ACy to AC4 was observed to be less sensitive to duration reduction (< 10%
deviation from the low-noise reference), as shown in Fig 25A. At an acquisition duration of
32 s (68%), the ACVH errors were comparable to the errors (< 5% difference) at the 47-s
acquisition (100%), except beyond ACqo. At acquisition duration of 8 s (17%), the errors
were > 10% outside the ACyo to AC4. Fig 25B shows the ACVH errors as a function of
acquisition durations for several ACx that are typically used in tumor dosimetry. The errors
and variability of ACnean Were independent of a reduction in acquisition duration down to
17%. The slope of ACnean Versus the acquisition duration was statistically consistent with
zero; while the slopes for other ACx were non-zero and statistically significant (p < 0.05).
The magnitude of both ACx errors and ACx variability monotonically increased away from
ACean (at around ACs) toward both extremes, i.e., ACo (ACmax) and AC100 (ACmin). The
variability of ACx was also affected by the object and VOI sizes; the SD for the 37-mm
sphere was smaller than it was for the 17-mm sphere. Similar trends were observed for

ACVH parameters in the background VOls.
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Fig 25. (A) Errors in the 17-mm sphere activity concentration volume histogram (ACVH)
with respect to the ACVH calculated from reference images for multiple acquisition
durations. (B) Errors of activity concentration (AC) parameters that are typically used in
tumor dosimetry as a function of acquisition duration for the 17-mm sphere. The error bars

represent + 1 standard deviation.

5.3.2.  Effects of respiratory motion on 3D activity quantification

Motion blurred the activity distribution of the spheres across a volume larger than
the actual sphere diameter, causing underestimation of the actual sphere AC and an increase
in the surrounding background AC, as shown in the sphere images and their line profiles in
Fig 26. The magnitude of the underestimation depended on the relative motion amplitude

with respect to the sphere diameter.
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Fig 26. (A) Coronal PET images showing the motion blurring artifact from the breathing
pattern (shown in Figure 1) on 37- and 17-mm spheres. Z line profiles of 37-mm (B) and 17-
mm (C) spheres extracted from the PET images (location shown by the dashed blue lines in

[AD.
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The ACVHs for the spheres and the background regions under 1-, 2-, and 4-cm
motion patterns are shown in Fig 27A and Fig 27B, respectively. The average errors
(relative to the static case) in sphere ACean were —4%, —16%, and —52% for the 37-mm
sphere under 1, 2, and 4-cm motion amplitudes, respectively; these errors increased to —6%,
—27%., and —64% for the 17-mm sphere. The maximum AC (ACy), however, was not
underestimated if the relative motion was < 1, as shown in Fig 27. The errors in the other
ACx values, ACqy, ACgo, and ACsx, followed a similar pattern as that of ACpean; the variation
in errors for these parameters was about 10% from the ACnean.

The ACVH was relatively unchanged by 1-cm motion for the 37-mm sphere but
showed more substantial underestimation for the 1.7-cm sphere with the same 1-cm motion
(Fig 27A). The error magnitude of ACyean depended on the relative motion; the Pearson
correlation coefficient of the error in ACyean against the relative motion was 0.90 (p <<
0.001). At small relative motion values (< 0.5 cm), the errors in ACmean due to motion blur
were small (< 5%).

Fig 27B illustrates the increase of AC (about AC3 to ACyp) in the region
surrounding the 17-mm sphere. The increase was higher for wider motion amplitudes.
Nevertheless, the ACVH errors in the background region that were attributable to motion
were minimal. For 4-cm motion blur, the ACVH errors were < 10% at AC1o to ACgy because

the motion blur covered only a small fraction (< 5%) of the background region VOI.
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Fig 27. Cumulative volume histograms from volumes of interest in (A) the 17-mm sphere
and (B) background regions under the static reference condition and motion with 1-, 2-, and

4-cm amplitudes.

