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Abstract
Purpose In order to achieve comparability of image quality, harmonisation of PET system performance is imperative. In this
study, prototype harmonisation criteria for PET brain studies were developed.
Methods Twelve clinical PET/CT systems (4 GE, 4 Philips, 4 Siemens, including SiPM-based “digital” systems) were used to
acquire 30-min PET scans of a Hoffman 3D Brain phantom filled with ~ 33 kBq·mL−1 [18F]FDG. Scan data were reconstructed
using various reconstruction settings. The images were rigidly coregistered to a template (voxel size 1.17 × 1.17 × 2.00 mm3)
onto which several volumes of interest (VOIs) were defined. Recovery coefficients (RC) and grey matter to white matter ratios
(GMWMr) were derived for eroded (denoted in the text by subscript e) and non-eroded grey (GM) and white (WM) matter VOIs
as well as a mid-phantom cold spot (VOIcold) and VOIs from the Hammers atlas. In addition, left-right hemisphere differences
and voxel-by-voxel differences compared to a reference image were assessed.
Results Systematic differences were observed for reconstructions with and without point-spread-function modelling (PSFON and
PSFOFF, respectively). Normalising to image-derived activity, upper and lower limits ensuring image comparability were as
follows: for PSFON, RCGMe = [0.97–1.01] and GMWMre = [3.51–3.91] for eroded VOI and RCGM = [0.78–0.83] and
GMWMr = [1.77–2.06] for non-eroded VOI, and for PSFOFF, RCGMe = [0.92–0.99] and GMWMre = [3.14–3.68] for eroded
VOI and RCGM = [0.75–0.81] and GMWMr = [1.72–1.95] for non-eroded VOI.
Conclusions To achieve inter-scanner comparability, we propose selecting reconstruction settings based on RCGMe and
GMWMre as specified in “Results”. These proposed standards should be tested prospectively to validate and/or refine the
harmonisation criteria.
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Introduction

In clinical brain PET studies, images often are compared longi-
tudinally or with a reference database. Rigorous quality control

and assurance are required in order to prevent that variability and
differences between PET systems with regard to image quality,
can affect research conclusions or patient diagnostics. This is
especially the case when the effects studied are small (e.g. annual
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change in amyloid signal in Alzheimer’s disease [1]), so that data
from multiple centres need to be combined to form the large
datasets needed to obtain statistically significant conclusions.
The growing need for multi-centre collaborations and (raw) data
sharing in clinical brain research [2, 3] further highlights the need
for image comparability between PET systems across multiple
clinical centres.

It is clear that, in addition to standardised procedures for
data acquisition, harmonisation of image quality and quantifi-
cation measures is required. With the current pace of techno-
logical advancements in scanner design and characteristics,
performance between currently installed clinical PET systems
varies considerably. Moreover, since imaging system vendors
use proprietary software, selecting apparently equivalent ac-
quisition and reconstruction settings will not necessarily yield
equivalent results (if equivalent settings are available at all).

So far, multiple initiatives aiming to harmonise acquisition
protocols and image quality procedures, specifically for brain
PET imaging, have been published [4–8]. In addition to stan-
dard imaging quality assurance tests, proposed brain PET
quality control and accreditation schemes include more strin-
gent minimum requirements for image uniformity, noise, spa-
tial resolution and image contrast [9]. Optimising reconstruc-
tion settings for individual PET systems has also been found
to increase multi-centre comparability of PET images [4]. In
addition, good results have been achieved by applying spatial
smoothing to existing PET images to mitigate inter-scanner
differences [10–12]. However, this method is not suitable for
all studies, because small differences caused by pathology
could also be reduced or even removed by this filtering step.

An alternative approach is to employ predefined
harmonisation criteria similar to the EANM Research Ltd.
(EARL) image quality standards developed for clinical oncol-
ogy [13, 14], i.e. to select reconstruction settings for each
individual scanner based on predetermined lower and upper
quantitative performance limits as assessed by phantom imag-
ing. This ensures that data from as many PET systems as
possible can be combined, while maintaining image quality
comparability.

