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ABSTRACT

Accuracy of absorbed dose calculations in personalized internal radionuclide
therapy is directly related to the accuracy of the activity (or activity
concentration) estimates obtained at each of the imaging time points. MIRD
Pamphlet No. 23 presented a general overview of methods that are required for
quantitative SPECT imaging. The present document is next in a series of
isotope-specific guidelines and recommendations that follow the general
information that was provided in MIRD 23. This paper focuses on 177-Lu

(Lutetium) and its application in radiopharmaceutical therapy.



INTRODUCTION

The radionuclide '7"Lu (Lutetium) has been proven useful in a number of
targeted radionuclide therapies because of its favorable decay characteristics
and the possibility of reliable labeling of biomolecules used for tumor targeting.
Initially, '”’Lu was used in a colloidal form for interstitial injections for
sterilization of peri-tumoral lymph nodes (1). A second important clinical
application of '""Lu has been for peptide-receptor radionuclide therapy (PRRT)
with DOTAC-Tyr*-octreotate (!”’Lu-Dotatate) and other structurally related
peptides. The PRRT use in treatment of neuroendocrine tumors (NETs) is
motivated by the fact that the carrier peptide, octreotate, shows high-affinity
binding to somatostatin receptors, which are overexpressed on the cell surface
of many NETs (2-6). Furthermore, !”’Lu has been used in radioimmunotherapy

clinical trials to label different kinds of monoclonal antibodies (7-15).

There is a growing body of evidence that radionuclide therapy should follow
patient-specific planning protocols, similar to those that are being routinely
used in external-beam radiation therapy. Recent literature reviews show
correlations between absorbed dose and tumor response as well as normal-
tissue toxicity (16). Such correlations indicate that treatments should be based
on personalized dosimetry, aiming to deliver therapeutically effective absorbed
doses to tumor(s), while keeping doses to organs at risk (OARs) below the
threshold levels for deterministic adverse effects. In clinical PRRT studies, the

primary adverse effects have been mainly renal and hematologic toxicities

(2,6,17).



Although several studies have reported estimates of absorbed doses (4,7-9,12)
for '""Lu-Dotatate PRRT and '”’Lu RIT, the majority of these estimates have
been based on planar imaging and conjugate-view activity quantification.
Planar imaging, however, is known to have inherent limitations regarding the
accuracy of activity quantification (18). As a result, an increasing number of
clinical dosimetry protocols currently include '"’Lu SPECT/CT imaging studies
(15,18-20) because of their superior accuracy. Comparisons of renal dose
estimates in !”’Lu-Dotatate PRRT based on planar imaging and SPECT/CT, for

example, have been reported (18,21) and are summarized in (22).

This document presents a set of guidelines outlining data acquisition protocols
and image reconstruction techniques that are recommended for quantitative
7TLu SPECT imaging. The guidelines are based on a review of the literature
and are illustrated by the results of Monte Carlo simulations and phantom
experiments, and by the examples of patient '"’Lu SPECT studies in which

renal doses due to PRRT were estimated.

Decay of ¥7Lu

7"Lu decays by B~ emissions to !7’Hf (Hafnium) with a half-life of 6.65 days
(23). The maximum kinetic energy of !"’Lu B~ particles is 498.3 keV (24), and
the mean kinetic energy of all this B~ decay is approximately 134 keV.
Additionally, six groups of y-photons and associated internal-conversion

electrons are emitted. When considering all emitted electrons (B~, conversion



and Auger electrons) the mean kinetic energy rises to 147 keV. Two of these y-
photons, with the energies of 112.9 keV (6.17%) and 208.4 keV (10.36%), have
been successfully used in !”’Lu imaging studies. Table 1 summarizes
information about !”’Lu y-photon energies and intensities based on (23-29).
Moreover, bremsstrahlung radiation generated by interactions of B -particles
with tissue may be observed. Bremsstrahlung yield, however, is very low
(0.012 bremsstrahlung photons per decay for a '’’Lu source in water
(unpublished data)) and the majority (~85%) of these photons have energies
below 50 keV. Nevertheless, some of them can contribute to the background

recorded in the low-energy part of the spectrum.

DATA ACQUISITION

The choice of collimator in imaging studies is a trade-off between the need for
high system sensitivity to achieve good signal-to-noise ratio (SNR) and spatial
resolution in images, and the need to minimize septal penetration of high-
energy photons. If the collimator septa are not thick enough, a large number of
photons that penetrate or scatter in the collimator septa will be detected,
resulting in decreased image contrast, degradation of spatial resolution and
increased image artifacts, leading to difficulties in accurate activity distribution

quantification.

Table 2 illustrates these issues by comparing system sensitivities (cps/MBq) for

imaging studies performed using the 113-keV and 208-keV photopeaks. The



data in this table represent sensitivities per camera detector calculated using
Monte Carlo simulations (30) and 20% energy windows centered at 113 keV
and 208 keV. Four types of collimators of the Infinia™ family of collimators
(GE Healthcare) and two Nal(T1) crystal thicknesses were investigated. The
modeled source was a 10-cm diameter '""Lu Petri-like disc placed in air at 10
cm from the collimator surface. Additionally, for each case in parentheses the
fractions of the detected counts due to collimator scatter and septal penetration

are shown.

Although in general the system sensitivity is higher for low-energy general-
purpose (LEGP) or low-energy high-resolution (LEHR) collimators than for
medium-energy (ME) or high-energy (HE) collimators, ME collimators are
preferable for 7"Lu imaging because of their lower septal penetration of the
high-energy photons emitted by !"’Lu. On the other hand, although high-energy
collimators (HE) have slightly better sensitivity than ME collimators for 208-
keV photons, they have inferior spatial resolution due to their wider collimator

holes.