5.3.3.  Effectiveness of QPG to compensate for motion errors in 3D AC distribution in
count-limited PET images

QPG (with various count fractions) reduced the severity of motion blur. As shown
in Fig 28A, the narrower the QPG gate width, the greater the reduction in motion blur. The
17-mm sphere images (with 4-cm motion amplitude) that were compensated using QPG with
a count fraction of 25% had less motion blur than those compensated using QPG with a count
fraction of 33%. Narrower gate widths, however, had smaller total counts, which led to an
increase in image noise and consequently an increase in image non-uniformity, as is evident
from the stretch in the ACVH of the motion-compensated images (Fig 28B, C for the 17-mm
sphere and Fig 28D, E for the surrounding background region). The increase in non-
uniformity from QPG was consistent with the increase in non-uniformity from reduced

acquisition duration (Fig 28). This trade-off between motion blur reduction and increase in
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image noise is apparent from the CNRs of the 17-mm sphere images under various

conditions (Fig 28A).
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Fig 28. (A) Images of the 17-mm sphere under the static condition and with the 4-cm motion
amplitude without and with quiescent period gating (QPG) with various count fractions. The
contrast-to-noise ratio (CNR) of the 17-mm sphere is shown. (B, D) Activity concentration
volume histogram of (B) the 17-mm sphere and (D) the surrounding background region. (C,
E) Error in activity concentration coverage with respect to the static condition as a function

of cumulative volume for the 17-mm sphere (C) and the background region (E).
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The average errors in ACy to ACgy were reduced from —25% and —55% to —10%

and —15% for sphere images degraded by motion with amplitudes of 2 cm and 4 cm,

respectively. Similarly, the underestimation of the ACean Of the 1.7-cm sphere was reduced

from ~30% and ~50%, respectively, to ~10% for both 2-cm and 4-cm motion. Fig 29

shows the errors in ACnean before and after QPG (2 x 20%) as a function of relative motion

for all sphere images (37-13 mm) under the 3 motion patterns evaluated (amplitudes of 1, 2,

and 4 cm). The t-test indicated that the difference in the slopes before and after QPG was

significant (p = 0.029). With QPG, the errors in ACnean (With respect to the low-noise

image) were reduced to about 10%, regardless of the relative motion. The QPG reduced the

motion blur errors at all AC levels. ACy4 to ACg, however, suffered from errors attributable

to increased noise.

Errorin AC mean

Fig 29. Errors in mean activity concentration (ACmean) as a function of relative motion
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ACVH for the background region has reduced counts fractions following QPG, the
errors in the ACVH after QPG were dominated by the reduction in counts. The motion

errors in all cases were < 10% for AC1 to ACgo.

5.4. Discussion

5.4.1. Bias and variability in AC quantification

At the typical level of total count realized in clinical settings for *Y PET with 30
min/bed, the overall errors from both bias and variability in the static case (with no
respiratory motion) for ACgo and ACgo Were within 10% (Fig 25). In realistic scenarios with
respiratory motion, when QPG motion compensation was used, the total count decreased to
about 30%, and the expected overall error in ACgy and ACgowas > 50%. In this case, ACs
and ACnean Were less sensitive to the total count reduction. Dose-response studies of both
brachytherapy (70) and other radiopharmaceutical therapies, such as **'1 (29) and *'Lu (97),
have suggested a strong correlation between ACq (or ACgo) and tumor response metrics.
Furthermore, these studies also demonstrated that ACean (0r ACsg) Was not significantly
correlated with tumor response. ACg—ACgo, Which may be more relevant to tumor
dosimetry, had errors of about —15% at an acquisition duration of 16 s (33%) or 10 min/bed
for Y PET.

It is noteworthy that in this study, the 100% sphere total count represents a tumor
with an AC of 6 MBg/mL acquired for 30 min/bed. (24)(2013) found that tumor AC ranged
from 2000 to 13000 kBg/mL. Assuming a local deposition method (35, 51) to convert the

AC map to the dose map, an AC of 6 MBg/mL would result in a tumor dose of 290 Gy,
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which is in agreement with the finding from (22) (2013). Depending on the actual tumor AC

and the acquisition duration, the overall errors may vary.

5.4.2.  Effectiveness of QPG to compensate for motion errors in 3D AC distribution in
count-limited PET images

QPG shows potential for reducing errors in ACVH in quantitative *°Y PET/CT
studies that suffer from motion blur. Qualitatively, a single-gate QPG, e.g., QPG 25% or
QPG 33%, did not show improvement in sphere detectability (measured using CNR).
Although the sphere image showed a reduction in motion blur, it also displayed increased
noise (Fig 30A). Quantitatively, sphere images with QPG motion compensation improved
ACVH over uncorrected ACVH, i.e., the compensated ACVH was closer to the static
ACVH.

