Simultaneous Reconstruction of Activity and Attenuation in Time-of-Flight PET
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Abstract—In positron emission tomography (PET) and single instrument was too challenging at the time. Thanks to recent
photon emission tomography (SPECT), attenuation correction is advances in electronics and in scintillation research, TOF PET
necessary for quantitative reconstruction of the tracer distribu- has now been introduced in commercial systems [16]-[20].

tion. Previously, several attempts have been undertaken to esti- Th f TOE inf ti Its in fast f
mate the attenuation coefficients from emission data only. These | "€ US€ O information reésufts In 1aster convergence o

attempts had limited success, because the problem does not havdterative reconstruction algorithms [21] and in an improved

a unique solution, and severe and persistent "cross-talk” between contrast-to-noise ratio [16], [22]. Moreover, recent studies have
the estimated activity and attenuation distributions was observed. shown that in TOF PET, the artifacts induced by attenuation
In this paper, we show that the availability of TOF information o rrection errors are less severe than in non-TOF PET [20].
eliminates the cross-talk problem by destroying symmetries in the This finding indicates that TOF PET data contain information

associated Fisher information matrix. We propose a maximum- g - ) )

a-posteriori reconstruction algorithm for jointly estimating the ~ @bout attenuation factors, that is not present in non-TOF PET

attenuation and activity distributions from TOF PET data. The data, justifying a study of the joint estimation problem in TOF
performance of the algorithm is studied with 2D simulations, PET.

and further illustrated with phantom experiments and with a

patient scan. The estimated attenuation image is robust to noise,

and does not suffer from the cross-talk that was observed in

non-TOF PET. However, some constraining is still mandatory,

because the TOF data determine the attenuation sinogram only

up to a constant offset.

|. INTRODUCTION In this paper, the simultaneous reconstruction of the activity

In nuc'ear medicine tomographic |mag|ng (positron emi@.nd attenuation from TOF PET prOjeCtionS is studied as a
Sion tomography (PET) and Single photon emission tomog@aximum'“ke“hood problem, bUIldIng on preViOUS work for
phy (SPECT)), a quantitative and artifact-free reconstructiéfpn-TOF emission computed tomography [7], [14]. In the fol-
of the tracer distribution can only be obtained if an accurat@wing section this algorithm, Maximum Likelihood Activity
correction for the photon attenuation in the body of the patieffd Attenuation estimation (MLAA), is briefly described. An
is applied. The attenuation correction factors can be obtain@gelysis of the Fisher information matrix gives an intuitive
from transmission measurements with radioactive sources,e¥Planation why local maxima in the form of cross-talk are
be derived from well-aligned CT images [1]-[3]. Since bot@ Problem in non-TOF systems and why the use of TOF
approaches have their limitations, several groups have #formation eliminates this problem. However, the possible
tempted to jointly estimate the activity and attenuation imag@esence of other local maxima in the TOF likelihood needs
from the emission data 0n|y [4]_[12] These attempts Wef@fther inVeStigation. It iS found that even W|th TOF PET
based on the use of analytical consistency conditions, discréte Problem is still under-determined, i.e., TOF PET data
consistency conditions and (penalized) maximum likelihogéetermine the activity image up to a constant factor and
methods. Although some useful results have been obtained, i} attenuation sinogram up to a (related) constant term. In
results have generally been disappointing. Nearly all studig following section, some 2D simulation experiments are
report the so-called cross-talk problem, where localized errétgscribed and the results are presented. A 2D small scale
in the activity image are compensated by localized errors in thnulation experiment was done to study the features of the
attenuation image. This seems to be a fundamental problemFigher matrix. 2D TOF PET simulations of a thorax phantom
the maximum-likelihood approach, the problem is manifesté¥ere done to study MLAA reconstructions with respect to
as the presence of local maxima in the likelihood functiofe Vvisual quality as a function of the TOF resolution, the
However, in cases where incomplete information about ti§@nstant factor/term and noise propagation. The stability of
attenuation coefficients is available, these methods can be ue-MLAA is studied numerically by starting the algorithms
to estimate the missing information, which is a less ill-posdiom a series of different initial images, including images
problem than estimating the entire attenuation image [13fontaining cross-talk from the non-TOF MLAA reconstruc-
[15]. tions. The thorax phantom is also used to study bias and

Time-of-flight (TOF) Positron Emission Tomography (PETYariance properties in a tissue region for MLEM and MLAA

was studied in the 1980's, but its implementation as a clinicggconstructed emission images for multiple noise realizations.
) . _ The method was applied to fully 3D TOF PET phantom
Nuclear Medicine, K.U.Leuven, B-3000 Leuven, BelgiuNuclear  geang and a patient scan, acquired on a commercial TOF PET
Medicine, Vrije Universitiet Brussel, B-1090 Brussels, BelgiumSiemens . .
Medical Solutions, MI, Knoxville, TN, USA. system. Finally, the results of these 2D and 3D experiments

4This research is supported by a research grant (GOA) from K.U.Leuveare discussed in section IV.



