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PET permits the quantification of myocardial blood flow, but is
hampered by the limited spatial resolution of the PET images.
Methods: We evaluated two methods for the correction of resolu
tion effects in PET perfusion 13NH3-ammonia images. In one model,

the spillover and recovery coefficients are estimated in the kinetic
modeling analysis. The new, second model uses an explicit delin
eation of the left ventricular wall and a convolution model for the
system point spread function to compute the regional values of the
spillover and recovery coefficients. Results: The new method is
validated with phantom measurements. The two methods are eval
uated on animal experiments using 13NH3-ammonia. Both two- and
three-compartment models were used to compute absolute flow
values. Excellent linear correlations with microsphere data were
obtained. The slope of the regression line was lower for corrections
based on kinetic modeling as compared to convolution-based
correction. In animal experiments, recovery coefficients of 59% for
the myocardial wall and 86% for the blood pool were obtained.
Spillover from the blood pool into the myocardial wall was 14%.
Conclusion: The new correction method stronglysuppresses spill
over and recovery effects due to limited resolution.
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Ihe spatial resolution of PET images is limited by several
factors, such as detector size, positron range, scatter, filtering
and motion of the organ being studied. The blurring effect of the
resulting point spread function has been carefully studied by
several authors (1-7). In the imaginary ideal image, the value at
every voxel (element of a three-dimensional image) equals the

activity concentration at the corresponding position in the
object. In the real, blurred image, this activity is distributed over
a larger region. This blurring is usually described using two
parameters: the recovery coefficient and the spillover coeffi
cient. In order to accurately assess perfusion in the left
ventricular (LV) wall using kinetic modeling analysis, correc
tion for the resolution effect is required.

Two types of correction techniques have been proposed. In
the first type, the resolution effects are included in the tracer
kinetic model as extra parameters, to be determined in the
fitting procedure (7-11). In the second type, the correction is
applied prior to the kinetic model analysis (4,12-15). Obvi

ously, the methods of the second type need information on the
size and shape of the organs under study and on the resolution
of the camera. This information cannot be derived from the
emission image alone, because of its limited resolution. This
implies that information from other measurements or a priori
knowledge has to be used (12-16).

In this paper, we present a new method that uses both types
of correction techniques. The spillover from the right ventric

ular (RV) blood pool is introduced as an extra parameter in the
kinetic model analysis. For the correction of recovery and
spillover from the LV blood pool, we propose a three-dimen
sional extension of the method of Bol et al. (15). The method is
applied here to determine myocardial perfusion using dynamic
PET studies with 13NH3. Obviously, the same method can be

applied to heart studies with other tracers. We will refer to this
new method as the CC or convolution-based correction method.

The CC method is compared to an existing one, in which an
extra parameter, combining the effects of spillover from the
blood pool into the wall and of the blood volume in the
myocardial tissue, is included in the tracer kinetic modeling
(7,10). This method will be called the KC or kinetic modeling-
based correction method.

Comparison of these methods is useful given that they have
different strengths and limitations. The CC method corrects not
only the counts of the myocardial wall, but also the input
function. On the other hand, it ignores variations in wall
thickness and requires careful calibration. The KC method does
not require a model for the PSF and wall motion effects. This is
important, since such a PSF model may be difficult to derive,
particularly when iterative reconstruction techniques are ap
plied (17). Its limitations are that it tends to overestimate the
recovery coefficient, and that shifting the regions towards the
endocardium results in an increase of the variance on the
estimated flow values.

The results of multiple measurements will be denoted by
mean Â± 1 s.d. The cutoff frequency of filters is specified
relative to the sampling frequency which, for our tomograph
(both at UCLA and K.U. Leuven, Model 931-8/12, CTI/
Siemens), equals 1/3.1 mm. The properties of this system have
been described earlier by Spinks et al. (18). In all cases,
reconstructed images were decay-corrected.

MATERIALS AND METHODS

Correction Algorithm
A mathematical derivation of the new algorithm is presented in

Appendix 1. The resulting equations are:

Mr = (M' -

L = (L' - sLMMr)/rL

Eq.l

Eq.2
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where M' is the measured regional tracer concentration in the
myocardial wall; L' is the measured regional LV blood-pool
concentration; LÂ¿is the mean value of L' over a small central

region in the LV blood pool; Mr is the corrected regional tracer
concentration in the wall, only affected by spillover from the RV
blood pool; L is the corrected regional blood-pool concentration;
SML,SLMare spillover from LV blood pool into the myocardial wall
and vice versa; and rM, rL are the recovery coefficients of the
myocardial wall and the LV blood pool.
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Polar map
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FIGURE 1. (A) A radial slice R. In all radial slices, the long axis of the LV
coincides with the vertical center line. The slice in the figure cuts the RV. P is
the basal plane. (B) C, and C2 are the endocardial and epicardial contours.
The horizontal profile through the myocardial wall M and the LV blood pool
(.'/) illustrates the procedure applied to compute the recovery and spillover

coefficients (rMand SLM).(C) In dark, the contribution of a single radial slice to
the polar map is represented.