As shown in Fig 30 the total counts limit the effectiveness of QPG. After QPG with
a count fraction of 33%, the compensated ACVH of the 17-mm sphere under both 2-cm and
4-cm motion agreed with that of the ACVH of static images with a 33% total count. A noise-
related error of 15% in ACg—ACg for the 17-mm sphere image acquired for 16 s was also
achievable after QPG with similar image noise (Fig 30B). For tumors with relative motion >

0.5, QPG with various count fractions can be applied to reduce the errors in ACVH.
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Fig 30. (A) Activity concentration volume histogram (ACVH) of the 17-mm sphere under
static condition, with motion without correction, and with quiescent period gating (QPG)
motion compensation (33% count fraction). (B) Differences in the ACVH curves in (A) with
respect to static ACVH (100% total count) as a function of cumulative volume. Note: figure

legend in (A) and (B) are the same.

Registration of 2 adjacent gated images during the quiescent period increases the
total count and reduces noise. However, gated images acquired during the quiescent period
may not be completely motionless, depending on the breathing motion pattern. The images
may also have different residual motion, as shown in Fig 28. For instance, QPG 25% will
have less motion blur than QPG 2 x 25%. Consequently, the sphere CNR of QPG 2 x 25% is
comparable to that of QPG 25%, as illustrated in Fig 28A.

Optimizing the trade-off between the motion blur reduction and the increased noise
is beyond the scope of this study, as such optimizations strongly depend on the specific
imaging conditions and imaging tasks; therefore, optimization needs to be performed on a
case-by-case basis. As an example, for the 17-mm sphere, QPG 25% reduced the errors in
ACVH better than QPG 2 x 25% did for 2-cm motion. However, for 4-cm motion, QPG 2 x
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25% yielded lower ACVH errors than did QPG 25%, although the sphere CNR was
comparable (Fig 28A). Another practical consideration is that in clinical settings, deformable
image registration may be required, and misregistration errors will produce errors in AC
quantification (45, 89, 98). In addition, the errors in the ACVH of the background region are
dominated by the errors from noise; the errors due to motion were < 10%. Our results
suggest, therefore, that the QPG method is not effective for motion compensation in the
background region (Fig 28D and Fig 28E).

Our data show that QPG need not be applied to tumors with relative motion < 0.5,
i.e., with motion amplitude half of the tumor size. Applying QPG in such cases results in an
error in ACmean Of about 10% (Fig 29). In these cases, the errors in activity quantification
introduced by motion are of the same order as, if not smaller than, the errors introduced by
the reduced total count. In a real clinical case, respiratory motion is the largest in the
superior-inferior direction, with a typical amplitude of about 2 cm. By comparison,
hepatocellular carcinoma tumors are typically > 2 cm, while metastatic liver tumors from

colorectal cancer are typically <1 cm.

5.4.3.  Study limitations
Although the specific count-limited study of interest is Y PET images, we used
low amount of *8F after careful matching of the total positron emissions to evaluate the
noise trade-off of using QPG to compensate for respiratory motion. Furthermore, we do not
expect substantial differences in intrinsic image resolution because the maximum positron
energies of ®F and *°Y are very close (0.635 MeV vs. 0.63 MeV, respectively) (25, 99).

The overall image quality, however, may be somewhat different because random
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coincidence event from bremsstrahlung photon and prompt gamma detection may not be
modeled properly in **Y-PET image reconstruction, which is optimized for **F imaging (27,

100).

Second, we used an IEC phantom, which has uniform activity distribution in both
spheres and background, to represent tumor tissue and normal liver tissue. In reality, the
geometry and activity distributions in tumors and normal liver background are not
necessarily homogeneous. Further studies using anthropomorphic phantoms and/or clinical
%0y PET/CT studies are needed to evaluate the effectiveness of QPG for motion
compensation and to determine the optimal count fraction for use in clinical studies. Our
study also used a single SBR of 10, which is typical for the *Y-microsphere tumor-to-
background ratio reported by some PET/CT clinical studies (24). We expect that changes in
SBR will change the magnitude of the observed phenomena, but will not change the general

trend.

Third, we only considered 1D periodic motions with a period of 4 s and fixed
amplitudes of 1, 2, and 4 cm because of tracking device hardware limitations. Irregular
motions may introduce additional uncertainty in AC quantification (42, 43, 90). We expect
that different periods, however, will only change the relative motion range in the gated

images.

Fourth, we did not correct for partial volume effects beyond using the built-in point
spread function correction in GE VuePoint. However, we excluded partial volume effects as

a potential source of error by using the reference static images.

106



Finally, we only considered the QPG single-gate and double-gate summation
regimes. Motion correction techniques that avoid increasing acquisition duration are under
development, including pre-reconstruction corrections that use data-driven approaches and
motion corrections for use during image reconstruction (101). These methods, however, are
not yet commercially available for clinical use. It would be valuable to evaluate whether
these data-driven correction methods will benefit count-starved **Y PET studies as much as

they do high-count ‘®F studies.