[I. THEORY AND METHODS all projections have contributed once to the activity updates,
A. MLAA they have contributedV times to the attenuation updates.
This decreases the processing time considerably, also because

L(I)nRTQF ZET thée_ﬁexpected cogmt for line dOf refsrl)lonsg the MLTR updates only involve non-TOF projections and
(LOR) i and time difference can be expressed as follows: ;. nrojections. Unless otherwise statad= 5.

J
Yit = Zcz‘jt/\je_ Laclimm 4y, (1)
=1 B. The curvature of the likelihood

where \; and u;, are the activity and attenuation coefficient In [26] it has been shown that for TOF PET, the joint

at voxelj and k respectively,J is the total number of voxels, estimation problem has a unigue solution, except for a constant

ci;ji is the sensitivity of the detector &i,t) for activity in scale factor. However, this result does not exclude the existence

j in absence of attenuatioihy, is the intersection length of of local maxima in the TOF likelihood function. Convergence

LOR ¢ with voxel k, and s;; is the expected contribution ofto a global maximum would be guaranteed provided that the

scatter and/or randoms. Assuming that the data are Poissuatrix of second derivatives of the TOF likelihood with respect

distributed, the log-likelihood function can be written as  to the complete parameter spade,were negative definite.
Although the log-likelihood function is known to be concave

L0, yir) = Zyit Ingit — it @) with respect to\ or p, so far we have not been able to prove
it concavity with respect té.
wherey;, is the measured count &,t) and§ = [AT, uT]7 If the algorithm is started with initial images sufficiently

is the set of2J parameters that has to be estimated. Note thelbse to the true solution, then any gradient ascent algorithm
summation over the TOF index)(yields the corresponding should converge to the global maximum of the likelihood,
non-TOF values, which are denoted by omitting the iné¢lex even in the presence of (distant) local maxima. Therefore, it is
Dot Cijt = Cijy D Yir = Y and ), sy = s;. meaningful to study the stability of the ML-algorithm close to
The MLAA algorithm uses an interleaved updating: in everthe true solution. This stability is determined by the curvature
iteration first the activity is updated keeping the attenuatiaf the likelihood. In the following, we study that curvature
coefficients constant, and then vice versa. This can be writtlem both TOF and non-TOF systems. It is shown that close
as follows: to the true solution, other possible solutions still exist for the
non-TOF case (commonly referred to as cross-talk) whereas

, h Sl these solutions are eliminated with the introduction of TOF
Vi: ap= e &ilih 3)

. information.
N S Al b, Yit / In our analysis we ignore the non-negativity constraint and
Vi AT = h Zaicm ; ; (4) . Lo
J Di @i Cije < Do Qi CigtAE + Sit the scatter/randoms contributions, assume the likelihood has
been maximized and then look for a small chanyé that
;. h _ h . yhH1
Vii %= g ZCW)‘J' ) does not change the gradient of the likelihood. If such
& N can be found, then bothand6+ A¢ maximize the likelihood,
S h1/’¢ (WF + s — ;) implying that the problem _is under-det_ermined. A _sméa@ _
Vi: uhtt— b i +si ®) does not change the gradient of the likelihood if it satisfies
J Hj ()2 the following equation:
[ A I
Zi ij R _Zg 3
wi + 8 92L
where the superscrigt denotes the iteration number. The non- Z 90,00y A =0, j=0,..,2J @
k

TOF sinograma” represents the attenuation computed from

the current estimatg”, and the non-TOF sinogram elementsince we are at the likelihood maximum, we make the

Y} represent the expected TOF-integrated count for LIOR approximation that the second derivative of the likelihood

but without the additive contribution;. Expression (4) is can be replaced by its expectation, equal to minus the Fisher

a standard Maximum Likelihood Expectation Maximizatioinformation matrix (FIM) [27], [28]. Equation 7 then becomes:

(MLEM) iteration [23], which makes explicit use of the TOF

PET data. Expression (6) is the Maximum Likelihood for FAO =0 (8)

Transmission tomography (MLTR) update [24], [25], which ) ) _

only uses the TOF-integrated data. Note that the sinogram withere, £ is the 2.7 x 2J FIM and Af is the 2J x 1 matrix

elementsy", ¢;;: A" plays the role of the blank scan, while'éPresenting the change in the parameter space. .

the TOF integrated datg are treated as the transmission scan. Replacingd with [\, u]", the Fisher information matrix
Both MLEM and MLTR can be accelerated with ordere§@n be rewritten in a quadrant form as follows

subsets. Furthermore, because the TOF information improves

2
convergence of MLEM but not that of MLTR, we typically F = _E[aaaaLa]
cycle through the subsets faster for the MLTR updates (us- pey oL
ing the same subsets definition for both). Thus, for every _ _E[W] _E[agap} _ (FM FAu) ©)
MLEM update N > 1 MLTR updates are done, and when —Elf] —Eli4] FYy Fup



where E is the expectation operator and for gllk = solutions. For example, if one considers a small change at a

1,...,J combinations, single pixelk, the solution equals
82L CiitCikt ) A)\k — oo lighe
—E = ZigtTIRE =237 ligne 10 — =yie=¢ . (17)
[3/\j O ] Zzt: Yit ¢ (10) Apg
821 ’ The use of time-of-flight changes the elements of the
—E| ] = Zlijgjitlik = Zli‘jgilm (11) submatrix F), in the Fisher information matrix, destroying
O Op it i the similarity between the two equations. As a result, pixel-by-