Delineation of Myocardial Contours
To compute the regional spillover and recovery coefficients,

outlines of the endocardium and the epicardium are needed. Since
we have in-house software for automated delineation of myocardial
emission tomograms (19,20), we have adjusted the input of the
correction algorithm to the output of the delineation program. The
delineation program uses radial slices. These are slices (usually 16)
through the long axis of the LV wall, uniformly spread over 180Â°

(Fig. 1A) (20). The delineation algorithm assumes that the tracer
uptake in the LV wall is higher than in the surrounding tissue, as
is the case in I3NH3 and 18FDG studies and SPECT perfusion

studies. The program produces endo and epicardial contours for
every slice and determines the position of the base by fitting a
plane to the open end of the LV wall (Fig. 1A). This defines a
complete three-dimensional delineation of the LV wall. LV thick
ness varies between 8 and 15 mm in humans (21,22) and 7 mm to
12 mm in dogs (echo measurements, described below). Since the
overall resolution of the PET system is of the same order, wall
thickness cannot be derived reliably from the PET image. There
fore, we currently impose a constant predefined wall thickness
upon the contours (13 mm in human studies, 10 mm in dog
studies).

Calculation of Left and Right Ventricular
Blood-Pool Activity

The endocardial contour should adequately outline the LV blood
pool. To reduce spillover from the myocardium, a new three-
dimensional region is generated by shrinking the endocardial
contour (factor 0.4) and shifting it upward until it touches the basal
plane. This region will be referred to as the blood-pool region. The
mean value of the blood-pool region is used as an estimate of the
arterial tracer concentration of that particular time frame. The
shrinking factor of 0.4 is an empirical compromise between
minimization of the spillover (small region) and minimization of
the noise on the mean value of the region (large region).

To correct for spillover from the RV blood pool into the
myocardial wall, an approximate delineation of the right blood pool
is made. First, all frames preceeding the LV blood pool peak value
are added. RV blood-pool region is defined, consisting of all voxels
less than 1.5 cm from the septum and exceeding an arbitrary
threshold in the sum image (40% of the maximum, determined
empirically). With this region, the RV blood pool time-activity
curve is generated.

Calculation of Spillover and Recovery Coefficients
An idealized image of the LV wall is obtained by setting all

voxels between the endocardial contour, the epicardial contour and

the basal plane (region M in Fig. l B) to unity and all other voxels
to zero. If the PET system would be used to measure and
reconstruct such a uniform distribution, a blurred image would be
obtained because of the limited resolution and the beating of the
heart. This blurring effect can be modeled by convolving the image
with a blurring convolution kernel CK. Applying this to the
idealized image results in a redistribution of the voxel values, as
shown in Figure IB. As a result, the value in the LV wall region M
is decreased, while the value in the blood-pool region !Â£,originally
zero, is slightly increased (Fig. IB). By definition, the resulting
value in M is the regional recovery coefficient rM,and the value in
!Â£is the coefficient SLM for spillover from M into Â¿Â£.The
blood-pool recovery rL and the spillover SMLfrom the blood pool
into the wall are obtained in a similar way.

With these results, Equation 1 can be applied to compute the
corrected wall values. A problem arises, however, when computing
the product sLMMr in Equation 2. Since the myocardial flow
generally is not uniform, we have to determine which regional
values Mr have contributed to the spillover in each of the blood
pool voxels. To circumvent this problem, sLMMr is directly
computed by a procedure similar to the one described above. An
idealized image is produced by retaining the inhomogeneous voxel
values Mr in the region M, while setting all other voxel values to
zero. Convolution with CK produces the values sLMMr in the
blood-pool region !Â£.

The final corrected image is produced by applying Equations 1
and 2 on a voxel-by-voxel basis to the regions M, and Ã¯Â£,
respectively. The corrected input function is the mean value of L in
the shrunken blood-pool region as a function of the frame time.

Derivation of Convolution Kernel
CK combines the blurring effects due to the limited camera

resolution and the motion of the LV wall. Each of these two
contributions can be represented by a PSF. We have carried out
three experiments to measure these two PSFs separately.

The PSF of the tomograph was approximated by a sum of two
Gaussians (3,5,15). In addition, we assumed that the tomograph
PSF is isotropie. By smoothing in the direction perpendicular to the
plane, the PSF can indeed be made nearly isotropie. This PSF was
assessed with line source measurements, reconstructed and filtered
in the same way as the cardiac studies. An additional experiment
was performed to verify the assumption that CK is isotropie.

The wall motion PSF was derived from a gated study with eight
frames per cycle. Radial slices were constructed and the myocar
dium was delineated for every frame. Based on these delineations,
a Gaussian convolution kernel is derived, which has a blurring
effect similar to the blurring induced by the wall motion. This
kernel is the wall motion PSF.