For 208-keV photons, a thicker 5/8” scintillation crystal provides higher
sensitivity than the standard 3/8” crystal which decreases the statistical noise in
the image for any given acquisition time and activity. For example, for a 5/8”-
thick crystal thickness, the number of photons detected in a 20% energy
window centered at 208 keV increases by about 35% as compared to that for a
3/8”-crystal. Note, however, that the sensitivity for the 113 keV window is

higher for the 3/8”-crystal as compared to the 5/8”-crystal as a result of



contribution from 208-keV photons that have been back-scattered in the
material behind the crystal. The energy of 208 keV photons scattered at 180° is
114.6 keV. For a thinner crystal, the probability of a 208 keV photon passing
through the crystal increases, thereby increasing the contribution from back-
scatter. Also the high-energy photons from the !""Lu decay can back-scatter and

contribute to the image counts.

If a ME collimator is used, the data should be collected in a 15-20% energy
window centered on the 208-keV photopeak. If the number of count collected
in the 208-keV window is considered insufficient, a second energy window
centered on the 113-keV photopeak can be used. It is recommended that the
two datasets be acquired into separate projection files and reconstructed into
two separate images (each image individually compensated for attenuation and
scatter using appropriate attenuation maps). Only when the quality of the
images obtained from the lower-energy projections is deemed acceptable (i.e.
the images obtained from the 113-keV window have a similar image
appearance as those from the 208-keV window), should they be summed for

further analysis.

If employing a low-energy collimator (LEHR or LEGP), a single 20% energy
window centered on the lower 113-keV photopeak is preferable, as in this case
the contribution from septal penetration severely deteriorates the image
acquired in the 208-keV photopeak window (31). However, in the 113-keV
energy window a significant portion of the acquired counts will originate from

the high-energy photons that have scattered in the patient and the collimator.



This effect can be seen in the data presented in Table 2. These scattered photons
considerably increase the background in the 113-keV photopeak energy

window. Thus, accurate scatter correction becomes essential.

These effects are visualized in Figures 1-3. The data presented in these figures
were generated using Monte Carlo simulations (30) of a SPECT system with a
5/8” Nal(Tl) crystal, and energy resolution with FWHM of 9.5% at 140 keV.
The patient was simulated using an XCAT digital male phantom (32), with
activity distribution based on a typical patient imaging study performed 24 h

after an injection of 7.4 GBq '"’Lu-Dotatate.

Figure 1 compares energy spectra of the detected photons for LEGP and ME
collimators. Although both spectra correspond to the same source activity, their
shapes and count rates are very different. Both spectra have high scatter
background in the lower-energy region. However, due to collimator septal
penetration, in the spectrum acquired with the LEGP collimator the 208-keV
photopeak has a significantly higher count rate than the 113 keV photopeak,
despite similar decay intensities of these two transitions (Table 1). Not only is
the count rate of the 208-keV photopeak about 4 times higher than that of the
113-keV photopeak, but also some lower-abundance higher-energy photopeaks,
such as 249.7-keV and 321.3-keV, are clearly visible. In the spectrum acquired
with the ME collimator (with its thicker septa and therefore less septal

penetration) the measured intensities better reflect the true emission rates.

To further illustrate the negative effect of septal penetration on image quality,

Figure 2 displays four projections simulated for these two collimators (LEGP



and ME) and for the two energy windows (113 and 208 keV). In order to better
visualize the penetration effect the simulation did not include scatter and
attenuation in the phantom. These data suggest that the ME collimator provides
the best image quality for both energy windows and is therefore more suitable

for use in imaging.

In addition to the penetration effect, the contributions from photons scattered in
the patient also influence both image quality and our ability to quantify activity.
To illustrate this additional unwanted scatter contribution, Figure 3 shows
simulated anterior projection images (33) obtained using the ME collimator.
Figure 3A represents an idealized imaging situation when the spatial resolution
is perfect (i.e. the simulation does not include blurring due to detector spatial
resolution and collimator response), photons pass unscattered from the site of
decay to the detector and deposit their full energy in the crystal. The 208-keV
energy window was used for this image. Figures 3B and 3C represent realistic
images that include effects of limited collimator resolution (collimator blurring)
and scatter and attenuation in the object for energy windows centered at 113
keV and 208 keV, both with window widths of 20%. Figure 3B shows that the
image acquired in the 113-keV energy window had a higher background of
scattered photons and decreased image contrast as compared with Figure 3D,
which corresponds to the 208-keV window. Figure 3D shows the sum of the

data obtained in these two energy windows.

Additionally, based on these simulations, the scatter-to-total (S/T) ratios for the

whole projection, that is, the fractions of detected photons that have been



scattered in the phantom to the total number of detected events, were estimated.
Simulations were performed for two crystal thicknesses, two photopeak energy
windows settings, four collimators, and for acquisitions using separately each

of the 7"Lu photopeaks and a combination of both. The results are presented in

Table 3.

Examination of the values summarized in Table 3 shows that, when using the
208-keV energy window, the S/T ratio in most cases was in the range of 0.17 to
0.27, with values slightly lower for higher crystal thicknesses. This ratio was
much higher, however, and equaled about 0.47-0.60 for the 113-keV energy
window. This increase was partly caused by the increased detection of self-
scattered 113-keV photons, but mostly was due to a large contribution of down-
scattered 208-keV photons into this window. The S/T slightly improved with a
15% energy window, and depended only weakly on the crystal thickness. Thus,
when using a 113-keV window it is important to use a reliable scatter correction

method to compensate for this large scatter fraction.