0%L S lien pixel cross-talk becomes impossible. However, the existence
B [3&3/@] - _Zcia‘tlike shere of other possible local maxima of the likelihood still needs to

bt be thoroughly analyzed.
= - Z Cij lire™ g liene . (12)
: C. Uniqueness of the solution
ReplacingAd with [ANT, AuT]T, (8) becomes The analysis above indicates that TOF information elim-
7 7 A inates high-frequency cross-talk between the emission and
(FATA FML) (A ) -0 (13) attenuation reconstructions in the joint estimation. However, it
Ap H does not exclude low-frequency cross-talk. In our experiments,

Fy, is expected to be invertible, because the reconstructif§ Observed that MLAA produces images that are visually free

of the activity is fairly stable when the attenuation is fixed. [P artifacts, but differ from the true images by a scale factor.
F\» is indeed invertible, thet\\ can be eliminated, yielding Here we attempt to gain some insight in this scaling effect, by
deriving a scaled solution from the true image. Suppose the

(Fup — FATILF;;FM)A;L = 0. (14) images[\, p] maximize the likelihood. If we multiply\ with
a constant, the computed sinogrgmag. (1) is multiplied with

In the following, we show that for non-TOF systems, and ithe same constant. We show that we can always increase the
particular near the center of uniform objects, the operatof&enuation image: to compensate for that change, such that
Flu, Fxy and Fyy are all very similar, such that the equationye obtain an alternative solution that produces the saaed
is expected to be (almost) satisfied for many possible loaferefore the same (maximum) likelihood.
changesAp. The correspondingAA that results in cross-  Assume that the true tracer distribution & and the true
talk can be computed from (13). The incorporation of TORttenuation image ig°. The sinogram attenuation factors due
information changes the operatby, such that (14) no longer g the attenuation imagge® equal exp(—Ppu°), where P is

has solutions for local changes.. the non-TOF projection operator. Consequently, the attenuated
Inserting (10)-(12) into (13) yields emission sinogram (without the scatter/randoms contributions)
CiitCikt _ _ o equalsy = (P:\°) x exp(—Ppu°), where P, is the TOF
Z%e PRclieke AN, = Zcijlike e liehe Ay projector operator. We also assume th&tand p° have a
kit 7 ki finite supportS, meaning\? = 0 andu$ = 0, Vj ¢ S, where
Zlijcik( Lelishs ANy, = ZgilijlikAMk (15) j is the voxel index.
ki ki Define a sinogram regiof? as the set of lines of response

d that contain activity (the projection & produces this sino-
" gram region). Now consider a non-TOF sinogréhwhich is
uniform within the sinogram regiof®:

CijCik 23, 1, R U
D oo e AN = ) eyl Sk Ay Ui = In(a), VieQ
ki ki

For the non-TOF case, the TOF indéxmust be droppe
and the first equation in (15) becomes:

The coefficients:;; and!;; both represent the contributionWherez Is the sinogram indexq = 0 and_ smogrgmU IS
allowed to have any values outside Consistent sinograms

O.f p_|xel j tothe acquisition along L_ORar_1d should have very satisfying the above condition can be found so there exists an
similar values. Assuming they are identical except for a factor

. . : : Image u® such that inside2 we haveU = Pup® = In(«)
E\ng'_?o%agqbueaggﬁgrgggolr?]g_r p by changing the units), the and hencexxp(—Pu®) = 1/a. Thus, the attenuation created

by the modified attenuation imad@°® + 1) equalsPu’/«.
e~ e bighie It follows that sinogramy can also be obtained with activity
S lij———— li(e” Zel AN — giAp) =0 imagea\° and attenuation imagg® + x, for any a where
i vi k u® 4+ p® > 0. Note that with this construction, the activity
D i Y lin(e” Zeler AN, — g Apg) =0 (16) s globally scaled while the attenuation undergoes a position
i k dependent scaling.

An extreme case is obtained when the attenuation correcteéjgtﬁ]reStl?gly’ vt\(hen trlle smogranl :eglﬁns kntoy\(/jn ?r(]gctly .
counts ;e ik are constant for all LORS that intersect 2N¢ 1€ atienuation vailues are set o zero outside this region:

the region whereA\ is non-zero. In that case, the two sets U — In(a), VieQ
of equations in (16) become identical and will have non-zero T 0. Vi ¢ Q
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Fig. 1. Activity and attenuation images of the simulated phantoms: left: the
16x16 pixels phantom to study the Fisher information matrix, right: the 2D
thorax phantom. ol \
|
|
I

attenuation images. It should be noted that since only the first
term of the FIM incorporates both TOF projection and TOF
backprojection operators, the elements of this first teffiy,,
change for a TOF system while the other three terms remain
unchanged.