Adherence to EARL standards does not necessarily ensure
comparability of brain PET images. The NEMA NU 2 Body
phantom used in these standards consists of multiple spheres
with relatively high activity concentrations compared with the
large uniform background compartment. While this geometry
is suitable for simulating tumour uptake, tracer distribution in
the brain generally is more uniform across larger compart-
ments, i.e. grey matter (GM) and white matter (WM). This
inherently leads to differences in characteristics important
for accurate quantification (e.g. scatter correction, attenuation
correction, partial volume effects). Therefore, in this study, the
Hoffman 3D Brain phantom [15] was used to derive
harmonisation standards. This commonly used and widely
available standard phantom simulates brain uptake of flow

or metabolism tracers (e.g. [18F]FDG) with a grey matter to
white matter ratio (GMWMr) of 4.

The aim of this study was to establish harmonisation of
image quality and quantification for brain PET imaging in a
multi-centre setting by defining limits for quantitative perfor-
mance criteria derived from Hoffman 3D Brain phantom im-
ages. Recognising that comparability between scanners is
more important than achieving the theoretically correct quan-
titative value on each individual scanner, upper limits were
defined in addition to lower limits. The maximum RC that
the various clinical PET systems can achieve varies greatly.
Therefore, if no upper limit were specified (or if the upper
limit were set to the theoretical RC value), the differences in
contrast recovery that would be permitted by the
harmonisation criteria would be larger, which would lead to
decreased comparability. Note, however, that we aimed to
find the most accurate harmonising performance criteria, thus
excluding systems that produced only reconstructed images of
poor image quality so that these would not define the accred-
itation limits.

Methods

A Hoffman 3D Brain phantom was scanned at seven different
sites on a total of twelve different EARL-accredited PET/CT
systems. Both analogue and SiPM-based “digital” systems of
all three main PET/CT system vendors were included. Vendor
and system characteristics are summarised in Table 1.

Phantom

The Hoffman 3DBrain phantom is an anthropomorphic phan-
tom containing a 1140 mL compartment, representing the en-
tire brain, to be filled with a radioactive solution. To simulate a
grey matter to white matter ratio (GMWMr) of 4, the fillable
volume is a factor of 4 smaller in areas representing WM than
in areas representing GM. This is accomplished through
placement of plastic layers within WM regions that are thin
enough to be indiscernible on PET images (due to partial
volume effects), leading to lower apparent activity concentra-
tions. Given this design, in this paper, recovery coefficient
(RC) is defined as the activity concentration measured by
PET divided by the activity concentration of the stock solution
(rather than the actual activity concentration in the GM and
WM compartments). Theoretically, the recovery coefficients
derived from the phantom PET image should therefore yield
RCGM = 1 and RCWM= 0.25.

Data acquisition

The phantom was filled from a 1500 mL stock solution con-
taining ~ 50 MBq [18F]FDG (i.e. ~ 33 kBq/mL, similar to
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clinically observed GM activity concentrations for [18F]FDG
brain PET) at the start time of each scan. A PET scan of at least
30 min (a duration chosen to minimise the influence of
counting statistics on the results) was then acquired and re-
constructed using various protocols and settings available on
each system (Online Resource 1). Settings were chosen within
a clinically relevant range. Where available, settings included
the system’s proprietary clinical brain imaging protocol.

VOI and mask definition

From the acquired dataset, one PET scan (matrix size 256 ×
256 × 111 and voxel size 1.17 × 1.17 × 2.00 mm3) was select-
ed to serve as template for defining PET-based volumes of
interest (VOI). The accompanying CT scan was combined
with two other CT scans from other systems, rigidly
coregistered (using linear interpolation) to the first using
Elastix software [16], to construct a maximum intensity CT
image. The purpose of this step was to eliminate air bubbles
from the image. The maximum intensity CT image was then
used as template for defining CT-based VOI (matrix size
512 × 512 × 111 and voxel size 0.97 × 0.97 × 2.00 mm3).