The final kernel CK is a sum of two three-dimensional Gaussian
kernels, obtained by convolving the wall motion PSF with the
tomograph PSF.

Tracer Kinetic Model Analysis
From the delineated and corrected radial slices, two two-

dimensional polar maps are computed (Fig. 1C). The count rate
polar map contains the mean value of the central 7 mm between the
endocardial and epicardial contours. Seven mm is an arbitrary
compromise between reduction of spillover and noise suppression.
The voxel sizes in this study ranged from 2.3 to 3.1 mm, so 3 to 4
voxels are averaged for a single polar map pixel. The volume polar
map contains the myocardial volume in ml represented by each
polar map pixel. Such a set of polar maps is computed for every
time frame. Regions are automatically or manually defined, and for
every region a time-activity curve is created.

In the animal experiments, the regions in the polar map were
registered to the post-mortem tissue samples. The LV was cut along
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the short-axis in three to five slices with equal thickness, and every
slice was cut into eight sectors. The polar map was subdivided
accordingly in three to five rings with eight overlapping regions of 4
to 6 ml per ring. The septum was used as a reference for alignment.

The input function was corrected for the presence of metabolites
(23). Myocardial flow was estimated with a two-compartment (76)
or three-compartment (70) modeling analysis (Appendix 2). In
both models, the spillover from the right ventricular blood pool into
the LV wall was included as an extra parameter. The two-
compartment model was applied to the first 120 sec. The three-
compartment model was applied to the entire dynamic set (10 min
in the K.U. Leuven study, 4 min in the UCLA study).

Resolution Correction Based on Kinetic Modeling
Hutchins et al. (7,70,77) introduced an extra fitting parameter,

the tissue blood volume, in the traditional three-compartment
model, which estimates the combined effects of spillover from
blood pool into myocardium and of the presence of arterial blood
in the muscle. Excluding other sources of spillover, the recovery
coefficient for the myocardial wall equals (1-tissue blood volume).
In order to minimize spillover from structures outside the LV, the
regions are drawn close to the endocardium (7). Therefore, we
calculated an extra set of polar maps from the uncorrected radial
slices, using the average voxel value between the mid-wall and the
endocardium. The same approach was also applied to the two
compartment model (Appendix 2).

Experiments
Convolution Kernel. A line source (plastic, internal diameter 1

mm, length 5 cm) was mounted in a 20-cm diameter acrylic
cylinder, at 3.5 cm from the center of the cylinder, perpendicular to
the reconstruction planes. The cylinder was filled with water. Three
acquisitions were performed, each with a different position of the
line source relative to the center of the camera's field of view: 0,

3 and 6 cm. In the reconstruction, Manning filters with cutoff
frequencies of 0.3 and 0.5 were used. The average radial profile
through the center of the line spread function was determined. A
sum of two Gaussians was fitted to this LSF profile.

In a second experiment, the same line source was mounted
perpendicular to the axis of the same cylinder (parallel to the
reconstruction planes). To improve the axial sampling, three acquisi
tions were performed with 2.25 mm interlacing in the z-axis. The
images were reconstructed, using a Manning filter with a cutoff of 0.3,
and smoothed in the direction perpendicular to the planes with the
convolution kernel (0.25, 0.5, 0.25). Axial and transaxial profiles
through the line source were computed and a Gaussian curve was
fitted to reduce noise artifacts. The FWHM of the Gaussians was
calculated to compare the axial and transaxial resolution.

In a third experiment, the wall motion PSF was computed.
Typical systolic and diastolic wall thicknesses were measured at 12
positions in each of 3 ultrasound images of dogs of similar weight.
Four gated (8 frames/cycle) PET studies (3 baseline and 1 during
adenosine stimulation) were performed. For each frame, a constant
thickness was imposed onto the delineation. The thickness for the
diastolic frame was set to the mean diastolic thickness obtained
from the echo images. The thickness for the other frames was
computed by requiring that the LV wall volume defined by the
delineation was identical for all frames. As before, an artificial
image was generated for each frame, assigning a value of 1 to
voxels inside the delineated wall, and a value of 0 outside.
Summing the 8 artificial images and dividing by 8 produced a
blurred image. The convolution of a Gaussian kernel (simulating
the blurring due to wall motion) and a rectangular profile (simu
lating the static wall profile) was fitted to profiles in the blurred
image (using nonlinear least squares fitting). The estimated Gaus
sian is the wall motion PSF.