N

= Non-TOF "

sinogramU can no longer be expressed by a projection of a
bounded attenuation image*. This is due to the singularities
in u® present at the boundaries 6f making it unlikely for
any joint estimation reconstruction to reach a scaled solution .
of the true images. This would imply that the solution of
joint estimation is truly unique with a known object boundary.
However, our first experiments indicate that the practical value
of this argument is questionable, because small errors in the
object’s boundary seem to be enough to reintroduce the scaling
problem.

In [26], this problem is studied based on a consistency
condition for 2D TOF PET data. It was shown there that the set
of scaled solutionfa\®, u° + p* : a > 0} described above
are the only solutions to the joint estimation problem from
TOF PET emission data. Thus, it will still be necessary to u%. 2. The four Fisher Information PSFs for a change in the emis-
some a-priori knowledge about the expected intensities of tkien/attenuation of the pixel located near the center of the FOV. Top-left:
activity and/or the attenuation images. In most cases, the mig§teffect of emission change in the emission image for a TOF and a non-

. . - . TOF system, top-right: the effect of attenuation change seen in the emission
convenient will be to use a-priori values for the attenuation mage, bottom-left: the effect of emission change seen in the attenuation image

tissue. and vice versa, bottom-right: the effect of attenuation change seen in the
attenuation image.

Il EXPERIMENTS The top left figures show the FIM response in the emission

In the following figures, the activity images will be showrimage for a small change of the activity in the pixel located
in a white-to-black color map whereas a black-to-white col@lose to the center of the FOV, for both TOF and non-

map will be used to show the attenuation images. TOF systems. The top right and bottom left figures show the
influence of a small change in the attenuation and activity of
A. 2D Simulations the central pixel seen in the emission and attenuation images

. h h h di 2D oh respectively. The bottom right figure shows the effect of a
F|gure L shows t € two P! antoms used in our 2D p amo(mange in the attenuation image for a change of attenuation for
studies. We use a Field-of-View (FOV) of 40 cm for the stud

: : e same pixel. Using the term Point Spread Function (PSF)
of the features of the FIM and the study of visual quality of thﬁ/ith cautiort, figure 2 shows the four PSFs for the pixel in
reconstructions as a function of time resolution and iteratior}ﬁ.e center of the FOV

For the study of the influence of different initializations on It can be seen from figure 2 that the four PSFs of a non-TOF
the induced constant factor/term, noise propagation and bj tem are very similar. Comparing this to the system of equa-
and ygriapce in gmission reconstrugtions more realistic Tcl)l ns (13), it can be seen that for some simultaneous change
spemﬂcatlo_ns adjusted to commercially available TOF PEIE the emission and attenuation values of the central pixel,
systems W'." be l.Jsed' . _ . these changes can potentially cancel each other out (as long

_1) The Fisher information matrixtn this study, the 16< 16 ;4 6 gon't violate the non-negativity constraint). Hence,
circular phantom shown in figure 1 with uniform activity an hese changes can not be identified from the measurements
uniform tissue attenuation was used. For this toy problem, thg . ;se they do not modify the value of the likelihood, which
Fisher information matrix can be computed explicitly becauggnaing at its maximum. On the other hand, for a TOF system
its size is only512 x 512. Non-TOF submatrices of the g f5,r pSFs are no longer similar. Thus, a change in the
Fl_sher mforr_nauon matrix were compared to a TOF Sys_tegl:tivity of a pixel can no longer be compensated by a change
with a spatial re_solutlon of 2.5 cm . FWHM corresponding, e aitenuation of the same pixel, which makes activity and
to a pixel resolution. These submatricés,, £, and Fj,,, attenuation cross-talk impossible.

are considered as operators and their impulse response |§) Thorax Phantom:For the 2D thorax phantom shown
computed for the pixel located near the center of the FOV.;, fig 1, 2D sinograms with 128 detectors (bin size 3.125
Figure 2 shows the central row of each of the FIM subma-

trices defined in (9) reshaped into the size of the emission anéposition dependant PSF in the FIM
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a) After 5 iterations

mm), 128 projection angles over 180 degrees and a T(
sampling density of at least 4/FWHNyE were generated. ?
An oversampling of 3 was used during simulation (i.e. sl
rays per LOR, 9 subpixels per image pixel) to account @
slight mismatch between the simulation and reconstructif
projectors and the reconstructed images hadx<11Z8 pixels.
The emission data provide no attenuation information about
LORs that do not intersect the activity distribution. Therefore == = ;
MLAA was applied with a penalty that is active only for the of g 0 0 N

Vi
voxels located outside the body contour and inside the bo = .

contour, no priors were applied. In that external region, Wi
use a penalty that favors zero attenuation values outside {
body contour. We find an estimate of the object boundary |

thresholding either the sinogram or the initial reconstruction b) After 15 iterations
and outside this boundary the intensity prior was set to ha _.—. —
a negative derivative for any pixel value, except for zero ar 0 N N n N

tissue attenuation (in which case the derivative was zero). T
addition of this prior, modifies the MLTR update step of eq. (P
by the addition of the prior gradient and its second derivatig