For '77Lu SPECT, acquisition in 128 x 128 projection matrices is advisable if
the count rates allow for it (34). Auto-contour orbits should be used to get the
best possible image resolution. The use of auto-contouring also makes
acquisition preparation easier and thereby improves the overall efficiency of the
patient study. Clinical '”’Lu SPECT imaging studies using 60-120 projection

angles have been reported (18,20,21).



DATA PROCESSING

Filtering

The need for low-pass filtering of the projection data may arise if the count
levels resulting in high image noise are observed. In order to avoid bias in the
activity determination, the user should verifiy that the total counts in the data
(in the projections or in the reconstructed image) remains unchanged after

filtering.

Please note, that if a collimator-detector response (CDR) compensation is
applied during the reconstruction, this compensation changes the noise texture
in the image which may make pre-/post-reconstruction low-pass filtering
unnecessary. However, the decision about filtering should be based on the

specific objectives of the study (35,36).

Dead Time

Although in principle, in radionuclide therapy imaging the count losses related
to dead-time (DT) effects can be substantial, in !”’Lu imaging, the DT effects
are actually rather small (even for high activities) because of the low yield of y-
photons emitted in the decay of '"’Lu and the very small bremsstrahlung
contribution. For !"’Lu-Dotatate patients, it is mainly scans performed shortly
after the therapeutic injection, that can be affected by DT losses, especially if

the urinary bladder is included in the FOV. However, even if the DT effects are



modest, care must be taken to estimate them, especially for scans performed

shortly after the therapeutic injection.

The count losses due to DT estimated from the entire spectrum can be
significantly lower (by a factor of 2 or more (37)) than when only count losses
in the photopeak window are considered. This is because the pile-up effects
change the distribution of counts in the spectrum. When a new scintillation
event occurs before the light from previous events has decayed, the recorded
energy will be higher than expected. As a result, some counts are shifted from
the photopeak region, but still are recorded in the high-energy part of the
spectrum (38). The spatial localization of the event can also be affected, since
the x,y coordinates are determined from the centroid of the scintillation light
emission. There is also a possibility for scattered photons to pile-up in the
photopeak window, especially for lower-energy window locations, such as the
113-keV window, where the separation in energy between scattered and
primary photons is smaller. Therefore, since images are reconstructed from the
photo peak counts only, the determination of the DT correction factor should be
parameterized based on the counts recorded in the whole spectrum, but only the

count losses in the photopeak window should be described .

One way of addressing the DT problem is to perform a series of phantom
experiments with gradually decaying activity, using the same acquisition
protocol and scatter correction as used for patient studies. Analysis of count
losses in these phantom images can be used to establish DT correction factors

as a function of count rate for any particular camera system. In this type of DT



measurements, it is recommended to use a phantom that as closely as possible

models an “average patient” in both size and activity distribution.

As an alternative to the phantom-based estimation of DT losses, the DT
correction factor could be estimated from planar imaging performed in
conjunction with the patient SPECT scan. In this method, a small marker source
is be placed at the edge of the FOV of the camera and planar scans over the
SPECT FOV with and without the patient (39) are be performed. The ratio of
counts from these two scans (obtained from data acquired in the photopeak
window and corrected for scatter) in a region of interest (ROI) around the
marker provides the DT correction factor to be used for patient studies. The
drawback of this method is the additional acquisition time required for these
planar scans (with and without the patient). It has been suggested (40) that the
DT correction factor can be determined using a 5-10 min planar patient scan
performed in close connection to the tomographic acquisition. The DT

correction factor can also be determined from multiple projection views (41).

As the dead time will very likely affect only scans performed shortly after
injection (the first time point in the time-activity curve), it may have little effect
on the overall absorbed dose calculation because of the relatively small

contribution of this first time point to the cumulated activity.



Iterative Reconstruction

Accurate quantification requires compensation for image degrading factors.
Iterative reconstruction methods, such as the maximum likelihood expectation
maximization (MLEM) algorithm (42) and the ordered subsets expectation
maximization (OSEM) algorithm (43) provide the ability to compensate for
these effects in a unified manner, and are thus typically used and are

recommended (34).

Iterative methods require a certain number of updates before reaching an
acceptable image quality. This then implies the for a criterion to determine the
number of iterations used. MIRD Pamphlet 23 (34) defines the convergence as
when the 90% recovery has been reached this states to be a level of “high
reconstruction accuracy”._A general ‘rule-of-thumb’ is that more complex
reconstruction problems (where more corrections are included in the algorithm)
require a larger number of iterations to reach convergence. It is important to
investigate this dependency and optimize reconstruction parameters using data
from phantom studies and simulations but also sample patient data with

representative activity distributions and counting statistics.

The number of iterations required for convergence for a given number of
subsets also depends on the organ size. Figure 4 illustrates this effect using an
example of the reconstruction of a !7’Lu Dotatate patient SPECT/CT scan. The
total activity in volumes of interest (VOIs) drawn around the kidneys and a
tumor is plotted as a function of the number of OSEM updates (number of

subsets multiplied by number of iterations). Since the true activity is not known



in this case, the curves have been normalized to the highest activity value
obtained for each VOI. For this particular case, the volume of the tumor was
similar to that of the kidneys. It can be seen that a smaller number of iterations
was required for convergence for the kidneys than for the tumor. The slope of
the tumor curve diminishes earlier than that for the kidneys, but after 200
updates when the kidneys show convergence the tumor still shows an upward
trend to the maximum value. If following the 90% of maximum activity as
being a measure for recovery the tumor reaches this level at 20 updates whereas
the right kidney needs 40 updates. For 95%, however, all VOIs reach this level

at 60 OSEM updates.

