT and PET. A higher number of iterations in-
creases the quantitation accuracy, but it also increases noise. Fortunately, algorithms
incorporating relative difference priors are being incorporated into SPECT [176].
They allow the reconstruction of images with both low noise and accurate quanti-
tation. Furthermore, the recently introduced algorithms using CT for anatomical a
priori information increase the spatial resolution of bone SPECT but require acqui-
sition using a 256 × 256 matrix [176, 183]. In Study I, the 256 × 256 matrix resulted
in no apparent benefits for image quality, perhaps due to the use of the conventional
reconstruction algorithm.

6.5 Topics for Further Research
Recently, CZT SPECT-CT systems with completely redesigned 3D acquisition ge-
ometry have been introduced [112, 212]. These systems have typically 12 detector
heads positioned into a ring-shaped configuration. The acquisition protocols should
be carefully optimized to make the most of these systems.

On the processing side, novel reconstruction algorithms should be optimized,
especially for fast bone SPECT-CT. Furthermore, artificial intelligence has garnered
attention in many fields, and nuclear medicine is no exception [213, 214]. Currently,
the promising applications of artificial intelligence include image de-noising [215,
216] and automated image analysis [217, 218].

Finally, acquisition and reconstruction protocols should be standardized in such
a way that quantitative results can be reliably compared between different hospitals
and SPECT-CT systems. This requires more research on their quantitation accuracy
and performance. For PET-CT, differences in absolute quantitation between various
systems have been extensively characterized, leading to standardization through an
accreditation program [219].
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7 Conclusions

I Whole-body bone SPECT-CT can be acquired using a general-purpose CZT
system in less than 20 min without loss of diagnostic performance in metas-
tasis staging of high-risk prostate cancer patients.

II Whole-body bone SPECT-CT can be reprojected into more familiar anterior
and posterior planar images with excellent sensitivity for bone metastases,
making additional acquisition of planar BS unnecessary.

III The SUVs of bone SPECT-CT and 18F-NaF PET-CT correlate strongly and
SUVRs are very similar, demonstrating that SPECT SUVs are feasible for
uptake measurements in bone metastases of breast and prostate cancer.
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