to the numerator and the denominator, respectively. Details|§

the prior are provided in the appendix. c) After 50 iterations
To study the effect of TOF resolution on image quality, Sinkig 3. Activity and attenuation reconstructions after 5, 15 and 50 iterations
ulations were conducted for multiple TOF resolutions varyingnd 32 subsets of MLAA for TOF resolutions of 40 cm (approximately non-
from 40 cm (approximately non-TOF) to 2.5 cm corresponding?F): 20 cm. 10 cm, 5 cm and 2.5 cm.
to time resolutions of 2667 ps to 167 ps. Simultaneous activity
and attenuation images were reconstructed varying the number
of iterations to study the convergence properties. For the@f convergence. Our simulations indicate that this effect is
experiments the attenuation image was initialized by filling tHéegligible. We used an oversampling of 3 during simulations,
correct body contour uniformly with tissue attenuation and the reconstructed images had 2000 pixels and as before
uniform activity within the FOV was used as the initial activityMLAA with a penalty that is only active outside the body
image. contour was used. The following MLAA reconstructions are
Figure 3 shows the resulting activity and attenuation recoffter 3 iterations of 42 subsets with N=5.
structions of the noiseless thorax phantom after 5, 15 and 5070 study the effect of different initializations on the final
iterations of MLAA for varying TOF resolutions. In this studyMLAA reconstructions, initial attenuation images with the
the attenuation images were updated only once for each updzagrect body contour were filled with 0.5, 1 and 2 times tissue
of the activity (N=1). attenuation. A zero image, a smooth image with attenuation
It can be seen from figure 3 that, after 50 iterations @foncentrated at the center, an image with random noise and
MLAA the estimated activity and attenuation images for an image designed to encourage cross-talk near the heart
TOF resolution of 40 cm FWHM still suffer from cross-were also used for this purpose. We found that the MLAA
talk and have not visually converged to the true imagekgconstructions converged to very similar images that differed
When the TOF resolution is improved to 20 cm FWHM, th&om the true image just by a scale factor. Each of these ini-
reconstructions after 50 iterations improve significantly, biiglization images produced a different scale factor in the final
they still differ from the true images. For TOF resolutiongeconstruction image but apart from this the reconstructions
below 20cm FWHM the reconstructions visually converge toere cross-talk free and comparable to the true activity and
the true image. However, the reconstructions differ from tratenuation images.
true images by a scaling factor which can not be seen hereFigure 4 shows a few of the initial images used in this
It can also be seen that as the TOF resolution increases shedy together with their final TOF-MLAA reconstructions.
speed of convergence increases as well. The final reconstructions shown in figure 4 show no sign of
Next, the simulation specifications were adjusted accordiagtivity and attenuation cross-talk. However the final activity
to the Siemens Biograph scanner specifications [19]. For tleeonstructions appear in different shades which is due to the
2D thorax phantom shown in fig 1, 2D sinograms with 208cale factor which the activity reconstructions differ by from
detectors (bin size 4.01 mm) and 168 projection angles oube true activity distribution. The right most initializations used
180 degrees were generated. An effective TOF resolution inffigure 4 was produced by a non-TOF MLAA reconstruction
580 ps (= 8.7 cm) FWHM and a time-bin width of 312 ps wert encourage cross-talk in the activity and attenuation images.
used to generate the sinograms. This time-bin width of 3% with all other initial images used, after sufficient iterations
ps is sufficient to avoid aliasing artifacts in the reconstructed the algorithm, the reconstructions visually converged to the
image [29]. However, it results in an effective broadening dfue image, but differed by a scale factor. This indicates that
the TOF FWHM, which can have an impact on the speéOF-MLAA is able to get rid of any cross-talk which might




be already present in the initial images. that TOF simultaneous reconstruction handles noise just as
reconstructions from known activity or attenuation images.
Apparently, the noise in the sinogram does not propagate to
make simultaneous reconstructions unstable.

a) Initial activity (top) and attenuation (bottom) images.

N n 0 N

Fig. 5. Activity (top) and attenuation (bottom) images reconstructed from

. — . a noisy sinogram. The reconstructed results of MLAA initialized by uniform

b) Final activity (top) and attenuation (bottom) images (left) are compared to that of an MLEM (center) and MLTR (right)
reconstructions. with known attenuation and activity images respectively.

Fig. 4. Initial activity and attenuation (top) images and their respective
TOF-MLAA activity and attenuation reconstructions (bottom). Initial images \W/ith more realistic noise in the emission data, we study bias
o Jf o ot unforn alterustor wihn th, by cortout e i ang variance in the MLEM and MLAA emission reconstruc-
the center, initial images filled with random noise and a non-TOF MLAAIONS as a function of reconstruction updates. We presume that
reconstruction image designed to encourage cross-talk. an estimate of the scale in the attenuation-corrected emission
sinogram is available and we plot the bias and variance curves
Poisson noise was then added to the sinogram of the & a 4.5 cm diameter region-of-interest (ROI) in a tissue
thorax phantom to analyze the behaviour of MLAA undefegion of the thorax phantom shown in figure 6. The bias is
noisy conditions. The maximum count in the sinogram wagen computed in each reconstruction update for 100 different
chosen to be less than 10. The activity and attenuation imagesse realizations as the relative difference of the ROI values
were reconstructed from this noisy sinogram starting frofg the true ROI values of the thorax phantom. Figure 6 shows
uniform initial images. As reference images, we used thRe bias and variance curves in the ROI for 200 MLEM and
MLEM reconstruction of the activity using the true attenuatiomLAA updates of the emission image. The marked points on
coefficients and the MLTR reconstruction of the attenuatighe curves correspond to bias and variance values after 20
using the true activity distribution. The same experimewimission updates, i.e. updates 20, 40, 60, ..., 200. We do not
was repeated for a noise-free sinogram. We assume that glse subsets in this study and as before N=5.
resulting noise-free reconstruction is a good estimate of the
mean over many noise realizations. From these images, noise
correlation coefficients (NCC) were computed between the >
MLAA reconstructions M) and the reference reconstructions
(R) as,