In general, since image noise tends to be amplified as the number of iterations
increases, when interpreting data derived from SPECT images (for example, by
using dose-volume histograms), it is important to remember that high variations
in voxel counts may be caused by the reconstruction process and may not
necessarily be related to a heterogeneous biological uptake of the

radiopharmaceutical.

PHOTON ATTENUATION

The most important factor altering the number of photons that impinge on the
gamma camera detector is photon attenuation. The thickness of tissue-
equivalent material that reduces the fluence of 208 keV photons to half is only

about 5 cm. Since this attenuation depends on the density of the medium, an



accurate attenuation correction must be based on patient-specific attenuation

maps (34).

How attenuation maps (AM) used for attenuation correction (AC) are
determined depends on the camera system but, if possible, it is recommended
that a CT study is used for this purpose, preferably acquired using a SPECT/CT

camera.

The accuracy of image quantitation critically depends on the accuracy of
attenuation coefficients that are input into AC. Therefore, when using CT-based
AM accurate translation of CT images from Hounsfield numbers to attenuation
coefficients corresponding to the energies of the !”’Lu photopeak(s) must be
performed. Additionally, since CT and SPECT data use different matrices and
voxel sizes, the CT images must be properly registered to align with SPECT
images, and interpolated to match SPECT matrix sizes. Finally, AM should be
smoothed so that their resolution matches the SPECT resolution in order to
reduce potential edge effects at boundaries, in regions displaying large
attenuation gradients (such as those at soft tissue/air, lung/soft tissue and soft
tissue/bone interfaces). As a result, creation of AM from CT images is a
complex procedure, requiring proprietary information about both CT and
SPECT systems, it is therefore recommended that attenuation maps

reconstructed using manufacturer’s software are used.

If both 208-keV and 113-keV photopeaks are used for imaging, two separate

AM must be generated and images reconstructed.



Given the importance of AC, a quality control (QC) protocol must be developed
to ensure that the AM reflects correct attenuation coefficient values for the
major classes of tissues (lungs, tissue and bone). Additionally, the accuracy of
the alignment of the attenuation map and SPECT image must be checked
because CT and SPECT scans are always performed sequentially and the

patient may move between and/or during scans (44).

COMPTON SCATTER

Each photopeak energy window will also contain events from scattered photons
(45), as shown in Table 3. For !"’Lu studies, this will include both self-scattered
photopeak photons (i.e. scattered photons that initially had the energy equal to
the photopeak energy of the considered energy window) and down-scattered

photons from high-energy transitions.

The use of scatter correction is especially important for 113 keV-based imaging
because of the large contribution from down-scattered high-energy photons in

this window.

A practical correction technique is the triple-energy-window (TEW) method
(46). Two additional windows, set on both sides of the photopeak, allow the
user to account not only for the self-scatter but also for down-scattered high-

energy photons. The compensation method can be described by



W uw)_ pw (1)

where: Ciw and Cuw are pixel counts in lower and upper windows, respectively,
and Wiw, Wuw and Wpw are the respective widths of lower, upper and photopeak
windows. The windows widths must be carefully selected, since too narrow
windows will result in a high noise level in the scatter image (47). Usually
energy windows are selected to have the width (in percent) equal to one-half of
the width (48) or the same width (31,49) as the photopeak window, unless
another photopeak prevents it. Such situation occurs, for example, if a scatter
energy window is to be set below the 113-keV photopeak, where Pb X-ray

photons may interfere.

Subtraction pixel-by-pixel of estimated scatter projections from the photopeak
projection image results in noise amplification or even negative counts (50).
Better results are obtained when the scatter estimate is incorporated into the
projector step in the iterative reconstruction algorithm. Additionally, since for a
ME collimator the scatter energy window set above the 208-keV photopeak
usually contains relatively few counts, this second scatter window can be

ignored (47,48).

For the majority of '”’Lu studies applying the TEW scatter correction will result
in relatively good quantitative accuracy of activity distributions. This is
because window-based correction method compensates not only for the self-

scattered photons, but also for the “background” beneath the photopeak that is



created by scattered high-energy photons. Thus, reasonably accurate
quantitative images can be reconstructed from studies performed with low
energy collimators and 113-keV photopeak or ME collimators and 208 keV

only or ME collimators and both photopeaks.

However, the scattered photons recorded in the lower energy window originate
from different locations than those in the photopeak window. Moreover, many
of the scattered high-energy photons recorded in the scatter window may have
scattered several times before being detected. For these reasons, the TEW
correction does not accurately reproduce the distribution of scattered photons in
the photopeak window, particular in regions with non-uniform density
distributions. This effect is illustrated in Figure 5, which compares projection
images (A) and (C) of the true distributions of scatter in 208-keV and 113-keV
energy windows, respectively, with the corresponding TEW-estimated scatter
images (B) and (D). The true scatter images are sharper than those obtained
with the TEW method. However, these differences are usually small, especially
in the abdomen region illustrated in this figure; they are mostly smaller than

10%.

Scatter compensation can also be performed using a direct modeling of scatter
in the projector step of the reconstruction method. For instance, the effective
scatter source estimation (ESSE) method, developed by Frey et al. (51,52), uses
pre-calculated kernels obtained from Monte Carlo simulations to estimate self-

scatter in the photopeak window, while the analytical photon distribution



interpolative (APDI) method (53,54) uses the Klein-Nishina cross-section for

Compton scattering to analytically calculate scatter distribution in projections.

For situations when the density distribution is non-uniform improved image
quality and quantitative accuracy can be obtained if scatter models, such as the
ESSE or APDI, are used. Both the ESSE and APDI methods have been

successfully applied to !7’Lu phantoms studies (31,47).