Phantom Measurements. In the first experiment, the corrected
wall counts are compared to the counts in a phantom large enough
to have a nearly perfect recovery. A cardiac phantom was mounted
in an acrylic 20-cm diameter cylinder. The phantom simulates the
LV wall (thickness 10 mm) surrounding a blood pool. The wall was
filled with a homogeneous solution of 18F.The blood pool and the

cylinder were filled with water. The angle between the long axis of
the cardiac phantom and the camera axis was 51Â°in the coronal
view and 23Â°in the sagittal view. A cylindrical bottle (diameter 5.5

cm, height 9 cm) was filled with the same radioactive concentration
as the wall and placed adjacent to the cylinder. An emission scan
of 1 hr (total of 141 million counts) was performed. After an
overnight decay of the radioactivity, a transmission scan was
acquired for attenuation correction. The images were reconstructed
(Manning filter, cutoff frequency 0.3), and smoothed axially using
a convolution mask (0.25, 0.5, 0.25). The corresponding radial
slices were calculated and delineated. Polar maps were derived
with and without recovery correction.

In a second experiment, the calculated spillover was compared to
the true value, which was assessed with a dual-tracer study. The
wall of the cardiac phantom was filled with I8F, the blood pool with
13NH3and the cylinder with cold water. Initially the activity of the

blood pool was about twice that in the wall with a total of 110
MBq. A dynamic study was performed and processed as in the
previous experiment. The 13NH3 values were corrected for 18F

contamination (less than 0.5% at end of bombardment). Nonlinear
least squares fitting of the two decay exponentials was used to
separate the contributions from I3NH3 and 18Fin both the blood-

pool region and in the polar map. The fitting results are used to
calculate recovery and spillover coefficients before and after
application of the CC method.

Animal Experiments. A first set of 12 PET experiments in 4 dogs
was performed at UCLA to study flow under baseline and
hyperemic conditions. The experimental setup has been previously
described (76).

A second set of animal studies was conducted at K.U. Leuven,
and evaluated flow under baseline and occlusion conditions. In
contrast to the UCLA study, the apex was included in the data
processing. Seven mongrel dogs of either sex, weighing 23 to 31 kg
(mean 26.6 kg) were sedated intramuscularly with fluanisone
(Hypnorm) 0.25 ml per kg body weight. After sedation, the dogs
were anesthetized intravenously with Na-pentobarbital (Nembutal)
15 mg/kg, intubated and ventilated with air. Catheters were
inserted in the left brachial vein (Nembutal infusion: 0.1 mg/kg/
min), in the right brachial vein (heparin bolus: 5000 I.U. +
infusion: 20 I.E./kg/hr) and in the left femoral artery (blood
pressure monitoring and withdrawal of blood during injection of
radioactive microspheres). A pigtail catheter was inserted in the LV
through the left carotid artery, for injection of radioactive micro-
spheres. In the right carotid artery a 9F sheath was placed for the
insertion of a Stertzer catheter. A catheter was placed in the left
jugular vein for blood withdrawal of I3NH3 metabolites. Coronary

angiography was performed in every dog. A balloon was inserted
in the distal LAD or circumflex artery and the position verified.
The dog was then transferred to the PET facility and positioned on
its right side in the tomograph. ECG and blood pressure were
monitored before, during and after balloon inflation. A 15-min
transmission scan was performed to correct for photon attenuation.
Then 560 MBq I3NH3, distributed in 6 ml NaCl 0.9%, was infused

at a rate of 10 ml/min, followed by a flush of 30 ml NaCl 0.9% at
the same rate. Acquisition was started at the time of injection and
18 frames were acquired (1 X 20 sec, 10 X 10 sec, 2 X 20 sec,
2 X 40 sec, 3 X 120 sec). Blood samples for metabolite counting
were taken at times: 1 min 20 sec, 2 min, 2 min 40 sec, 3 min 40
sec, 6 min and 10 min.
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TABLE 1
Parameters of the Two Gaussian Distributions Modeling the Point

Spread Function (Derived from Line Source Measurements)

TypeHan

0.3, 0cmHan
0.3, 3cmHan
0.3, 6cmHan
0.5, 0cmHan
0.5, 3cmHan
0.5, 6 cmAmpli

1*111111s.d.
1

[mmf5.005.005.063.753.793.83Amplia[10Y3.463.663.764.504.765.09s.d.
2[mm]Â§27.627.127.119.419.218.9G2/G111

[%]5.85.75.76.26.26.1

"The amplitude of the Gaussian distribution with the smallest s.d. was

normalized to unity.
Ts.d. of the first Gaussian distribution.
'Amplitude of the second Gaussian distribution after normalization.
Â§s.d.of the second Gaussian distribution.
11Theratio of the counts in the second Gaussian distribution divided by the

counts in the first one. The counts are proportional to the integral of the
Gaussian distribution over the three-dimensional space.

Seven baseline and four occlusion studies were performed in the
seven dogs. Microspheres (95Nb, 14lCe and 103Ru) were resus-

pended with a vortex shaker and injected as a bolus 60 sec after
start of 13NH3 injection. The calibration was carried out by

withdrawal of arterial blood at a rate of 10 ml/min. Unmetabolized
13NH, in plasma was determined using the ion exchange method

described by Bol et al. (/5). All samples were recounted after
decay of "NH3 (120 min) to measure the 18Fconcentration.