Bias (%)
5
T

(M~ MYR? - RS i
wooo _ DMTMOE RD L, o Y] T
VI My — MY (R — R )2 SR T
(18)
where subscriptj determines the pixel index and superFig. 6. Bias and variance curves (left) in the MLEM and MLAA recon-

; ; ; ica. tructed emission images as a function of reconstruction updates for a 4.5 cm
scriptsn and f determine the noisy and the noise-free reco iameter ROI shown in red (right). The marked points on the curves show

Stru_CtionS respectively. ) _ bias and variance values for 20 updates of the emission image which are
Figure 5 compares the MLAA reconstructions from a noissomputed from 100 different noise realizations.

sinogram to the reference images computed from MLEM and

MLTR reconstructions, revealing strong noise correlations. A Figure 6 shows that the MLEM reconstructions outperform
noise correlation coefficients of 0.86 was computed for thbe MLAA reconstructions, yielding a lower bias at the same
MLAA reconstructed activity image starting from uniformvariance level. This observation is expected since MLEM
initial images with respect to the MLEM reconstructed aaises a known attenuation, whereas MLAA estimates both the
tivity image with known attenuation. The same measure wamission and the attenuation. Comparison between the marked
computed to be 0.92 for the MLAA reconstructed attenuatiqroints on the two curves (at every 20 iterations) indicates that
image with respect to the MLTR reconstructed attenuation irMLEM also converges faster than MLAA. The left end of the
age with known activity. This high noise correlation suggestairves correspond to unreliable transient values of bias and




variance at the first few updates of the reconstructed emissic
image.

B. Phantom scans and patient study

A fully 3D implementation of MLAA has been applied to
two phantom scans and a clinical patient study. The scans ha
been acquired on a Siemens Biograph mCT system [19]. TF
TOF PET data are organized as 5D sinograms, consisting
400 radial bins, 168 azimuthal angles, 9 co-polar angles,
to 109 planes (depending on the co-polar angle) [30], and
time bins of 312 ps width, with an effective TOF resolution
of 580 ps. The patient bore of the scanner is 78 cm with 1
PET field-of-view of 69 cm, which makes truncation an issug
for big phantoms or patients.

By simple thresholding and backprojection operations, 3
reasonable estimate of the body contour can be obtained [7].
order to deal with the scale problem in the MLAA reconstruc
tions, we impose the known value of tissue attenuation to tE . 7. CT attenuation corrected MLEM reconstructions (top-left), FBP
75" percentile of the attenuation value within this (initialjattenuation reconstruction of the CT (bottom-left), MLAA reconstructed
body cotour. This value is imposed by scaling the om0 T v b cmesen e
attenuation image. The scale factor required to insure tis % h o
attenuation rapidly converges to 1. For the images considere level lookup table for actvity and attenuation.
here, the 78 percentile corresponded to tissue, but of course,
more sophisticated segmentation algorithms could be used (ﬁ%rring MLAA reconstructions, activity and attenuation images
this purpose. Qut5|de the_ body contour _however, the SaQ&re reconstructed free of these artifacts, however, the results
Sggggtrguenndcglrjlggzst?;cskcgzlrzi(rju?g?t\;ﬁ;golg f/g?uzzp;ngzc\'& & not shown here. Similar results were also obtained for the
zero. In both 3D studies, the smoothing relative difference gntom _|n the off-.centgr. p03|_t|on. .
prior of [31] was also used to encourage smoothness in th ) Clm_|cal s_tu_dy.A cl|n_|cal five mlnutge scan of the thorax
attenuation images. of a patient injected with 570 MBG®F-FDG was used

1) 3D Phantom StudyThe NEMA IEC body phantom [32] to reconstruct the activity and attenuation images. Due to

was used to evaluate the simultaneous activity and attenua[ﬁgﬁ patient size, the TOF PET measurements suffer from

reconstructions in 3D. The measurements corresponded torugcanon near the edge of the FOV of the system. As shown

5 minute scan of 229 MBq injection scanned 2 hours post-
injection. The phantom was located once in the center of th~
FOV and once closer towards the edge of the FOV. In thi:
study, the contributions of scatter were not taken into accour
and we did not try to enforce bed attenuation in the attenuatio
image.

Results from 3D reconstructions of activity and attenuatior
of the NEMA IEC body phantom located near the FOV centel
of the mCT are shown in figures 7 and 8. The reconstruction
are shown for two different transaxial planes: one having
more details in the activity image, figure 7, and one with
more details in the attenuation image, figure 8. The MLAA|
reconstructions are compared to the CT-based attenuati
image and the OSEM reconstructions of the activity with CT-
based attenuation correction. The reconstructions shown hg
are from 3 MLAA iterations of 42 subsets.