COLLIMATOR-DETECTOR RESPONSE

The collimator-detector blurring, which affects the spatial resolution of the
image, varies with the source-to-collimator distance (34). For LEHR and ME
collimators typical spatial resolutions of the system measured at 10 cm are
about 8 mm and 10 mm, respectively. Additionally, septal penetration and
scatter in the collimator can further reduce image contrast and spatial
resolution. (see Table 2).

Reconstruction algorithms, that include geometric collimator-detector response
(CDR) compensation, modify the distribution of counts in the image but do not
change their total number. Therefore, they do not affect the quantification of the
total activity in the field-of-view. CDR compensation not only improves spatial
resolution, but also changes the noise texture so that the image appears
smoother. The improvement depends in a complex way on the signal-to-
background ratio, noise levels in the data, camera orbit and the number of

iterations. When quantify the total activity in an organ or tumor, a



reconstruction with CDR compensation may be beneficial since it decreases the

resolution-induced spill-out of counts from hot regions.

However, CDR compensation may create Gibbs-like artifacts (ringing artifacts)
in the vicinity of sharp boundaries (55) and thereby change the distribution of
counts within a VOI. When the distribution of absorbed doses for individual
voxel locations is calculated within a VOI for further analysis using dose-
volume histograms, one should be aware of the fact that CDR correction may

result in creation of false dose-volume information (36).

Figure 6 illustrates four types of reconstructed images of the kidney region. The
image in Figure 6d corresponds to the one used clinically in the Lund protocol
described in detail in the Patient Example section. Images (a-c) are displayed to

show the impact of different compensation methods on image quality.

ACTIVITY QUANTIFICATION

Camera Calibration

Reconstructed images represent the 3D distributions of voxel values obtained
by measuring photons emitted from the imaged object. To convert voxel values
to activity, the camera system must be carefully calibrated using a radioactive
source with a well-determined '7"Lu activity (45). Furthermore, it is important
to ensure that the activity meter (dose calibrator) used to measure the activity of
7TLu calibration source is correctly calibrated with a well-known (i.e.

independently calibrated) !7’Lu activity, preferably one that is traceable to a



standard laboratory. Care must also be taken that the same source geometry
(same vials and the same volume of activity-containing solution) are used in
these measurements as will be used for clinical studies, as the dose calibrator

measurement is source-geometry dependent.

Different approaches can be used to determine the camera calibration factor,
depending on how accurately attenuation and scatter corrections are
implemented (34). If corrections are accurate (i.e. the reconstructed image
truthfully represents the distribution of emitted photons), calibration can be
performed by simply acquiring a planar image of a small point-like source
placed in air. The calibration factor for the camera (cps/MBq)rov is then
determined from the total counts in a ROI surrounding the source image,
divided by the acquisition time and activity. However, potential contribution to
the ROI from the high-energy '"’Lu scattered photons may need to be

accounted for (by using appropriate scatter correction method e.g. TEW) (56).

Alternatively, a large water cylinder containing a well-calibrated source of
7"Lu can be scanned. The same acquisition protocol and reconstruction method
(with corrections) as used in patient studies must be employed. Again, the
calibration factor is then determined by dividing the total counts in the
reconstructed image of the phantom by the scan time and activity. These two
methods, namely, planar acquisition of a small source and tomographic
scanning of a extended source, should ideally result in the same calibration

factor (56).



Quantification of activity in VOIs

In radionuclide therapies with !”’Lu-Dotatate, because kidneys are considered
to be the main organ at risk, the renal absorbed dose is of interest. When using a
SPECT/CT system with high-resolution CT, the kidney VOI can be drawn
using anatomical images from the CT part of the study. However, due to
activity spill-out resulting from partial volume effects (PVEs) (34), the kidney
activity determined from the volumes obtained from CT will be underestimated.
PVEs also blur the boundaries of regions making determination of their exact
location difficult, thus imposing uncertainties on activity measurements. The
CDR incorporated into the reconstruction algorithm reduces the spill-out to
some extent, making it easier to determine the activity content of a VOI.
However, it is important to be aware of the artifacts that may be introduced by

CDR in the form of “rims” with increased activity (Gibbs artifacts).

Several software-based methods have been proposed to correct for PVEs, (55)
but in the majority of cases their implementation in routine clinical practice is
limited by their complexity. Probably the simplest and commonly used method
is to apply experimentally determined recovery coetficients, RCs, as described
in (34). For patient studies, the activity Avor contained in a VOI is then

determined as a product of three parameters, according to

1 1
~CPS,, - :
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where the first parameter CPSvor is the count rate measured in an image VOI,
the second parameter RCosgs is the recovery coefficient for an object which
best represents the VOI dimensions in the patient image and the third parameter
is the system sensitivity (cps/MBq). An example of a recovery coefficient curve
for '""Lu determined using a series of spheres with different sizes placed in a
phantom has been described by Ilan et al. (57). It should be pointed out that the
values of RCs not only depend on the object size and shape, but also are
strongly influenced by data acquisition protocol and image reconstruction
method, so RCs need to be determined for each camera/collimator and data

acquisition/reconstruction protocol.

Time-activity curves

Quantitative information about temporal changes in activity distribution is
required for determination of time-activity curves (TACs) and time-integrated
activity concentrations (34). If it is not possible to perform SPECT acquisitions
at multiple time points (due to time constraints, for example), a hybrid
planar/SPECT approach is sometimes used (34). Here, the TACs are
determined from a time-series of planar whole-body scans that have been
corrected for attenuation, scatter and over-lapping activity contribution. At one
time point, an additional quantitative SPECT study is also performed. Each
TAC is then rescaled by the ratio of activities determined for the organ/region
corresponding to this TAC from the SPECT image and the whole-body (i.e.

planar) study.