Input Function. For the animal studies, the input function was
determined before and after correction for recovery and spillover,
and for different values of the shrinking factor defining the blood-
pool region.

RESULTS

Convolution Kernel
The two Gaussian distributions, representing the tomograph

PSF, are presented in Table 1. The amplitudes were normalized
by assigning a value of 1 to the Gaussian distributions with the
smallest s.d. Figure 2 shows the measured data and the fitted
model for a line source measurement at 6 cm from the center.
The second line source experiment resulted in a transaxial
(in-plane) resolution of 13.2 mm FWHM and an axial resolution
of 14.6 mm FWHM.

Wall thickness measured with ultrasound was 8.6 mm Â±1.3
at a diastole and 11.5 Â±1.3 at systole. The s.d. of the fitted

LSF at 6 cm: Naming 0.3

10

distance in mm

FIGURE 2. The measured line spread function (+), together with the two
fitted Gaussian distributions (â€¢â€¢â€¢and - -) and their sum (solid line), for a

Hanning window with cutoff frequency at 0.3 and at 6 cm from the center.

04 â€¢

.-

Ã¯Ã¯

Reference NO Sm / No Corr No Sm ; Corrected

Ax Sm / No Corr Ax Sm / Corrected

FIGURE 3. Recovery coefficients calculated from the first cardiac phantom
measurement. The bars represent the mean values, the flags show the s.d.
and the thick lines show the range. From left to right: the reference (perfect
recovery assumed); axial smoothing, no correction (Ax Sm/No Corr); no axial
smoothing, no correction (No Sm/No Corr); axial smoothing, correction CC
(Ax Sm/Corrected); no axial smoothing, correction CC (No Sm/Corrected).

Gaussian, describing the wall motion PSF, was 2.4 mm Â±0.1
mm. The profiles of the adenosine and rest studies were not
different.

Phantom Measurements
Figure 3 shows the recovery coefficients, together with mean

recovery value in the polar map for each of the four sets of
radial slices (with and without smoothing, with and without
correction), obtained from the first experiment. Axial smooth
ing decreases the recovery coefficient. The correction increases
the recovery coefficient, but the corrected values are still
slightly lower than the reference value. After correction (and
axial smoothing) the mean recovery coefficient of the wall is
0.87 Â±0.06, with values ranging from 0.68 to 0.99.

Table 2 presents the results of the dual-tracer experiment.
The recovery and spillover coefficients were computed using
the recovery coefficient of the corrected wall from the first
experiment and the fitted exponentials.

Animal Experiments
Linear regression was applied to compare the microsphere

flow and the PET flow for every individual region and for mean
flow values. In occlusion studies, a mean flow was computed
for the occlusion territory, and a second one for the normal
zone. In the baseline and hyperemic studies, the mean of all
regions was computed. Flows were calculated applying the two-
or three-compartment model, with or without correction for
metabolites, and with one of the two presented corrections for
spillover and recovery (CC or KC). Figure 4 shows the plots
for the individual regions and the mean values for the two-

TABLE 2
Recovery and Spillover Coefficients Derived from Cardiac

Phantom Measurements

Recovery wall
Recovery blood pool
Spillover wall to blood pool
Spillover blood pool to wallNo

correction0.58

0.92
0.044
0.096Corrected

with
CCmethod0.87

1.00
0.010
0.023
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|3

microspheres flow

microspheres flow

FIGURE 4. Flow values in individualregions (A)and the corresponding mean
values (B) obtained by applying a two-compartment model with the convo
lution-based correction (CC) and correction for metabolites. The flow is

expressed in ml/(g min).

TABLE 4
Spillover and Recovery Coefficients Computed by the Convolution

Method in Animal Studies

Mean s.d. Range

Recovery LVwallRecovery
bloodpoolSpillover

wall to bloodpoolSpillover
blood pool to wall0.590.860.0380.140.0460.0510.0150.0160.35-0.630.75-0.920.014-0.0660.09-0.20

compartment model (method CC). The plots for the other
combination of methods are very similar. In Table 3 the results
of the regression analysis are presented. All correlations were
significant (p < 0.001, t-test). The 95% confidence intervals are
small, in particular for the individual regions, so most of the
differences in slope are significant. For the individual regions,
the slope obtained with the CC method was in all cases
significantly higher than that with the KC method. Also,
metabolites correction yielded a significantly higher slope. The
spillover and recovery values are tabulated (Table 4). The
calculated recovery values are uniform over the myocardium,
except for a strong decrease near the base. The recovery
coefficient near the apex is on the average 3% higher than in the
rest of the wall.

The variance increases with increasing microspheres flow (Fig.
4). However, the relative error, defined as the s.d. of the estimated
flows divided by the mean microspheres flow, did not correlate
with the flow and amounts to approximately 20% for all methods.