5.5. Conclusion

Caution needs to be exercised when using ACVH parameters such as ACqo and
ACg to calculate absorbed dose because the ACVH is susceptible to image degradation from
both image noise and respiratory motion. When using gating-based motion compensation,
e.g., the QPG method studied here, with 33% total count in the gated image, the overall error
(bias and variability) in ACgp and ACg can be over 60%. The ACnean S€EMS to be less
sensitive to image noise, but its correlation with clinical response to radiation therapy has not

yet been established.

The average error in sphere ACVH (from ACyo to ACg) with relative motion
(motion amplitude/sphere diameter) less than about 0.5 was found to be < 10%. QPG can be
used to reduce motion blur artifacts and reduce the errors in sphere ACVH down to 10-15%
(limited by the total count acquired), but at the expense of increased image noise. QPG was

found to be ineffective for the quantification of background AC distribution.
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Chapter 6: Discussion

6.1. Summary
The hypothesis of this dissertation work was that optimization of Y90 emission
data reconstruction can maintain the overall errors (systematic and random) in volumetric

dose quantification to < 20% in clinically relevant imaging conditions

Hence the main objectives were 1) to optimize the emission data reconstruction, and
2) to characterize both systematic and random errors in volumetric dose quantification from

the optimized emission images.

We tested the hypothesis on both SPECT in specific aim 1 (Chapter 2) and on PET

in specific aim 2-4 (Chapter 3-5) images.

We developed a practical protocol for improving image quality and quantification
of bremsstrahlung SPECT/CT (bSPECT) imaging in specific aim 1. We found severe partial
volume effect (PVE), where the systematic bias in mean dose of 37-mm sphere > 50%, due
to electron staggering in bremsstrahlung photon production and sub-optimal collimator
design to image bremsstrahlung photons. Because of high systematic errors due to PVE,
volumetric dosimetry using bSPECT is very challenging; Monte-Carlo simulation based
image reconstruction and/or a bSPECT-optimized hardware design are needed to improve the
image resolution. Nevertheless, we have shown that with proposed CT attenuation correction
and background compensation, we can accurately quantify the total *°Y activity delivered to

the patient with errors < 5%.
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In specific aim 2, we optimized PET image reconstruction parameters (equivalent
iterations and filtration full width at half maximum) for volumetric *°Y dosimetry by
minimizing the root mean square errors in the image-based dose volume histogram estimates
(DVH’). In the process, we also minimized the systematic error in the quantitative
image/dose map due to noise realization in image noise. For ordered subset expectation
maximization with time of flight and point spread function correction algorithm in General
Electric PET/CT system, the optimal reconstruction parameters were 36 equivalent iterations
with 5.2-mm post-reconstruction filtration. Using these parameters, spheres under various
clinically relevant imaging condition (diameter > 17 mm, sphere-to-background ratio > 4,
sphere dose > 40 Gy, acquisition duration > 10 min) were found to have minimum errors in

DVH’.

The systematic and random errors in DVH’ were characterized in specific aim 3 and
4. In specific aim 3, we showed that the (additional) systematic errors due to image noise
(manifestation of low signal) were < 10% for clinically relevant imaging condition tested.
The systematic errors in DVH’ were still dominated by the PVE (> 30%), even at count-
limited study Y PET. The random errors (measurement repeatability), however, were
governed solely by the low signal. Random errors of < 10% can be expected in DVH’ of
sphere images under relevant clinically imaging condition, provided that the acquisition
duration of 30 min. Under shorter acquisition duration (e.g. 10 min) or if gating-based
motion compensation method (e.g. quiescent period gating) is applied, then sphere with
diameter ~17 mm will have random errors of > 15%; even though larger sphere (e.g. 37-mm

sphere) will still have random errors < 10% at sphere dose> 80 Gy. To keep random errors <
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10-15%, longer acquisition duration is required; in clinical practice, the maximum practical

limitation will likely be 30 min/bed for 2 bed positions (60 min total duration).

In specific aim 4, we characterized a specific source of systematic errors, namely
motion blur. We found that without any motion compensation, spheres with relative motion
range (motion amplitude/sphere diameter) > 0.5, errors in DVH’ > 20%. Using gating-based
motion compensation (QPE method), we traded off the systematic errors due to motion with
a combination of systematic and random errors due to low signal (from gated data).
Although we have shown that the systematic errors due to motion blur can be reduced to
<10%—which is consistent with systematic errors due to increased image noise found in
specific aim 3—the random errors increase due to data gating with magnitude depending on
the sphere diameter and acquisition duration such that spheres with motion range < 0.5 will
not benefit from QPG and spheres with motion range > 1 will likely benefit from QPG. The
total errors reduction using QPG will vary on case-by-case basis; hence it would be
recommended that motion tracking is performed on all ®®Y PET scan such that the QPG

method can be applied when deemed necessary.