The TOF-MLAA reconstructions do not suffer from activity
and attenuation cross-talk. However because we did not corrg
for scatter, slight activity is present within the cavity of the
NEMA phantom and some excess attenuation around the

object of interest. It can also be seen in figure 8 that thé. 8. CT attenuation corrected MLEM reconstructions (top-left), FBP

: : : nuation reconstruction of the CT (bottom-left), MLAA reconstructed
algorithm has tried to compensate for bed attenuation @&leission (top-right) and attenuation (bottom-right) images of the 3D NEMA

putting attenuation values outside the boundary of the objegiantom located near the center of the FOV. The vertical bars represent the
Using the CT-based scatter estimate [33] and bed attenuatiy level lookup table for activity and attenuation.




below, the truncation affected the reconstruction of the armsvisually very similar and do not show obvious signs of cross-
the PET and CT images, as well as in the MLAA images. Twialk. Looking at the attenuation reconstruction of MLAA in
different MLAA reconstructions were computed. For the firdigure 10, a good lung-tissue discrimination is observed. The
reconstruction, we used the precomputed CT scatter estimaligorithm has also been able to produce a fairly good estimate
and imposed the CT-based bed attenuation in the attenuatidrthe patient body contour making use of the tracer uptake in
image. This reconstruction illustrates the effectiveness of TQire entire body. However, the attenuation values are slightly
data for joint activity and attenuation estimation in ideatlevated near the heart. This is probably due to significantly
situations. In the second reconstruction, no scatter correctivigher activity uptake in the heart, but further analysis is
was done and no information about the bed was used.  needed.

Figures 9 and 10 show the activity and attenuation recon-Figure 10 also shows that the MLAA attenuation recon-
structions from the clinical data, respectively. In this studstructions suffer less from truncation artifacts. This is partly
we used the CT-based scatter and bed attenuation valbesause the CT scanner uses a slightly smaller FOV compared
during MLAA reconstructions. The activity reconstructed fronto the PET scanner of the mCT, and because iterative algo-
OSEM with CT-based attenuation correction and the one wthms handle truncation better than analytic reconstructions.
MLAA are shown in figure 9 and the CT attenuation imagén this comparison, the portion of the liver visible in the lung
and the reconstructed MLAA attenuation image are shown @f the patient is slightly different, which we attribute to the
figure 10. breathing motion during acquisition.

Figure 11 shows the activity and attenuation reconstructions
from the clinical data without any CT-based compensation for
scatter or attenuation values outside the patient boundary. As

’9 before, the reconstructions seem to be free of activity and
attenuation cross-talk. However, in this MLAA reconstruction

the activity is overestimated. This is associated to the excess

attenuation in the attenuation image due to the over-estimation

it of the patient boundary.
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Fig. 9. Transaxial (top), coronal (center) and sagittal (bottom) vie
of the activity corrected with CT-based attenuation (left) and the activi
reconstructed with MLAA (right) and CT-based scatter and bed correcti
The MLAA image was smoothed with a 3D Gaussian with 6 mm FWH
to match approximately the resolution of the standard reconstruction.
vertical bar represents the gray level lookup table.

Fig. 11. Transaxial (top), coronal (center) and sagittal (bottom) view of
activity (left) and attenuation (right) reconstructed with MLAA without any
CT-based scatter and bed correction. The MLAA images were smoothed with
a 3D Gaussian with 6 mm FWHM. The vertical bars represent the gray level
lookup table for activity and attenuation.

The attenuation reconstruction of figure 11 shows that
MLAA has been able to make a useful reconstruction of the
attenuation medium but with less lung-tissue contrast than
before. It has also been able to reconstruct the portion of the
bed which lies inside the convex hull of the region containing
activity. However, the boundary of the patient has been slightly
over-estimated (region above the patient) which is mainly due

Fig. 10. Transaxial (top), coronal (center) and sagittal (bottom) view of thtg scatter.

CT-based attenuation image (left) and attenuation image reconstructed with

MLAA (right) from the emission data and CT-based scatter and bed correction. 1IV. DISCUSSION
The MLAA image was smoothed with a 3D Gaussian with 6 mm FWHM. . . L
The vertical bar represents the gray level lookup table. Simultaneous reconstruction of attenuation and activity in

SPECT and non-TOF PET has been investigated by many
The two activity reconstructions shown in figure 9 loolgroups, and was found to be a very ill-posed problem. Previous



studies have shown that the use of time-of-flight reduces then-specific tracer that has a detectable accumulation in all
sensitivity of the PET reconstruction to attenuation correctidissues. This made attenuation reconstruction with roughly the
errors. The study presented here reveals that time-of-flighte boundary possible. For more specific tracers that do not
information has the ability to stabilize the joint estimationlissipate to the entire body, reconstruction of the attenuation
problem, and may therefore enable quantitative PET imagiimgage with the correct boundary might prove to be more
without relying on transmission scans or other anatomicdifficult. The use of external sources [34] can help in these
imaging procedures. Estimating the attenuation from the emsstuations.