PHANTOM IMAGING STUDIES

In patient studies, the evaluation of quantitative accuracy of reconstructed
images is extremely difficult (if not impossible) because in this case true values
of activity are not known and usually cannot be independently determined.
However, such evaluation can be done using phantom experiments. Therefore,
although it is generally acknowledged that even the most sophisticated
phantoms are not able to reproduce the complexity of activity and tissue
distributions encountered in patients, phantom experiments are often used to
determine the accuracy of imaging methods. Additionally, in order to compare
and combine image-derived absorbed dose values obtained at different centers
(possibly using different camera systems, imaging protocols and reconstruction

algorithms), phantom studies are recommended for cross-calibration.

Several issues related to quantitation of !7’Lu imaging studies have been
investigated using phantom experiments. These include comparison of
different approaches to determine camera normalization factors (56),
investigation of dead-time effects and appropriate correction methods (40,48),
and comparison of the accuracy of image quantitation which can be achieved
when using 113-keV and/or 208-keV photopeaks for the camera equipped with

LEHR and ME collimators (31,48).

In particular, to evaluate accuracy of image quantitation, experiments with
spherical and cylindrical objects filled with !7’Lu activity placed in air and in
water without and with background activity have been performed. Image

reconstructions used OSEM algorithms with CDR compensation available on



commercial cameras (48) or reconstruction methods developed in-house (31).
All reconstructions used CT-based attenuation correction, while for scatter
correction the dual-energy window method (DEW) (31,48), TEW (47,58),
ESSE (47) and APDI (31) methods were investigated. Table 4 summarizes the

results of these studies.

CLINICAL APPLICATIONS OF *7Lu

In early animal experiments it was shown that after injection the '7’Lu salts
transform to hydroxide and form colloids, which are cleared by phagocytosis to
regional lymph nodes (1). Animal biodistribution studies have demonstrated
that approximately 60% of soluble '""Lu salts circulating in the blood stream

will concentrate in the skeleton resulting in high absorbed doses (59).

Presently, '""Lu is used in PRRT for treatment of NETs, in some cases parallel
to or in conjunction with *°Y. In the majority of centers Dotatate and/or Dotatoc
are employed and all patients are injected with the same 7.4 GBq activity
repeated in 4-6 therapy cycles. Clinical PRRT trials show favorable outcomes
in terms of progression-free survival and overall objective response rate
(2,6,17). However, improved treatment outcomes could be expected if the
injected activities would be based on personalized dosimetry calculations and

image-based therapy plans.

Personalized dosimetry in PRRT aims to determine the maximum administered

activity that will result in an absorbed dose that will be well tolerated by the



patient with little or no side effects of renal and hematologic toxicities (2,17).
Kidney irradiation is usually prolonged due to tubular reabsorption of
radiolabeled peptides and therefore co-infusion of amino acids is often
performed for renal protection. Using !"’Lu-Dotatate, permanent renal toxicity

has been considerably less frequent compared to that for °*Y-Dotatoc (3,17).

The limits for absorbed dose to the kidneys have been set at either 23 Gy
(20,60) or 27 Gy (18,61). The use of the biologically effective dose (BED)
allows for comparisons of therapies using different number of cycles and other
radionuclides like *°Y. Based on these studies new kidney dose limits of 28 Gy
and 40 Gy (depending on the presence of additional risk factors) have been
proposed (4). A study from Uppsala (20) showed that only 20% of patients
reached the lower 23-Gy threshold after 3 cycles of 7.4 GBq and that 50% of
the patients were treated using more than 4 cycles. These results clearly indicate
that a standard protocol of 7.4 GBq administered activity in 4 cycles may lead
to an under-treatment for a large groups of patients, as the maximum
therapeutic response rate (i.e. the combination of percentage of patients
showing partial and complete response after therapy) by '"’Lu is 35% (2,17).
Personalized dosimetry may allow for better tailoring of the administered !”’Lu
activity and/or the number of treatment cycles to the needs of each individual

patient.
PATIENT EXAMPLES

Individualized dosimetry-based treatment planning in '”’Lu-Dotatate PRRT has

been reported separately by both Uppsala Academic Hospital and Lund



University Hospitals (18,20,21). Currently, a clinical study is ongoing in
collaboration between Lund and Sahlgrenska University Hospital, Gothenburg,
Sweden. Details of these clinical studies provided in the following section
exemplify two different approaches to clinical quantitative !"’Lu SPECT
imaging of patients having treatment cycles of 7.4 GBq administered with

concomitant infusion of an amino-acid solution for renal protection.

Uppsala reported dosimetry evaluations in a regimen where subsequent
treatment cycles were given until either a) the total absorbed dose to the
kidneys reached 23 Gy or b) the bone marrow dose reached 2 Gy (20,62).
Tumor absorbed doses were also evaluated in (57). In the routine protocol
absorbed doses to kidneys and other organs were determined from the
SPECT/CT imaging performed during the first treatment at 24 h, 96 h, and 168
h post-administration, and one SPECT/CT study at 24 h in the following cycles.
The SPECT/CT acquisitions were performed using ME collimators and 120
projection angles with acquisition time equal to 30 sec per frame. An energy
window of 20% was centered on the 208-keV photopeak, and projection data
were stored in 128x128 matrices. SPECT reconstruction was performed using
software available on the clinical workstation. An iterative OSEM algorithm
with 4 iterations and 8 subsets and post-filtering using a Hann filter with a cut-
off of 0.85 were used (20,62). Attenuation correction based on a low-dose CT
image was included in the reconstruction, but corrections for scatter and
collimator response were not included. SPECT image calibration was

implemented by imaging a 100-mL '"’Lu sphere placed inside an elliptical



water-filled cylinder. The count rate in a spherical 4 cm® VOI placed centrally
in the sphere in the reconstructed image was determined and the activity
concentration in kidneys was quantified using this VOI. A mono-exponential
function was fitted to the three data points to determine the cumulated activity
concentration. Absorbed dose was calculated by multiplying the time-integrated
activity concentration by the dose concentration factor, derived from the unit

density sphere model of '7’Lu (63) and thus taking self-dose into account (21).

