This article has been accepted for publication in a future issue of this journal, but has not been fully edited. Content may change prior to final publication.

IEEE TRANSACTIONS ON MEDICAL IMAGING 1

Signal Compensation and Compressed Sensing
for Magnetization-Prepared MR Angiography

Tolga Cukut, Member, IEEE Michael Lustig,Member, IEEE Emine U. SaritasMember, IEEEand
Dwight G. Nishimura,Member, IEEE

Abstract—Magnetization-prepared acquisitions offer a trade- ~ To maintain both the desired contrast and the acquisition
off between image contrast and scan efficiency for magnetic speed, the signals generated by magnetization-preparatio

resonance imaging. Because the prepared signals gradually 44 les are usually captured with GRE host sequences [9]
decay, the contrast can be improved by frequently repeating '

the preparation, which in turn significantly increases the scan [10]. Unfortunately, the initial contrast is prlogress'weﬂe- .
time. A common solution is to perform the data collection pro- Placed by the lower steady-state contrast in such transient
gressing from low- to high-spatial-frequency samples following acquisitions. Therefore, after a single preparation, oaly

each preparation. Unfortunately, this leads to loss of spatial |imited amount of k-space data can be collected with the
resolution, and thereby image blurring. In this work, a new desired contrast.

technique is proposed that first corrects the signal decay in high- M tizati d ft lov t
frequency data to mitigate the resolution loss and improve the agnetization-prépared sequences ofien eémploy two com-

image contrast without reducing the scan efficiency. The propose Plementary strategies to address this issue. First, segoen
technique then employs a sparsity-based nonlinear reconstructio - k-space acquisitions can be performed, where the preparati
to further improve the image quality. In addition to reducing the  js repeated multiple times for complete coverage and eagh se

amplified high-frequency noise, this reconstruction extrapolates \ant is followed by a magnetization-recovery period. lasre
missing k-space samples in the case of undersampled compressed-

sensing acquisitions. The technique is successfully demonstrated"9 the number of seg.m.ents enhances the |magg contrast, but
for non-contrast-enhanced flow-independent angiography ofrie  degrades the scan efficiency due to the preparation overhead
lower extremities, an application that substantially benefits from Although prolonged scan times can be avoided with the help
both the signal compensation and the nonlinear reconstruction. of acceleration techniques such as parallel imaging [1H], [
Index Terms—Angiography, compensation, compressed sens-large undersampling factors are necessary. This can result
ing, magnetization preparation, MRI, signal decay. reduced SNR, as well as residual undersampling artifacts.
Second, the captured signal for each shot can be enhanced
with centric phase-encode ordering, since the energy in MR
images is mostly concentrated at low spatial frequencigk-[1
RADIENT-echo (GRE) sequences provide significantlfL5]. However, the transient signal decay acts as a low-pass
G faster acquisitions compared with spin-echo sequendéter on the data, reducing the image resolution [13], [16].
[1], and have found wide use in numerous magnetic resdlthough variable-flip-angle schemes can improve the digna
nance imaging (MRI) applications such as three-dimensiorf¥omogeneity across k-space [8], [17], this is often achiete
(3D) imaging [2], coronary imaging [3], [4], angiographythe expense of decreased signal and contrast levels.
[5], functional MRI [6], and hyperpolarized imaging [7],]]8 !N this work, we propose a simple postprocessing technique
However, because data are acquired while the magnetizatiBrconjunction with centric k-space acquisitions to enfeanc
is in a dynamic equilibrium known as steady state, GREagnetization-prepared sequences. The technique compen-
demonstrates different signal characteristics than spho sates the k-space data for the signal decay experienced by
sequences. Furthermore, the direct application of coiomait the tissue of interest (i.e., the data are high-pass filtéved
contrast-generation methods (e.g., inversion recovery, Tenhance the intensity of high-spatial-frequency samplésp
preparation) would substantially prolong the repetitiones compensation prevents image blurring in centric acqoissti
(TR) of GRE sequences, taking away their speed advantaggithout reducing the signal levels, thereby improving tpe-s
tial resolution. Furthermore, assuming the backgroursliés
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I. INTRODUCTION
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provements for flow-independent steady-state free prieress  180°

(SSFP) angiography [21], [22], a magnetization-prepaeed s 900

guence that can produce vessel images without the need jor o

contrast agents [23]. These angiograms can suffer fromémagg ] 1 ﬂ n n I I n 1

blurring due to the signal decay during centric acquisgjon * t1 1 a -

and a large number of segments are required for effectiv T -prep Catalyzation [ Host Sequence ] Recovery -

capturing of the transient contrast. Correcting for theolllo e ’ :

signal decay addresses both problems without extending SER. 1.  Pulse sequence diagram of the magnetization-piépS@EP

times. Furthermore, because angiographic datasets age inbequence. A I-preparation is performed at the beginning of each k-space

entIy sparse in the spatial-finite-differences domain,rs'ga segment, _foIIowed _by'a ramped series of RF exci_ta_tions to dantpen

based nonlinear reconstructions can reduce the resuldiisg n trll'an3|ent signal oscillations. Afterward, data are acgiiwith an ATR SSFP
ost sequence. Because the prepared contrast graduadlysdiecthe steady-

and depict the blood vessels reliably [24]. state contrast, only a limited number of samples are colledted a single
preparation. The magnetization is then allowed to recoveindua certain
time period. This procedure is repeated until all segmentsegeired.