sion data has the advantage that it ensures a correct match with

respect to photon energy and patient position, and probably V. CONCLUSION

a good match in the presence of motion blurring (e.g. heart, i paper, the feasibility of simultaneous activity and
beat, breathing). In practice, the method could prove usefiytenation reconstruction from the measurement data was
in mitigating the problem of PET - CT registration whennestigated for a time-of-flight system. The MLAA algorithm,
misalignment is an issue. When the PET data are compensgfgth makes alternated updates to the activity and attenuation

for attenuation based on the CT, the boundaries ofamisaligr"::;pageS by means of the existing MLEM and MLTR algo-
CT propagate into the PET image, affecting the subsequeftms was used for this purpose.

registration. Attenuation correction independent of the CT may 1, feasibility of this approach was verified for 2D and

help to solve this problem. 3D phantom studies as well as for a clinical study. It was
As suggested by our experiments, and as proven by §agng that the utilization of time-of-flight information in si-

theoretical analysis in [26], the TOF PET data enable thgitaneous reconstructions eliminates the problem of activity
estimation of the attenuation sinogram up to & constant terfhg attenuation cross-talk. However, to ensure quantitative
and therefore the estimation of the activity up to a constagtcyracy, limited prior knowledge is still required, because
factor. It is anticipated that in most applications, this constafffe solution is only determined up to a constant.

can be determined in a fairly straightforward way by imposing it yas shown that as the time resolution of the TOF system
the known attenuation value of tissue to a segmented portionQf,eases. the convergence improves as well. The joint ML

the attenuation image. An alternative way would be to combiRg:qnstryction was found to be robust to noise in the emission
the method with full or partial transmission information, Wh'C@inogram.

could e.g. be obtained by adding transmission source(s) in the
field of view [34].

The PET emission data provide no (or at least incomplete) . ) . . .
information about attenuation along LORs that do not intersect | "€ Packground prior we use is an absolute intensity prior
a region containing a significant amount of radioactive tracd@/0'iNg z€ro attenuation in the background. Since in each
Many tracers, including®F-FDG, show uptake in the entire|terat!on.the gradient of the prior is added to _the one Qf
body. For such tracers, it is valid to assume that the attenuatmﬁ likelihood, here we only express the gradient of this

along LORs without activity is zero everywhere. In our expeRackground prior. Defining)5G/0y; as the gradient of the
iments, we have applied a prior encouraging the assignm@HPr We set this value to be,

of zero attenuation to such regions. It should be noted that 0BG  —Wgg | (1 — pir)l _q
reconstruction of the attenuation image outside the activity gy, o2 Wi +epr T

region has a s_Iow_er convergence rate than th_e reconstructie nereuj is the attenuation value at voxgl Wg defines the
of the attenuation image inside the activity region, even in the. : : L

: . prior strength,ur is our expected tissue attenuatian,is a
absence of the background prior. For these reasons, addingthe

effect of additional attenuating medium, specifically the be hdard deviation measure of tissue which was seftand
. g m  SP y the E‘arameterc is a skewness parameter. It can be seen that the
to the attenuation reconstruction instead of reconstructing

bed alona with the unknown attenuation medium would bepalffor has no effect for voxels with zero or tissue attenuation
9 . values. Parameteris used to adjust the prior strength to have a
more reasonable and practical approach.

. . . i reater effect for attenuation values near zero than attenuation
The PET emission data are always noisy so in addition 9

the background prior, we use a smoothing Markov prior [3V lues close tqur. In the simulations we used= 0.05 and
’ 2 2 H imit — 2

in the attenuation image and a small amount of post—smoothingﬁjlamada BG/0p; by its upper limit—Wisg /co™,

in the activity image. Many other priors have been proposed

for emission and transmission tomography. Evaluation of such

priors for regularization of this joint estimation problem is &l PE Kinahan, DW Townsend, T Beyet al, "Altenuation correction for
ic for furth h a combined 3D PET/CT scanneiied Phys 1998, 25(10):2046-2053.
topic for further research. [2] H Zaidi, BH Hasegawa, “Attenuation correction strategies in Emission

In both the 3D phantom study and the clinical study, we Tomography”, inQualitative analysis in nuclear medicine imaging
do not compensate for any scatter in the measurements gndza'd'r Springer Science + Business Media Inc. 2006

. . . . M Defrise, PE Kinahan, CJ Michel, “Image Reconstruction algorithms in
still are able to achieve reasonable reconstructions. We beli€Vepgr i positron Emission TomographpL Bailey, DW Townsend, PE

that given these scatter un-compensated reconstructions, it iSvalk, MN Maisey Springer-Verlag London Limited 2005
possible to make an estimate of the scatter and refine the fiifalY Censor, DE Gustafson, A Lent, H Tuy, “A new approach to the

L. . . . - emission computerized tomography problem: simultaneous calculation
activity and attenuation reconstructions in an additional step. ¢ aienuation and activity coefficientsTEEE Trans Nucl Sci 1979,

In the clinical patient study, the patient was injected with a 26(2):2775-2279.
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