CT-based VOI First, spatial smoothing was applied to the CT
template to smooth interfaces between compartments. Then
the following VOI were defined: (a) a VOI representing the
solid plastic areas within the phantom, which was automati-
cally delineated with a HU > 95 threshold on the CT image;
(b) a VOI representing WM which was automatically delin-
eated with thresholds 50 < HU< 95; (c) a VOI representing
GM which was automatically delineated with thresholds 0 <
HU< 50]; (d) a left-right hemisphere binary mask which was
defined manually using MATLAB [17]; and (e) a VOI
representing the centrum semiovale region which was defined
manually using ITK-snap [18]; for all automatically

delineated VOI, small delineation errors were corrected man-
ually using ITK-snap. All VOI and masks were resliced to
PET template matrix size using Vinci [19]. In addition, a bi-
nary GM&WM mask was constructed to be used as the tem-
plate for coregistration of the PET images. To prevent partial
volume effects from influencing RC values, additional VOI
were defined by eroding the GM andWMVOI using a sphere
with 4-voxel radius (MATLAB function “imerode”). In the
remainder, eroded VOI will be marked with subscript “e”.

PET-based VOI (a) Using ITK-snap, two masks were defined
manually onto the PET template: one generously encompassing
the entire fillable compartment of the phantom (brain region +
phantom edge) and one encompassing only the brain region; (b)
in order to coregister the Hammers atlas [20], representing mul-
tiple brain regions, to PET template geometry, the binary
GM&WM mask was scaled to resemble a T1 MR image.
This facsimile MR image, together with the template PET,
was then input into a PVE-lab pipeline [21] in order to generate
the coregistered Hammers atlas. The resulting VOI were then
segmented into GM and WM VOI using the GM&WMmask;
(c) because the Hoffman phantom was designed to simulate
[18F]FDG, it does not simulate all characteristics that could be
relevant for brain PET imaging. For example, the phantom does
not simulate a brain region of relatively low uptake (such as
pons for flumazenil studies). Therefore, we have manually
added a spherical VOI (2.59 mL) to the VOI atlas within a
mid-phantom solid plastic area. This zero-uptake region in be-
tween regions of higher uptake is then used to simulate a mid-
brain low uptake region (VOIcold).

Image analysis

For each reconstructed PET image, the first three and last three
axial slices were excluded to avoid field of view (FOV) edge

Table 1 PET/CT systems included in this study

Vendor Model name ID in graphs SiPM-based “digital”
systems?

Time-of-flight reconstruction
available?

PSF reconstruction available?

GE Discovery 690 1 N Y Y

Discovery 710 2 N Y Y

Discovery MI 3 Y Y Y

Discovery MI 4 Y Y Y

Philips Gemini 5 N Y N

Ingenuity 6 N Y Y

Vereos 7 Y Y Y

Vereos 8 Y Y Y

Siemens Biograph 40 9 N Y Y

Biograph 64 10 N Y Y

Horizon (trueV) 11 N Y Y

Biograph 128 Vision 12 Y Y Y
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effects. Subsequently, each scan was rigidly coregistered to
the binary GM&WM map using Elastix and normalised to
stock solution activity concentration to obtain RC images.
Stock solution activity concentration was derived using two
methods: (1) based on net phantom activity as measured by
the locally available dose calibrator and (2) based on image-
derived activity concentration, where whole-phantom activity
was calculated from the image-derived activity in the phantom
brain region, divided by the specified fillable volume of the
phantom (i.e., 1140 mL) and multiplied by a correction factor.
The latter estimates the fraction of brain region activity com-
pared with the activity of the entire fillable compartment of the
phantom (i.e. 0.92 ± 0.01, as derived from scans with suffi-
cient axial FOV range to enable accurate quantification for the
entire phantom compartment); for clarity, in the remainder of
this paper, all measures derived from using method 1 will be
indicated by superscript “dc”.