Our finding from development of practical bPSPECT did not support our central
hypothesis since bSPECT images suffer from very high PVE even at 37-mm sphere.
Volumetric dosimetry using bSPECT will suffer errors >> 50%. Data from specific aim 2—4,
on using optimized PET images to estimate DVH’, support the central hypothesis under
certain imaging condition: effective tumor diameter > 37 mm, average tumor dose > 60 Gy,
acquisition duration > 10 min. Under this imaging condition, the errors in dose that covers

80% of the volume of interest are < 30%. The errors in Dyean and D7g are < 20%.
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6.2. Listed contributions of this dissertation

6.2.1. Physics contributions
1) Characterization of the impact of low count (a unique challenge in *>Y PET) on systematic

and random errors in volumetric dosimetry.

2) Characterization of the impact of motion blur and the effectiveness of QPG in trading-off

motion blur and reduced count in an already count-limited Y PET study.

3) Establishing the expected errors (systematic and random) in image-based dose volume

histogram.

6.2.2. Clinical contributions
1) Development of practical bSPECT image reconstruction for improved image quality and

limited quantification.
2) Development of practical PET/CT image reconstruction for volumetric °°Y dosimetry.

3) Establishing the robustness of the dosimetry metric (DVH’ summary metrics) which is

important in developing dose-response model.
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6.3. Future directions
6.3.1.  Continuation to minimize errors in volumetric *°Y dose quantification

6.3.1.1. Robustness of volumetric Y dosimetry in heterogeneous distribution

One of the major limitations in our present work is that we represent liver tumor
using spheres with uniformly distributed *°Y dose. In reality, the °°Y dose distribution in the
tumor is heterogeneous, which increases the complexity of correcting DVH’ for PVE, dose-
dependent error, etc. In the future, we plan to characterize the errors in DVH’ for (pseudo)

heterogeneous distribution, for example by using a cluster of smaller spheres.

6.3.1.2. Partial volume correction

We have shown that despite having very limited counts, the errors in volumetric *°Y
dosimetry calculated from both bSPECT and PET images are still dominated by PVE;
therefore effort to improve volumetric *°Y dosimetry should first focus on partial volume

correction.

In our present work, we used the point-spread-function (PSF) correction available
on GE OSEM algorithm (Vue Point). While the errors in mean dose (Dyean) are reasonable
(< 10% for 37-mm sphere), the errors toward minimum dose (e.g. Dgo) are > 30% for 37-mm
sphere with minimal systematic errors due to image noise. Traditionally for quantitative
diagnostic imaging, where Dmean is the quantity of interest, partial volume correction can be
carried empirically using look-up correction factors for different object sizes based on
phantom studies. In post-therapy Y imaging, however, the summary DVH’ metric of
interest has not yet been determine and hence we remain interested in a wide range of DVH’
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metrics (e.g. D2o—Dsgo). We hypothesize that the empirical partial volume correction method
to correct for Dyean, Can be extended to correct for DVH’ by using correction functions,

which is subject to our future study.

More complicated partial-volume-correction methods that involve the use of prior
image information (e.g. CT or MRI images) can be very challenging to be applied for °Y
microsphere studies; the mechanistic nature of microsphere distribution means that the
distribution of microsphere is not confined to the tumors only. The microsphere distribution
needs to be match with the vasculature which may not be resolveable in the CT or MR
images, or otherwise may not be feasible to co-register the anatomical images with the PET

or SPECT images.

6.3.1.3. Breathing motion correction

%y PET data needs to be acquired for a long duration, 30 min/bed at least because
the signal in Y PET comes from a very low positron yield of 32 ppm. The number of
counts in *°Y PET data is a scarce commodity. In QPG method, however, we used only 33%
of the counts collected, which leads to increase in both systematic and random errors in

volumetric *°Y dosimetry.

Ideally in ®Y-PET/CT study, we want to reconstruct the PET images using all the
acquired data by combining the gated data during image reconstruction(89, 102) or by
spatially registering all (post reconstruction) gated images(103, 104) together. The latter may
not be feasible in Y PET because gated PET images suffers from errors due to higher noise

penalty(89), while gated CT are subject to temporal mismatch (43, 90) between several
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seconds CT data with up to 60 min PET data. Combining the gated data during image
reconstruction using motion pattern from real-time position management device or data-

driven method may allow more effective error reduction in DVH’ compared to QPG method.