In the Lund/Gothenburg ongoing clinical trial (EudraCT no. 2011-000240-
16), treatment continued until the total delivered renal BED dose reached 27
Gy, or 40 Gy, depending on additional risk factors (4). Dosimetry was
performed during every treatment cycle and was based on a hybrid
SPECT/planar method, chosen as a compromise between the quantitative
accuracy of SPECT and the need to visualize the whole-body tumor burden
during the course of treatment. The SPECT/CT scan were acquired at 24 h post
injection, using 60 projections, each of 45 s, in a 360-rotation mode.
Acquisitions were performed using a single energy window centered on the
208-keV photopeak with a width of 15% or 20%, depending on the energy
resolution of the SPECT/CT systems used. ME collimators were employed, and
projection data were stored in 128x128 matrices. The whole-body anterior-
posterior planar imaging was performed at 0 h, 24 h or 48 h, 96 h, and 168 h
post-injection. The acquired images were exported for further processing using

the in-house software LundAdose (64). The renal TACs were determined from



this series of planar images that were corrected for attenuation, scatter and
overlapping tissues activity (18,65). SPECT reconstruction was performed by
an iterative OSEM algorithm with 8 iterations and 10 subsets. Corrections for
attenuation, scatter and collimator response were included in the reconstruction,
with the low-dose CT image used to generate attenuation maps and scatter
kernels for the ESSE method (51) pre-calculated using Monte Carlo methods

(30).

Camera calibration for both SPECT- and planar-based quantification was
derived from a planar scan of a known activity placed in a Petri dish in air.
From the quantified SPECT images maps of the absorbed dose rate were
calculated using a Monte Carlo-based method where a CT-derived 3D map of
the tissue density distribution was used as an input (66). VOIs encompassing
the cortex and medulla of the left and right kidneys were manually segmented
based on the CT images. The absorbed dose rates were determined as the
median values of activity within these VOIs, which were compensated for
partial-volume effects using a recovery factor of 0.85, as determined
experimentally. These SPECT-derived absorbed-dose rates were used to
renormalize the TACs obtained from planar images, giving time-versus-dose

rate curves from which values of the absorbed doses were calculated (67).

SUMMARY

There is a growing body of evidence that effectiveness of targeted radionuclide
therapies could be greatly improved if they followed personalized plans based

on patient-specific dosimetry calculations (16). Such calculations, however,



require accurate information about the biodistribution of the radioactive
therapeutic agent in the patient body, which must be obtained from quantitative

imaging studies.

While the medium-energy beta emissions of '’’Lu make it very useful for many
radionuclide therapy applications, its gamma emissions are suitable for
quantitative imaging necessary for dosimetry calculations. This document,
which follows the general overview of quantitative imaging principles to be
used in radionuclide therapy studies presented in (34), describes methods which
are specifically recommended for use in '”’Lu quantitative studies. A detailed
discussion of the effects that can affect the quantitative accuracy of the
estimated activity distribution, and a series of recommendations and guidelines
are provided. The discussed effects and recommendations are illustrated by
example images and are supported by numerical data obtained from

simulations, phantom experiments, and patient studies.
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FIGURE 1: Simulated energy spectra of 7.4 GBq !"’Lu distributed in the
XCAT phantom imaged with LEGP and ME collimators (GE Infinia). Solid
lines represent the total spectra, while dashed lines show the spectra of primary
photons that pass unscattered through the phantom and the collimator. Dotted
lines indicate 20% energy windows centered at 113 keV and 208 keV
photopeaks. Note the difference (due to photon scatter and collimator septal

penetration) in both the shape of the spectra and in their count rates.



FIGURE 2: Simulated projections of !”’Lu distributed in the XCAT phantom
showing the difference in image quality obtained with LEGP and ME
collimators (GE Infinia) and two energy windows (113 keV and 208 keV). (A)
LEGP and 113 keV window. (B) ME and 113 keV window. (C) LEGP and 208

keV window. (D) ME and 113 keV window.



FIGURE 3: Simulated projection images of the XCAT phantom corresponding
to a typical !”’Lu-Dotatate imaging study at 24h post injection. (A) Image
simulated by assuming a scintillation camera with “perfect” spatial resolution
and no attenuation and scatter in the phantom. Since no interactions occur this
image is representative for both the 113 keV and the 208 keV energy window.
(B) Image simulated with ME collimator (GE Infinia), photon attenuation and
scatter included and with a realistic noise level for a 20 % energy window
centered on 113 keV. (C) Image shows the same as for (B) but for a 20 %
energy window centered on 208 keV. (D) Image showing the sum of the two

images shown in (B) and (C).
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FIGURE 4. The total activity in VOIs normalized to the highest activity
obtained for the particular VOI for different number of OSEM updates.
Reconstructions included compensations for attenuation, scatter and collimator
response. The analysis was performed using VOIs delineated in consecutive

slices over the kidneys and the tumor in a patient study.