In all cases there was a moderate negative correlation
between microspheres flow and LS (L = left, S = spillover).

(Depending on the model and the corrections used, LS repre
sents only the fractional blood volume in the myocardium, or

TABLE 3
Results of Correction and Kinetic Modeling in Animal Studies

Model*Con*Metab*Slopecl95Â§Intercept (ml/g â€¢min)r11s.e.e." (ml/g â€¢min)LSMean

values22223333KCKCCCCCKCKCCCCCNYNYNYNY0.780.820.920.990.720.790.790.830.060.060.070.070.040.050.050.050.200.220.190.160.250.260.330.340.980.980.980.980.990.990.990.990.180.190.210.220.150.150.150.150.31

Â±0.050.31
Â±0.060.09
Â±0.050.09
Â±0.050.29
Â±0.080.29
Â±0.080.08
Â±0.050.08
Â±0.05

Individual values

22223333KCKCCCCCKCKCCCCCNYNYNYNY0.770.820.910.990.710.780.780.820.020.020.020.020.020.020.020.020.230.240.210.180.280.290.350.360.940.940.950.950.960.950.940.940.290.300.310.340.220.250.280.310.31Â±0.090.32
Â±0.100.10
Â±0.090.10

Â±0.090.29
Â±0.100.30

Â±0.110.08
Â±0.080.08
Â±0.08

Two- or three-compartment tracer kinetic model.
fKC or CC correction method.

Correction for metabolites in the blood: Yes or No.
Â§slopeÂ±cl95 is the 95% confidence interval.
'Regression coefficient obtained from linear regression.
"Standard error estimate (or s.d. about regression line).
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FIGURE 5. Mean coefficients of spillover from the RV blood pool into the
wall, as a function of the angle in the polar map. The values were obtained by
applying a two-compartment model with convolution-based correction (CC)
and correction for metabolites. The center of the septum is at 0Â°.The mean

for each region over all studies was calculated. Four rings of 8 regions are
shown: â€”:ring 1, - -: ring 2, : ring 3, â€¢â€¢â€¢:ring 4. Ring 1 is closest to the

apex, ring 4 closest to the base.

the sum of the latter and the spillover from the LV blood pool.)
The correlation was not significant in the two-compartment
model (r = â€”0.2â€¢â€¢â€¢â€”0.4,p = ns). It was significant in the
three-compartment model using K.C (r = - 0.61, p < 0.001)
and using CC (r = -0.4, p < 0.05). Correction for metabolites

did not affect this correlation.
Figure 5 shows the values of the RV spillover obtained using

the two-compartment model, the CC-method and correction for
metabolites. The figure shows the mean values over all studies,
as a function of the angle in the polar map. An angle of 0Â°
corresponds to the center of the septum, 180Â°to the center of the

lateral wall.

Input Function
Figure 6 shows the results of all the manipulations. Before

correction, the larger blood-pool regions suffer more from
spillover from the activity in the wall, resulting in higher
activities in the later frames. The larger regions also have a
lower recovery value and, consequently, a lower peak value in
the first frames. After correction the influence of the region size
is smaller. Note that even for the smallest regions, the recovery
coefficient was only 0.9.

DISCUSSION

Assessment of Myocardial Wall Thickness
Boi et al. (15) have presented a correction method for finite

resolution effects using manually defined heart regions and
Monte Carlo simulation. Our CC method is a three-dimensional
extension of their method. The use of a convolution kernel is
equivalent to the Monte Carlo approach. An important differ
ence, however, is the definition of the contours. Because the
myocardial wall thickness is of the same order as the spatial
resolution of the PET system, it cannot be estimated reliably
from the PET images. We solved that problem by assuming a
constant wall thickness (75) by relying on the manual skills of
the operator. The image of a stationary wall is less blurred. As
a result, it has a better recovery, but will appear thinner in the
image, so manual delineation is likely to produce an overcor-
rection. On the other hand, a thinner wall has a lower recovery
coefficient, which will be overestimated when a constant
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FIGURE 6. Typical blood-pool function(A)before and (B)after CC correction,
for blood-pool regions with different sizes, relative to the region enclosed by
the endocardial contour: - -: 0.2, â€”:0.8. The dotted lines show the curves for
the intermediate size (0.3-0.7).

thickness is assumed. Currently, it is unclear which strategy
would be preferable. The only correct, although elaborate,
approach is the use of accurate anatomical information, such as
gated MRI images.