Il. METHODS

Although many applications can benefit from the technique
presented in this work, we specifically demonstrate theltesu
on magnetization-prepared SSFP angiography. These S
sequences can produce flow-independent angiograms wﬁ
out contrast agents through segmented and centric k-space
acquisitions [22], [25], [26]. However, because the prefarB. Signal Compensation
contrast gradually decays to the lower SSFP contrast,etissu The proposed technique can improve contrast if the tis-
signals vary across k-space [24]. More frequent preparatigue of interest has higher spatial-frequency content than t
can improve the captured contrast by shortening the readggikground. This condition is effectively satisfied for Ew
clusters, but it also prolongs the total scan time. Insteagktremity angiograms, where relatively thin blood vessets
we propose to enhance the image contrast and resolutiired with large blocks of skeletal muscle tissue. Thelaxia
without any scan-time penalties, by simply compensating fgross-section of a simple numerical lower-leg phantom is
the signal decay in transient acquisitions. A sparsityetasshown in Fig. 2a. The individual spatial-frequency corgent
nonlinear reconstruction is then employed to recover tbed! (j.e., spectral widths) can be computed by first separating
vessels from fully-sampled and undersampled datasets [2@k phantom into its blood and muscle components (Fig. 2b).
While this nonlinear technique performs image denoising ithe corresponding k-space representations (i.e., Fouaies-
the former case, it is used to simultaneously reduce noide &5rms) clearly demonstrate that vessels contribute moae-he
aliasing artifacts in the latter. Because the reconswustin jly to high-spatial-frequency data (e.g..k > 0.2, where kg
both cases are identically formulated, we will simply refier s the k-space radius) than muscle, due to their finer strestu
them as compressed sensing (CS) for the sake of brevity ando jllustrate the effects of compensation on the image

coherence. quality, we can closely analyze the acquired MR signal:
The following sections provide a brief overview of the

magnetization-prepared pulse sequence, and describe the Y (k)= / my (r,t) e*jQWk'TdV + N(k), (1)
signal-compensation scheme along with the sparsity-eimigr
CS reconstructions. Afterward, the simulations and in vivo

experiments performed to demonstrate the technique are difere & = K(t) denotes the k-space location vector as
lined. a function of time,r is the spatial coordinate vector, and

N(k) is a bivariate white Gaussian noise term, (r,t), the

spatio-temporal distribution of the transverse magngtina

can be written as the summation of the individual tissues’
In lower-extremity MR angiograms, fat and muscle tissuentributions:

are the two major constituents of the background signal. The

fat signal can be effectively suppressed with an altergatp- m(rt) = Z {thn (t) - i<7")}- )

etition time (ATR) SSFP host sequence [26], [27]. Meanwhile tissues

T,-preparation with an adiabatic BIR-4 pulse is employed tdere, M;,..(t) represents the transient magnetization level,

reduce the muscle signal [28]. However, because the geeravhich depends on the ;L of each tissue as well as the

contrast is transient, the capturing efficiency is enharlmed sequence parameters. Meanwhii¢y) is the image mask

performing centric phase-encode ordering on a squaratspthat describes the spatial distribution of each tissue,(éhg

trajectory [29]. The diagram of the magnetization-pregdare&eomponent masks in Fig. 2b). This decomposition allows us

sequence is shown in Fig. 1. Immediately following-T to separately analyze the spatial and temporal variatibtiseo

preparation, a ramped series of RF excitations dampens transverse magnetization.

transient signal oscillations [30], [31]. All data sampleishin To express the acquired signal in k-space, the variation

a given segment are then acquired with the host sequenmieblood and muscle magnetization levels was derived as a

Finally, the magnetization is allowed to relax during a sy function of k. First, the transient magnetizatiod/;, ., (),

Igjod. This entire module is repeated to collect each kepa
ﬁgment.