FIGURE 5. A row of images showing a comparison of the true scatter
distributions (A and C) from !"’Lu photons and those estimated by the TEW
scatter compensation method (B and D) for the 113-keV energy window (A and
B) and for the 208-keV (C and D) energy window (20%). Scatter distributions
were simulated using the XCAT phantom and the settings for the scatter
windows for the TEW method were [Iw=88-102, uw=125-153] keV for 113-
keV photopeak and [lw=153-187] keV for the 208-keV photopeak. The upper
TEW window for 208-keV photo peak was set to zero because of very few
scatter events and the contribution from the 249 keV photon from the !"’Lu

decay. Collimators parameters represent a GE Infinia camera.



FIGURE 6. OSEM reconstructed images (80 OSEM updates) from a '7’Lu-
Dotatate patient study measured at 24 h post-injection. (A) no corrections. (B)
attenuation correction only. (C) attenuation and collimator compensation
corrections. (D) attenuation, ESSE-scatter and collimator response

compensation. No post-filtering has been applied.
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FIGURE 7. A reconstructed image (80 OSEM updates) from a '”’Lu-Dotatate
patient study measured at 24 h post-injection with attenuation, scatter (ESSE)
and collimator response compensation. A ROI over the right kidney is
indicated. The small hot region is a tumor. To the right the TAC curve shows
calculated dose-rate as a function of time. The arrow indicates the time where

the SPECT study was performed.



TABLE 1
A compilation of energies and intensities of y-ray emissions (%) per
nuclear decay of *’’Lu. The values in bold are recommended for use in
this work.

keV  Ref(25) Ref(24)! Ref(26) Ref(68) Ref (28) Ref(23,29)

71.6 0.1734 0.1844 0.1720 0.154 0.1726 0.172
112.9 6.17 6.44 6.22 6.40 6.20 6.17
136.7 0.0464 0.0563 0.0492 0.0480 0.0470 0.0469
208.4 10.36 10.36 10.55 11.0 10.38 10.36
249.7 0.1987 0.2053 0.2023 0.212 0.2012 0.2008
321.3 0.2074 0.2559 0.2111 0.219 0.216 0.210

D Intensities are calculated based on (22) where normalization assuming 208 keV
photopeak intensity of 100 was used.



TABLE 2

Simulated (NEMA) system sensitivity per camera detector (cps/MBg)rov for two 177Lu
photopeaks and a number of imaging conditions. The fractions of the detected counts
that are due to collimator scatter and septal penetration are shown in parentheses. Note
that some contribution to the 113 keV window comes from events from 208 keV
photons Compton-scattered in the crystal followed by an escape. This contribution

increases with decreasing crystal thickness.

113-keV Window

208-keV Window

Crystal Collimator® 15% 20% 15% 20%
3/8" HE 6.8 (3.0%) 7.5 (3.1%) 7.0 (6.8%) 7.2 (6.9%)
3/8" ME 5.8 (3.3%) 6.3 (3.5%) 6.0 (7.8%) 6.1 (8.0%)
3/8" LEGP 16.1 (31.8%) 18.6 (35.4%) 71.5(84.7%) 74.6 (84.9%)
3/8" LEHR 12.0 (43.5%) 14.3 (47.9%) 70.3(90.4%)  73.2 (90.5%)
5/8" HE 6.7 (2.9%) 7.3 (2.9%) 9.5 (6.9%) 9.8 (7.0%)
5/8" ME 5.7 (3.2%) 6.2 (3.3%) 8.1 (7.8%) 8.3 (7.9%)
5/8" LEGP 14.1 (22.7%) 16.0 (26.0%) 95.1 (84.4%)  98.6 (84.5%)
5/8" LEHR 9.9 (32.3%) 11.4(36.1%) 92.9(90.1%)  96.6 (90.3%)

1 GE Infinia camera



TABLE 3

Ratios of scattered photons to the total number of photons detected within
the energy window (15% or 20%). The results of this simulation with the
XCAT phantom are presented as a function of two crystal thicknesses and
four collimators.

113 keV Window 208 keV Window

Crystal Collimator? 15% 20% 15% 20%
3/8" HE 0.60 0.55 0.27 0.22
3/8" ME 0.60 0.55 0.27 0.22
3/8" LEGP 0.53 0.49 0.21 0.18
3/8" LEHR 0.49 0.47 0.20 0.17
5/8" HE 0.60 0.56 0.27 0.22
5/8" ME 0.60 0.56 0.26 0.22
5/8" LEGP 0.55 0.52 0.20 0.17
5/8" LEHR 0.53 0.49 0.20 0.17

D GE Infinia camera



TABLE 4

Recent phantom experiments evaluating accuracy of quantification of ’Lu activity.

Ref. Photopeak Phantom Reconstruction Segmentation Accuracy
energy
<15% for
0,
(48) 208 keV T*Q;ﬁﬁdleii - OSEM, CDR e NS
AC, DEW-SC <9.5% for total
cold water threshold -
phantom activity
20 mL cvlinder CT-volume 1-2% for cylinder
G 113kev ace d‘;n . OSEM,CDR, augmented by VOI <11-18% for
P AC,APDI-SC  4voxelsin total phantom
and cold water N L
each direction activity
<3% for spheres
>1ml in air
0.5-113 mL 0
spheres in air, OSEM, CDR, <131/r';]];?; is):tirres
cold and hot AC, TEW-SC <3% for 113mL
water .
sphere in hot
water
votes e OSEMCOR | meshoa | SN
and cold water ' 0.1% for air, 0
58 208 keV 1% for water,
) i ADT (69 for
thorax OSEM, CDR, | fotwater 506
phantom (non- AC, APDI-SC
uniform cold
environment)
34-148 mL
cylinders in air
OSEM,CDR, 0
and between AC, TEW-SC <7%
cold water
bags
OSEM, CDR,
27 mL AC
spherical
(47)  208keV icertinNEMA  TEW (15%) 11%
ESSE 7%