For each RC image, averaged RC values were derived from
all VOIs. Eroded and non-eroded RCGM and GMWMr results
from all images were then evaluated to define upper and lower
limits, such that at least one reconstructed image from each
PET system produced values within these two sets of limits.

In addition, for each system, the reconstructed image that
produced eroded and non-eroded RCGM and GMWMr most
closely approximating the mid-values between the limits was
selected. In cases where different reconstructions were identi-
fied based on eroded and non-eroded RCGM and GMWMr,
the reconstruction with minimal total relative difference to the
mid-values was selected. From the resulting set of images, an
average and an SD image was constructed, to be used as
reference for voxel-by-voxel comparison.

For all voxels within the GM&WM mask, differences be-
tween each RC image and the reference average image were
compared to the reference SD image. The percentage of
voxels with (absolute) differences >2SD was then calculated.

To enable fast and consistent evaluation of system compli-
ancy, a software tool was developed for automated analysis of
Hoffman 3D Brain phantom images, as outlined above, which
includes all image masks, templates, reference images and
harmonisation criteria. A description of the tool is given in
Online Resource 2.

Results

A total of 64 PET images were analysed. Figure 1 shows
examples reconstructed with and without point-spread-
function modelling (PSFON and PSFOFF, respectively), along
with the image masks used for analysis.

The differences between image-derived and dose calibrator-
derived activity concentrations are visualised in Fig. 2. For one
PET system (system ID 2), unrealistically large differences were
found thatwere inconsistent with the rest of the dataset (including

those of the same scanner model). Correction for suspected day-
light savings error could only partially resolve this issue. Image-
normalised RC values were also relatively high compared to the
full dataset. Visual inspection revealed all reconstructed images
from this particular system to be of poor image quality. Therefore
this system was excluded from the dataset that was used for
developing quantitative harmonisation criteria and subsequently
only used at a later stage to test whether those criteria succeeded
in excluding all reconstructions from this system.

For the remaining reconstructions, dose calibrator-derived
activity at PET start time was 38.05 ± 11.17 MBq, and ratios
with image-derived activity (36.02 ± 7.65MBq) were within a
10% range. Although this is consistent with the EARL criteria
(that allow for a ± 10% cross-calibration error between dose
calibrator and PET measurement), it is a wide range for brain
imaging. Moreover, variation in dose calibrator-normalised
RC (RCdc) was higher than for image-normalised RC: SD =
2.68% and 1.61%, respectively, for PSFON reconstructions
and 2.86% and 2.19%, respectively, for PSFOFF reconstruc-
tions, while for each system, variation between image-derived
activity concentrations from the various reconstructions was
small (SD < 1%). Therefore (and to prevent cross-calibration
errors from affecting results), image-based normalised data
were used for the remainder of this paper.

Systematic differences were observed for PSFON compared
with PSFOFF reconstructions (RCGMe= 0.98 ± 0.02 and
GMWMre= 3.70 ± 0.15 compared to RCGMe= 0.96 ± 0.02
and GMWMre= 3.41 ± 0.21, where GE’s Q. Clear reconstruc-
tion was categorised as PSFON; see Figs. 3 and 4). Therefore,
in the remainder of this paper, results will be shown for PSFON
and PSFOFF reconstructions separately. No marked differ-
ences were observed in results for analogue versus digital
PET/CT systems (RCGMe = 0.98 ± 0.02 and GMWMre =
3.57 ± 0.27 compared to RCGMe = 0.97 ± 0.02 and
GMWMre = 3.61 ± 4.97).