6.3.1.3. Development of dose-response model to predict treatment outcome

The long term goal of this project is to be able to predict the efficacy of Y
microsphere therapy based on the post-therapy images. To achieve this goal, we need to
develop a dose-response model. In this dissertation work, we characterized the robustness of
potential dose metrics (e.g. D7o or Dpean that have been used by other studies) that may have
(strong) correlation with tumor response. Evaluation of which dose metrics have strong
correlation with tumor response cannot be done with our phantom study, since development
of dose-response model, obviously, need the tumor response data, i.e., clinical data, which
are absent in this dissertation work. In the future, we would like to develop the dose-

response model by correlating dose metrics with patient outcome.
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Appendix

Al. Evaluation of Step-and-Shoot and Continuous-Bed-Motion modes of acquisition

for limited-view organ scans

A.1.1l. Introduction

The continuous-bed-motion (CBM) mode was originally developed to improve
axial image uniformity in whole body imaging in 2D step-and shoot (SS) acquisition
mode(105), where there were sensitivity variations in the axial direction due to gaps between
detector blocks(106). The axial uniformity, however, is no longer a problem in modern
PET/CT scanners utilizing 3D SS acquisition mode, where the axial uniformity in 3D
acquisition can be improved by overlapping the end slices of adjacent bed positions and
adding the overlapped data(107). Theoretically, CBM mode may also allow oversampling in
the z-axis direction and produce super-resolution images(108); however, this super-resolution

effect is not realized in clinical practice due to high level of noise(106).

The true clinical benefit of CBM is the ability to tailor fit the PET/CT scan length
and local scan duration based on the imaging task. In traditionally SS mode, the PET scan
length increases in steps of the PET z-axis field of view (aFOV) depending on the amount of
detector overlap between bed positions. Hence, the ability to tailor fit the PET/CT scan
length allows modest CT dose saving and facilitates trading off the scan length with the total
scan duration. In multi-bed SS acquisitions, the PET acquisition duration per bed is also
fixed; whereas in CBM mode, the local acquisition duration can be modulated along the z-

axis adjusted by varying the bed speed; hence allowing acquisition of higher counts in
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where z is the image slice position along z-axis, L is half of the FOV length, d is
the length of the uniform region, v is the bed speed, and z' = —(z — 2L — d). Note that d is
equal to the total scan length minus 2L. In reality, the actual efficiency profile depends on a
large number of hardware and software parameters that include the detector segments used
and the scan extend outside the aFOV. We have once again simplified the theoretical
derivation of the axial efficiency to conceptually illustrate the sensitivity profile in CBM

mode.

The PET and the CT acquisition have a matching scan length prescription, which
does not account for the 50% overscan in PET acquisition. Due to the missing CT-based
attenuation correction factors outside the PET/CT scan prescription, the coincidence counts
acquired in the VOR outside the scan prescription cannot be used in the quantitative PET
image reconstruction(106). As illustrated in Fig 32, the volume of response and, therefore,
the count profile at the axial extends of prescribed scan regions are limited by the attenuation
correction unavailability rather than limited by the acquisition geometry. Similar to the ideal
CBM case, following equation (1), the count profile for observed CBM mode can be

expressed as:
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practical CBM (red dash) modes. The variation in VOR at time points illustrated (A) are
indicated in (B). As expected the counts are lower in the practical CBM at the ramping up

and down regions. The profiles are derived for a CBM acquisition with 50% overscan.

A.1.2.1.3.Analytic comparison of counting efficiencies in SS and CBM modes

We compared the count efficiencies of three different modes of PET data
acquisition: 3D SS acquisition for 1 aFOV, 2 aFOVs, and CBM acquisition for the same
acquisition duration. For 2-aFOV scan, the acquisition duration for each bed position was
half of the acquisition duration in 1-aFOV scan to maintain the same total duration. The scan
lengths for 1-aFOV, 2-aFOV, and CBM were 22, 35, and 24 cm, respectively. The scan
length of 24 cm was chosen for CBM to provide a scan length similar to 1-aFOV while

maintaining scan duration of 40 min at the slowest bed speed of 0.1 mm/s.