Comparison of the Methods
Estimating the spillover and recovery coefficients with ki

netic modeling techniques is difficult because insufficient
information is available. The sum of the recovery coefficient
and the coefficients of spillover from surrounding regions
equals unity. Consequently, the recovery coefficient can be
computed if all spillover coefficients are known, not only from
the LV blood pool, but also from zones outside the LV wall.
Except for the RV blood pool, however, these zones do not
provide a useful time-activity curve, which is required to
estimate the corresponding spillover coefficient. Shifting the
regions towards the endocardium (7) reduces but does not
eliminate the influence from those zones. This leads to an
overestimation of the recovery and an underestimation of the
flow, as shown in Table 3. In this study, assuming a constant
thickness of 1 cm and applying the CC method resulted in a
superior estimate of the recovery coefficients and, therefore, a
better slope in the regression with microsphere flow values
(Table 3).

The performance of the two correction methods is essentially
equivalent, since the random variations, expressed as the
standard error on the estimate, are similar. Consequently, the
CC method is preferable in complex, multi-parameter systems,
where the number of parameters to be estimated is large and
should not be extended with extra recovery or spillover coeffi
cients. On the other hand, in cases where iterative reconstruc
tion techniques are used, the K.C method may be superior. Liow
et al. (17) showed that the resolution in an image produced by
maximum likelihood expectation maximization in combination
with a stopping rule is not uniform, but depends on the local
image characteristics. Moreover, the local convergence depends
also on global image content (24). As a result, it is not possible
to derive a unique PSF for such images, and the CC method and
similar approaches cannot be applied. Maximum likelihood-
expectation maximization yields a better compromise between
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resolution and noise and, as a result, the KC method will
produce better slopes.

Absolute Flow Values
For all methods, excellent correlations were obtained. The

two-compartment model produces lower intercept values, the
three-compartment model produces slightly better correlations
and lower s.e.e. values. The slope of the two-compartment
model, combined with the CC method is equal to unity. For the
three-compartment model, a lower slope is found. Since,
however, the phantom measurements show that the CC method
slightly undercorrects the resolution effects, it is probably fair to
state that in this study, the two-compartment model tends to
overestimate the flow while the three-compartment model tends
to underestimate it.

In all our linear regressions between PET measurements and
microspheres data, a positive intercept was obtained (Fig. 4,
Table 3). Similar findings have been reported by other groups
(11,15,16). This may be due to an artifactual increase in
reconstructed count rate because of Compton scatter. Alterna
tively, diffusible tracers in the low flow range might always
yield higher blood flow values when compared to the micro-
sphere technique, due to an intrinsic difference between diffus
ible and corpuscular tracers. Hence, a distinction may have to
be made between nutrient and capillary blood flow.

Application of metabolites correction improves the slope of
the regression lines, but does not affect the regression coeffi
cients or s.d.s about the regression line (Table 3). Similar
findings were reported in (75).

Right Ventricular Blood Pool
Bol et al. (15) found a weaker correlation between micro-

spheres and calculated flow for septal regions. This finding was
attributed to spillover from the RV blood pool. Figure 5 shows
that spillover from the RV is indeed present and that it can be
identified in the septal regions by kinetic modeling analysis.

Limitations of the Convolution Method
One of the assumptions of the CC method is that the activity

outside the heart is low, compared to the activity in the
myocardial wall or the blood pool. This assumption is met in
I8FDG studies, but not always in the 13NH3 studies. In some

patients, the lung uptake is not negligible, so the lateral wall
could be affected by spillover from the activity in the left lung.
In some studies, the liver uptake is so high that the spillover
may actually dominate the regional LV wall concentration.

The phantom measurements (Fig. 3, Table 2) show that the
CC method strongly reduces the resolution effects. Complete
correction, however, is not obtained due to the linear interpo
lation in creating the radial slices. Linear interpolation is
equivalent to a convolution with a smoothing, triangular kernel
followed by sampling. This effect has been carefully studied for
short-axis slices by Kuhle et al. (6). They found that the loss in
recovery depends on the angle of reorientation and typically
amounts to 15% for a reorientation angle of 45Â°.This effect is

ignored in the current implementation. Possible solutions are
decreasing the voxel size or including the average interpolation
effect in the system PSF.

CONCLUSION
We have compared two methods for the correction of

resolution artifacts: one based on an explicit delineation of the
myocardial wall and a convolution model for the spatial
resolution, the other one estimating the blurring effects in the
tracer kinetic modeling step. The first method was validated
using phantom measurements. Both correction methods were
combined with the two- and three-compartment kinetic models

to estimate the absolute flow values in canine studies. Linear
regression with microspheres flow resulted in excellent corre
lation for both methods, a better slope for the first method and
no significant difference in random errors. Consequently, the
kinetic modeling approach can be used in applications where no
unique point spread function is available (such as in maximum
likelihood-expectation maximization constrained by a stopping
criterion). In contrast, the convolution method will be useful in
cases where the resolution effects cannot be included as model
parameters.