Figures 3 and 4 show RCGM and GMWMr for non-eroded
and erodedGMandWMVOI, respectively, alongwith the limits
for selecting reconstructions of comparable quality, chosen such
that at least one reconstruction per system could adhere to both
criteria (except for system ID 2, asmentioned above): for PSFON,
RCGMe = [0.97–1.01] and GMWMre = [3.51–3.91] for eroded
VOI and RCGM= [0.78–0.83] and GMWMr= [1.77–2.06] for
non-eroded VOI; and for PSFOFF, RCGMe = [0.92–0.99] and
GMWMre = [3.14–3.68] for eroded VOI and RCGM = [0.75–
0.81] and GMWMr= [1.72–1.95] for non-eroded VOI. In the
figures, the actual reconstructions selected for creating the refer-
ence average and SD images for voxel-by-voxel analysis are
marked in grey.

For reconstructions compliant with the proposed criteria
(summarised in Tables 2 and 3), absolute relative differences
between RCGM derived from the left hemisphere and those de-
rived from the right hemisphere were < 4.7% (range: 0.01–
4.57%), as shown in Fig. 5. Systems from one vendor stood
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out with absolute relative differences of 3.95% ± 0.43% for
PSFON and 4.03%± 0.44% for PSFOFF, compared with 0.79%
± 0.67% and 1.19%± 1.32%, respectively, for the other vendors.
Figure 6 shows that RC fromVOIcold was in the range 0.02–0.05
and 0.03–0.07 for compliant PSFON and PSFOFF reconstructions,
respectively. In addition, RCGM and RCWM were derived for
VOI from the Hammers template. Results are shown in Fig. 7,
to be used as reference for future phantom analysis.

Results of the voxel-by-voxel analysis are shown in Fig. 8.
For most reconstructions adhering to the criteria for RCGM

and GMWMr, the percentage of voxels with differences

>2SD compared with the reference image was < 6.7% for
PSFON and < 10.0% for PSFOFF. Exceptions were two
PSFOFF reconstructions from system ID1 that exhibited rela-
tively large left-right hemisphere ratios and two PSFON recon-
structions from system ID9.

Discussion

This study focused on developing criteria for selecting PET
reconstruction settings that can achieve quantitative

Fig. 1 Typical RC-images for a
PSFOFF (a) and PSFON (b) re-
construction of a Hoffman 3D
Brain phantom PET scan, along
with the normalisation mask (c),
the grey matter and white matter
VOI (d), the eroded grey matter
and white matter VOI (e) and the
coregistered Hammers template
with manually added VOI within
an area not containing radioactive
solution (f)
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performance harmonisation of brain PET studies across PET
centres, so that data from different centres can be combined in
order to generate the large datasets needed for detecting po-
tentially small drug-induced changes. Similar to the EARL
criteria in oncology, it is proposed to use lower and upper
limits for RCGM and GMWMr, as derived from imaging a
Hoffman 3D Brain phantom, ensuring that for each system
at least one reconstructed image complies with these criteria.

The present results indicate that PSFON and PSFOFF recon-
structions cannot be pooled. Interestingly, for PSFON recon-
structions, RCGMe > 1 were found, which theoretically should
not be possible. This is not unexpected as PSF reconstructions
are known to show Gibbs artefacts that can lead to local over-
estimation of activity concentrations [22]. For this reason, the
application of PSF reconstruction for brain PET studies, that
often require accurate quantification, is debatable. Regardless
of the outcome of this debate, we have shown that
harmonisation across PET/CT systems in terms of contrast
recovery is possible for PSF reconstructions.

Errors in the image-derived stock activity concentration
could also have affected RC values. As shown in Fig. 2,
image-derived phantom activity concentrations were system-
atically lower than dose calibrator-derived phantom activity
concentrations. This could be caused by voxels within the
image mask not registering all relevant counts or by the slight-
ly different estimate of the total phantom volume (i.e.
1140 mL). However, as the main objective of harmonisation
criteria is to ensure image comparability, a systematic under-
estimation of total phantom activity is not problematic as long
as the analysis is performed consistently. A remedy could be
to normalise to the image-derived activity concentration with-
in a GMVOI, assuming that RCGM = 1 for this region, instead
of to whole-phantom activity concentration. However, the

potential presence of Gibbs artefacts or other non-uniformity
issues within this VOI would subsequently change RC values
for all other VOIs relative to the proposed harmonisation
criteria and therefore change conclusions regarding the opti-
mal reconstruction settings for that system. Therefore, a large
region was chosen, capturing all activity in the phantom for
deriving the stock activity concentration. In addition, the
criteria for RCGM were combined with that for GMWMr, a
measure that is not affected by the stock activity concentration
estimate.