A.1.2.2. Experimental verification of counting efficiencies in SS and CBM modes

All PET/CT images were acquired using Siemens Biograph mCT Flow featuring
the CBM acquisition mode (Flow Motion). The scanner has a bore diameter of 78 cm and an
axial field of view (aFOV) of 22-cm (4-ring detector configuration). The system is also

time-of-flight (TOF) capable with nominal timing resolution of 0.555 ns.

A 2-mCi ®®Ge daily QC phantom with length of 27 cm and diameter of 20 cm was
scanned using 3 PET acquisition modes described previously: 1 and 2-aFOV SS, and CBM
modes to derive the count density profiles of each mode. The acquisition parameters were

the same as those used for analytical comparison (Material and Method section 1c). All
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PET/CT images were reconstructed using TOF information with CT attenuation correction,
PSF modeling, scatter correction, and OSEM iterative reconstruction (TrueX, Siemens

Medical Solutions) with subset and iteration of 2 x 21.

For all transaxial slices, the means and standard deviations of the reconstructed
activity concentration were extracted from a 40-cm? ROI placed at the center of the phantom
images. Based on our observation, the PET image noise follows a Poisson-like distribution,
i.e., image noise o counts™%°1; therefore the relative count density profiles were
computed from the relative noise measurements of the ROIs as:

C x =

2
Orel

1 (mean)2 4)
stdev/

The relative count profiles along z axis were calculated for all 3 PET acquisition
modes. These relative count profiles were then compared to the analytically derived count

profiles (Material and Method section 1b) for validation.

A.1.3. Results

A.1.3.1. Comparison of the sensitivity profiles in CBM and SS modes

The theoretically derived count density profiles are shown together with the
experimentally computed count profiles for 1- and 2-aFOV SS, and CBM modes in Fig 33.
The measured profiles for 1-aFOV and CBM with axial scan lengths of 22 cm and 24 cm,
respectively, are in good agreement with the theoretically derived profiles. However, the

measured profile for 2-aFOV with axial scan length of 35 cm is not fully characterized in the
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axial direction because the phantom used for the measurements is shorter in length (only ~27
cm). Nonetheless, agreement between measured and theoretical profiles for SS 2-aFOV scans
can be fully appreciated in the positive positions where the phantom extends fully. The
measured profiles are noisy while the analytically profiles were derived under idealized
assumptions, yet there is reasonably good agreement between them.

The measured profile from CBM acquisition has been demonstrated to be less
efficient compared to the ideal CBM case, as explained in Materials and Methods section 1b,
due to unusable data due to missing attenuation correction factor in the overscan region. For
fixed scan durations, the overall counting efficiency of CBM mode is lower compared to
those of 1- and 2-aFOV SS acquisition modes in terms of total PET signal (area under the
curves). CBM mode only acquired ~60% of the total counts acquired in the SS acquisition
modes for the same acquisition duration. In addition, for the same acquisition duration, the
ratio of the maximum counts in the CBM to 1-aFOV SS modes is proportional to aFOV /

(2 X scan lengthcgy), 1.€., the maximum-count images in the CBM is < 50% of those for

1-aFOV SS mode, and < 100% of those for 2-aFOV SS mode.
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Fig 33. (A) Comparison of the analytically derived counting efficiencies for a uniform line
cylindrical source acquired using step-and shoot (SS) acquisition mode (scan lengths of 1 and
2 aFOVs) and continuous bed motion (CBM) mode. All profiles are aligned at the central
slices to compare the trade-off between counts and scan length. The ideal CBM profile (red
dash) shows the counting efficiency for a geometry-limited CBM mode, while observed
CBM profile (solid red line) shows the counting efficiency realized in the CBM mode with
missing attenuation correction in the overscan region. (B) The profiles from analytical
derivation (dash line) showing good agreement with the experimentally derived count
profiles (solid line) for 1- and 2-aFOV SS, and CBM acquisition modes. The counting
efficiency of CBM mode is less efficient compared to the SS mode. The measured profiles
for 1-aFOV and CBM with axial scan lengths of 22 cm and 24 cm, respectively, are in good

agreement with the theoretically derived profiles. However, the measured profile for 2-aFOV
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with axial scan length of 35 cm is not fully characterized in the axial direction because the

phantom used for the measurements is shorter in length (only ~27 cm).

For a short scan length of 1 aFQV, i.e., ~22 c¢m, a plateau of lower relative noise
(based on the relative count density profiles) with 1-aFOV SS mode was realized for a region
of ~14 c¢m around the center of the axial FOV. The extent of the lower noise plateau region
decreased to ~10 c¢m for 2-aFOV SS and CBM modes. The 2-aFOV SS mode, however,
does provide 11 cm additional axial scan coverage than CBM mode, i.e., 35 cm compared to

24 cm, for the same acquisition time.