APPENDIX 1
The relation between the real tracer concentrations and the

estimated values can be written as follows:

M' = rMM + sMLL + sMRR + sMEE Eq. 3

L' = rLL + sLMM Eq. 4

R' = rRR + sRMM Eq. 5

where: M is the regional tracer concentration in the myocardial
wall; L is the (homogeneous) LV blood-pool concentration; R is
the (homogeneous) RV blood-pool concentration; E is the regional

concentration outside the heart; rx is the regional recovery coeffi
cient for X, where X = L, M; SXY is the coefficient of spillover
from Y into X, where (X, Y) = (L, M), (M, L); and X' is the PET

measurement of X; X = M, L, R.

The recovery and spillover coefficients are not independent:

rM â€”1 â€” â€”SEM Eq. 6

Eq.7

It is assumed that the concentrations M and E, the recovery and the
spillover coefficients, are constant in small neighborhoods. We
introduce the following assumptions and definitions:

1. The tracer uptake outside the heart (i.e., in the lungs) is low
compared to that in the heart and the blood pools. Conse
quently, setting E to zero introduces only small errors.

2. The tracer concentration in the blood pool is homogeneous,
and can therefore be represented by a single value per time
frame.

3. A small region in the center of the blood pool is used to
determine the values of the input function. Consequently, the
recovery coefficient in that region is close to unity, and the
spillover from the LV wall is small. Therefore, substitution of
the value L'0 of that region instead of L in Equation 3 is an

acceptable approximation. See Figure 6 for a comparison
between L and LÂ¿(shrinking factor 0.4).

4. Similarly, it is assumed that R can be replaced by R' in

Equation 3 with acceptable accuracy.
5. The value of SMRSLMis negligible.
6. The correction for the RV blood pool will be included in the

compartmental model analysis. It is difficult to apply an
accurate correction based on image processing methods
because we do not have a reliable delineation of the RV blood
pool. Therefore, we define Mr as the tracer uptake in the
myocardial wall, corrected for spillover from the LV blood
pool but still affected by spillover from the RV blood pool.

We then obtain the following:

Mr = M + sMRR' = (M' - sMLLa)/rM Eq. 8

SMR= SMR/IML = (L' - sLMMr)/rL. Eq. 9

The algorithm consists in first calculating SML, rM, SLM and rL
using image processing methods, and then applying Equations 8
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and 9. The accuracy can be improved in a second iteration, using
the result of Equation 9 in the re-evaluation of Equation 8. No
iterations were applied here.

APPENDIX 2
The two-compartment model describes the regional tracer kinet

ics using a compartment with freely diffusible I3NH3 and with
(irreversibly) metabolically trapped 13NH3 (16). The differential

equations are:

RMBF + K,
Q,(t) = 77 Q,(t) + RMBF C.(t)

Ch(t) = Qi(t)

K,=
RMBF L1.25
0.607 F \RMBF/

CT(t) = Q,(t) + Q2(t)

Cm(t) = CT(t) + LS Ca(t) + RSCr(t).

Eq. 10

Eq. 11

Eq. 12

Eq. 13

Eq. 14

where: Q,, Q2 are the I3N concentrations in the first and the second

compartments (MBq/ml); RMBF is the regional myocardial blood
flow (ml/min/g); K, is the rate constant from first to second
compartment (ml/min/g); V is the distribution volume of blood in
the free space (ml/g), fixed at 0.8; LS, RS are the spillover
coefficients from the LV and RV blood pools into the myocardial
wall; CT is the regional 13N concentration in the wall; Cm is the
regional I3N concentration as measured by the tomograph; and Ca,
Cr are the 13N concentrations in the LV and RV blood pools

(MBq/ml).
After application of the CC method, the wall is corrected for

both spillover and recovery. As a result, the estimate of LS should
be smaller and should represent the fractional blood volume only.

The three-compartment model (10) assigns compartments to the
vascular space (a), to the extravascular space (E) and to the
metabolically trapped I3NH3 (G). The equations are:

CE(t) = K,C.(t) - k2CE(t) - kjCE(t) Eq. 15

CG(t) = kjCE(t) Eq. 16

CT(t) = CE(t) + CG(t) Eq. 17

Cm(t) = (1 - LS)CT(t) + LS Ca(t) + RS Cr(t). Eq. 18

Ca, CE and CG are the 13N concentrations in the respective

compartments [MBq/ml].
K, is the 13NH3uptake in the extravascular space. Assuming a

single-pass extraction fraction close to unity, K, can be regarded as
the regional blood flow (ml/min/g); k2 is the I3NH3 washout rate

(1/min); and k3 is the metabolic trapping rate (1/min).
We have found that imposing an upper limit of 0.8 K, to the

value of k2 considerably reduces the noise sensitivity.
Since the LV wall was corrected for spillover and recovery, LS

represents the fractional blood volume only.
For the K.C method, the Equations 14 or 18 were modified to:

= (l-LS)CT(t) Eq. 19

The contribution from the RV is assumed to be negligible because
endocardial regions were used. LS now represents the combination
of fractional blood volume in the wall and spillover from the blood
pool due to the limited resolution.
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