Another solution would be to simply use the dose
calibrator-derived normalisation. In that case, however, RC
could be affected by (variable) errors in the dose calibrator
to PET cross-calibration. Although these errors would be lim-
ited to ± 10% systems that comply with EARL criteria, this
margin is too large for effects to be studied in the brain. In
contrast, proposed RCGM margins in the present study are ±
2.5% for PSFON and ± 3.7% for PSFOFF. Furthermore, brain
PET analyses often use activity ratios relative to reference
brain regions rather than dose calibrator-derived measures,
in which case PET system calibration errors are not relevant.

In the present study, differences were observed in left-right
hemisphere ratio across vendors (Fig. 5). Several systems (ID
5-8), all from the same vendor, exhibited relatively high left-
right differences in RCGM, which indicates the presence of a
gradient across the axial FOV. Phantom positioning was not
consistently different for these systems. Therefore, this effect
is most likely caused by vendor-specific reconstruction soft-
ware. We hypothesise that it could be due to either a misalign-
ment between PET and CT data, leading to errors in the atten-
uation correction map, or a problem with the TOF time align-
ment. Therefore, in case a gradient is observed, reviewing
PET-CT spatial alignment and/or time alignment is recom-
mended. Please note, however, that for scanners included in
this manuscript, all the vendor recommended calibrations and
normalisations were performed, and we were not able to re-
solve the issue nor gain understanding on the nature of this
non-uniformity from our experiments nor from the vendor.
The apparent gradient did not lead to high percentages in the
voxel-by-voxel analysis (Fig. 8) though, which indicates that
the magnitude of the gradient was small compared with other
inter-scanner differences. In addition, no notable differences
in variability for RC of the Hammers VOIs were observed
between vendors. Nevertheless, when assessing clinical

Fig. 2 Ratio of image-derived versus dose calibrator-derived activity
concentrations. Dose calibrator-derived values for system ID 2 were
corrected for a suspected daylight savings error (original ratio ≈ 0.6)

�Fig. 3 Eroded VOI RCGMe (a, b) and GMWMre (c, d) and RCWMe (e, f)
for PSFON reconstructions (left column; circles) and PSFOFF

reconstructions (right column; triangles). Dashed lines represent the
bandwidth, i.e. the proposed harmonisation criteria, such that for every
system, at least one reconstruction shows results within the limits
(excluding system ID 2). White, reconstructions not complying with
both criteria; black, reconstructions complying with both criteria; grey,
reconstructions selected for constructing the reference image
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differences between left and right hemispheric regions, the
observed ~ 4% difference between left and right hemisphere
RCGM should be taken into account.

Given that VOIcold was defined within a zero-uptake re-
gion, theoretically RCcold (as defined in “Methods”) should
be equal to 0. From Fig. 6, it is clear that all scanners approx-
imate RCcold = 0. However, it is important to realise that RC
fromVOIcold variedmarkedly between scanners: up to a factor
of 2.7 for PSFON and 2.5 for PSFOFF reconstructions (com-
pared with a factor of 1.04 and 1.06, respectively, for RCGMe).
We hypothesise that this is due to the different methods of
scatter correction employed by the various scanners and pos-
sibly the OSEM non-negativity constraint. Of course, scanner
performance could be optimised to yield better comparability
of low-uptake recovery. However, this would likely affect
comparability of recovery for other regions. This emphasises
that quantification of very low uptake brain regions may not
be feasible across scanners. Moreover, if such a very low
uptake region were to be used as reference region, inter-
scanner differences between calculated activity ratios could
be substantial.