A.1.4. Discussion

A.1.4.1. Effects of acquisition modes on image quality and quantitation
Both SS and CBM PET acquisition modes allow for trade-off between the counts

per unit (axial) distance and scan length for fixed acquisition duration. With SS mode the
increments in scan length are in terms on a fixed fraction of PET aFOV depending on the
prescribed bed-overlap; with CBM, however, the scan length can be increased in increments
of prescribed table speed allowed. For the same acquisition duration, the maximum count
efficiency (at the central images) for CBM mode is less than or equal to half of that for 1-
aFOV SS acquisition mode and less than or equal to the maximum count efficiency for 2-
aFOV SS acquisition mode. For the same scan length and scan duration, CBM mode only
collected ~60% coincidence counts that are collected in the 1-aFOV SS mode. For the same
acquisition duration, the maximum count efficiency of a 2-aFOV SS acquisition relative to a

1-aFOV SS mode depends on the amount of bed overlap; it is half for 50% bed-overlap.
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A.1.4.2. CBM versus SS modes for organ scan

The primary advantages of the CBM mode compared to the SS mode are that the
CBM mode offers uniform axial sensitivity profile and it facilitates effective trading between
scan length and scan duration. These advantages, however, are not realized in scans of

limited axial coverage such as scans of liver or other organs. For organ studies with scan

lengths less than ~30 cm, tailor fitting the scan length becomes less practical. As discussed
in detail in the material and method section 1, the CBM count density is not uniform for the
first and the last halves of the aFOV. For a scan length < 2 aFOV, these non-uniform
regions comprise = 50% of the total scan length.

The usefulness of CBM mode is even more restricted in studies with short scan

length and long scan duration such as Y liver PET/CT (10 — 30 min/bed). The slowest
speed setting in CBM is 0.1 mm/s and the speed has the finest increment of 0.1 mm/s. For
a typical liver length of 24 c¢m, the scan duration can be set to a maximum of 40 min. Since
the next available speed setting is 0.2 mm/s, the next available duration to cover the 24-cm

liver scan is 20 min. Due to its finite bed speed increments, CBM mode losses its ability to
effectively trade scan lengths and durations for exams requiring long scan durations such as
%y PET/CT. For a short scan with long duration, SS mode gives greater flexibility in
scanning duration with net higher counts detected for 1-aFOV scan length, and net longer
scan length coverage with at least comparable net counts for 2-aFOV scan length.

For a count-starved study like Y PET/CT, the counting efficiency is of importance
because the image quality and quantification are strongly dependent on the number of
coincidence count detected during the acquisition. Since SS acquisition has higher counting
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efficiency compared to CBM mode, SS acquisition is more suitable for organ scan with

limited scan length and long scan duration like *°Y liver PET/CT.

A.1.4.3. Limitations

In this work, we presented simplistic models to characterize the counting
efficiencies across the aFOV both in the SS and CBM modes. Even though these idealized
models do not incorporate details(106) about data acquisition, splitting, correction and image
reconstruction, they were still effective to demonstrate the difference in the counting
efficiencies between the SS and CBM modes.

It is important to note that the lack of attenuation information outside the CBM
aFOV may be overcome by more advanced reconstruction algorithms (e.g., data driven) or
altering the CBM scan protocol (e.g., operating CBM at high bed speeds at the two end of
FOV). Use of attenuation corrected PET signal from outside the CBM scan prescription will
help push CBM sensitivity profile similar to that of 2-aFOV SS in central region (as shown in
Figure 3A).

The primary objective of this study was to optimize the acquisition protocol for
post-therapy microsphere *°Y-PET/CT studies; we, however, used ®®Ge phantom as a
surrogate radionuclide. ®®Ge and Y may have differences in the absolute sensitivity, scatter
properties, singles, random coincidence, and resolution; nevertheless, the relative counting
efficiency in different acquisition modes should be similar. Using ®®Ge instead of Y

allowed us to acquire higher counts in shorter duration with lower radioactivity.
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A.1.4.4. Conclusion

The benefits of CBM mode is severely challenged in studies with short scan length
(< 30 cm), due to non-uniform count density in the first and the last halves of the aFOV, and
long scan duration (20 min/aFO0OV), due to limitation in the bed speed increment of 0.1 mm/
s. The SS acquisition mode is preferable to CBM mode for count-starved *Y-PET/CT livers
scans due to having higher counting efficiency, which will lead to better image quality and

quantification precision.
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