It is encouraging to see (as evident from Fig. 7) that for the
reconstructions adhering to the proposed harmonisation
criteria, the RC from the Hammers atlas VOI are similar
across PET/CT systems. This indicates that by harmonising
RC for the larger GM and WM VOI, the smaller sub-regions
are also harmonised. Thereby, disease-specific brain patterns
should be reproducible across PET/CT systems.

In theory, the criteria proposed for RCGMe and GMWMre
could be met accidentally, because any existing differences
may be obscured by averaging over a large number of voxels
within the VOI used (12,541 voxels, 34 mL, for eroded GM
and 18,415 voxels, 50 mL, for erodedWM). Therefore, voxel-
by-voxel analysis was included to capture potential regional
quantitative biases. For this analysis, a reference image was
generated by combining the reconstructions (one per system)
that most closely approximated the mid-values between the
upper and lower limits for RCGMe and GMWMre, i.e. those
images with maximum comparability. To assess deviation
from the reference, the number of voxels with RC values that
were more than 2SD different from the reference image was
measured. By using a threshold based on observed SD, voxels
with reference image values of low precision were automati-
cally excluded, reducing the influence of edge effects and

small coregistration errors. The result from the current dataset
seems to indicate that if over 10% (7% for PSFON) of brain
region voxels differ from the reference image by > 2SD, com-
parability should be considered questionable. It should be not-
ed that the reference images were based on a limited dataset,
not including all scanner models. As more data are collected,
reference images could be adjusted, and more definitive
thresholds can be derived.

As Joshi et al. pointed out, comparability increases when
images are smoothed to the same (low) resolution [10]. While
manipulating images in this way may be suitable for many
applications, the increase in comparability comes at the cost
of reduced spatial resolution and reduced accuracy. In some
cases, particularly in those where expected effects are small,
filtering may even remove the effect under study. Of course,
by introducing upper limits to GMWMre and RCGMe, the
harmonisation criteria proposed in the present study also lead
to reduced resolution and accuracy for some scans, albeit less
severe, because the upper limit leads to exclusion of some
reconstructions that would have yielded higher recoveries,
i.e. closer to the theoretical values of RCGM = 1 and
RCWM= 0.25. Inclusion of an upper limit was a deliberate
choice made in order to keep the range between limits as small
as possible, while ensuring all systems could qualify (exclud-
ing system ID 2). The aim of this study was to harmonise
contrast recovery across PET/CT systems rather than to select
those PET/CT systems that achieve the highest contrast recov-
eries. Note that proposed limits for RCGMe are close to 1.0.

For studies requiring higher resolution and accuracy, more
stringent harmonisation criteria may be needed. In some cases,
the requirements may only become apparent retrospectively,
which would require re-reconstruction of the data. Habert
et al. showed that much can be gained in comparability by
optimising settings for each scanner individually [4]. Similar
to the approach in oncology, two reconstructions could be
performed, one in line with the proposed harmonisation stan-
dards and a second one using the locally preferred or
optimised settings [13].

Selecting reconstruction settings based on the proposed
harmonisation criteria does not correct for technical issues of
individual scanners. Therefore, in addition to those criteria,
systems should comply with regular QC as well as EARL
standards. Joshi et al. proposed to further improve compara-
bility by retrospectively applying corrections to PET images
tailored to each individual system. This could, for example,
reduce the left-right hemisphere differences observed for
some scanners. However, as evident from Fig. 8, for the data
acquired in this study, it would not improve comparability
across the dataset. For each case, the variability that a correc-
tion could introduce should be weighed against the magnitude
of the error caused by the technical issue it corrects.

In addition, the analysis presented in this paper includ-
ed only PET/CT systems and no PET/MR systems even

�Fig. 4 Non-eroded VOI RCGM (a, b) and GMWMr (c, d) and RCWM (e,
f) for PSFON reconstructions (left column; circles) and PSFOFF

reconstructions (right column; triangles). Dashed lines represent the
bandwidth, i.e. the proposed harmonisation criteria, such that for every
system, at least one reconstruction shows results within the limits
(excluding system ID 2). White, reconstructions not complying with
both criteria; black, reconstructions complying with both criteria; grey,
reconstructions selected for constructing the reference image
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though, in recent years, several PET/MR systems have
been installed in clinics. Reason for this is that the tech-
nique involved to obtain the attenuation correction maps
is completely different. While for PET/CT the attenuation
map is based on a transmission image (from the CT), i.e. a
direct measurement of attenuation, for PET/MR, the atten-
uation map needs to be derived from the MR image,
which is particularly cumbersome for phantoms.
However, it is worthwhile to explore the feasibility of
including PET/MR in future (phantom) studies.

Another limitation of the present study is that the Hoffman
3D Brain phantom is intended to simulate the distribution of
flow or metabolism tracers, such as [18F]FDG, in the brain.
This means that, while the present results may be readily
translatable to other tracers with a similar distribution pattern
and GMWMr, the applicability for tracers with different dis-
tributions needs to be established. The Hoffman 3D Brain
phantom was chosen as it is widely and commercially avail-
able, and its geometry is more appropriate for brain imaging
than the commonly used NEMA NU 2 Body phantom.

Fig. 5 Absolute relative difference between RCGM measured from left
and right hemisphere for PSFON (a) and PSFOFF (b) reconstructions.
White, reconstructions not complying with both criteria; black,
reconstructions complying with both criteria; grey, reconstructions

selected for constructing the reference image. Dashed lines indicate
range for reconstructions compliant to proposed criteria (Fig. 4). Note
that for system ID 5, no PSFON reconstruction was available

Fig. 6 Cold spot RC for PSFON (a) and PSFOFF (b) reconstructions.
White, reconstructions not complying with both criteria; black,
reconstructions complying with both criteria; grey, reconstructions

selected for constructing the reference image. Dashed lines indicate
range for reconstructions compliant to proposed criteria (Fig. 4)

2867Eur J Nucl Med Mol Imaging  (2021) 48:2856–2870



Fig. 7 Hammers template mean
RCGM (top) and RCWM (bottom)
with confidence intervals (± 2SD)
for PSFON and PSFOFF recon-
structions compliant with pro-
posed criteria (Figs. 3 and 4). To
reduce the number of VOI on the
x-axis, RC values from left and
right Hammers VOI were aver-
aged for each structure

Fig. 8 Voxelwise analysis results for PSFON (a) and PSFOFF (b)
reconstructions. White, reconstructions not complying with both
criteria; black, reconstructions complying with both criteria; grey,

reconstructions selected for constructing the reference image. Dashed
line indicates proposed threshold

2868 Eur J Nucl Med Mol Imaging  (2021) 48:2856–2870



In summary, in the present study, harmonisation criteria for
brain PET studies were developed. To this end, scans of the
Hoffman 3D Brain phantom acquired on 12 clinical PET sys-
tems were analysed, and RC and GMWMr results were com-
pared for several VOIs. Lower and upper limits for both
RCGMe and GMWMre were selected such that each PET sys-
tem included in the dataset could produce at least one recon-
structed image that fulfilled these criteria. It should be noted
that the proposed criteria need to be prospectively validated
and/or further refined.

Conclusions

In clinical brain imaging (research), comparability in image
quality and quantification is of utmost importance. In this
study, we developed criteria for selecting reconstruction set-
tings to ensure optimal comparability of brain PET images
across various PET systems. A combination of upper and
lower limits to RCGMe and GMWMre, as derived from PET
data acquired from the Hoffman 3D Brain phantom, was
found to identify brain PET images of comparable quantitative
performance. To enable quick and consistent evaluation of
PET system compliancy, a software tool was developed for
automated analysis. In summary, we have developed a proto-
type procedure with prototype criteria for harmonising PET
system performances for brain studies. The procedure and
criteria will be tested prospectively in the near future.
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