Volume

A. Pulse Sequence
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Fig. 3. Blood (T;/T2 = 1200/250 ms) and muscle (870/50 ms) magnetizations
% following To-preparation as a function of k-space radius,{§. The initial
@ 20 blood/muscle contrast of 5, decays tov 3 in steady-state. The illustrative
é’ spatial-frequency extents (BW) of these two tissues aresklswn. Due to the
fine structure of vessels in the extremities, the blood sipaalhigher spatial-
frequency content compared to that of muscle. Hence, the Wapdl can
-40 be increased by compensating for its decay, while the musglalsiemains
0 roughly the same. This enhances the blood/muscle contragpremdnts the
(dB) blurring of vessel images.
(2]
] ¢ '
@ 20
S
k : Approximate T and T, values from literature [33], [34]
| e -40 . 5 1 were selected to simulate the blood magnetization across k-
b v ky space. Although T, measurement routines can be incorpo-

rated for improved performance, the final results were not
Fig. 2. (a) A numerical phantom simulating a simple cross—sectionaﬁonS|d_erab|y affected by S_ma” variations in parameten%l_
model of the lower leg in the axial plane. The muscle signal ipided according to our observations. Furthermore, accuratenasti
Wri]th gray CO:?H E’g*)]erias trf]'e four b'OOddvesse'S of gafyingmﬁters are tion of these parameters often requires substantial soasti
shown as white.(b) The phantom was deconstructed into its two tissu . . . .
components (left column), namely muscle and blood vessels irupper e_rhe following relaxation parameters were used in the simula
and lower rows respectively. The spectral-domain (i.e p&es) representation tions: T;/To = 1200/250 ms for blood [33], [34], and,1T,
of each component image was computed separately with a two-giomah = 870/50 ms for muscle [35] at 1.5 T. Meanwhile. the cor-
Fourier transform (center column). The central cross-sestof the Fourier . ° i
transforms are also visualized (right column). All spectré iare normalized respondlng sequence parameters Wer:e_ 60 ' TRI/TR,/TE
to yield a maximum amplitude of unity, and shown in logarithmialec = 3.45/1.15/1.725 ms, 80-ms,-preparation time, 8 k-space
with identical display windowing. As clearly observed, thgectrum for the Segments’ and a 10-excitation Cata'yzation sequence. The
blood-vessel image is much broader than that for the muscle inBegpause .. . . .
the vessels have smaller structures, they have significamthpased high- tISSU.e contrast at the Sta':t of .the acquisition 'S.a Comle'd:a
frequency content compared to the large muscle tissue. function of the ©-preparation time, the catalyzation sequence,
and the tip angle of the host sequence. These parameters

were chosen to maximize the initial blood/muscle contrast

following catalyzation was computed with Bloch simulagon in the Ic_)wer extrfamities at 1.5 T, without exceeding specific
Assuming the magnetization vector has been aligned wRRSOrption rate limits.
its steady-state direction after catalyzation, the dedathe The T,-preparation generates higher levels of magnetiza-
transient magnetization can be stated as [30], [32]: tion and improved 7T-contrast compared to regular SSFP,
B ) TR as displayed in Fig. 3. Whereas the blood/muscle contrast
Miran(t) = (Mprep — Mss) -7 + Mas, () reaches as high as'5 initially, the host sequence drives
whereM,,..,, and M, denote the initially prepared and steadythe magnetization levels to a steady-state where the @intra
state magnetizations, antl = n - TR for n € N. The decays to~3. In the absence of compensation, this reduces
exact mathematical expression of the decay ratds fairly the captured contrast particularly at high spatial freqiemn
complicated for ATR SSFP. Nonetheless, the empirical dec@p the other hand, the morphological differences between
characteristics of ATR are reasonably similar to that ofiteg vessels and muscle are especially pronounced in the axial
SSFP, which is a weighted average between pyr@fid T, Cross-section of the lower leg, which coincides with the two
decays for on-resonant spins [32]. The k-space trajecwryphase-encoding directions (left/right and anterior/post)
also as a function of timel(,(t), given the sampling patternin our 3D acquisitions. Therefore, the blood signal can be
and the number of k-space segments. Finally, we can compgftectively increased by compensating for its decay over th
M(k), the tissue magnetization during the acquisition of Bhase-encoding k-space dimensions, while the musclelsigna

corresponding k-space sample: remains relatively unaltered due to its lower spatial-fiengy
M(E) = My (K= () @ content.
franiits ’ To better understand the effects of compensation, we can
where K, ' represents the inverse mapping: K, ' (k). examine the k-space variation of the acquired signal by com-
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bining (1), (2), and (4). Assuming blood and muscle tissuesgiograms to be significantly enhanced without increasing
are the only constituents for simplicity: sensitivity to patient motion, improving their clinicalilityy.
. Therefore, flow-independent angiography can further benefi
Y (k) :/ [My(k) - ip(r) + M (k) - i ()] €278 T aV from the ability of CS to reconstruct undersampled acquisi-
tions.
+ N(k), ®) The theory of CS states that a nonlinear reconstruction
can recover a signal of sizé from only n of its samples
where M, ,,,(k) are the magnetizations ang,,(r) are the (wheren < L) if several conditions are met. First of all,
spatial distributions of the blood and muscle tissues. Bsea the signal should be compressible. A signal of sizeis
M, (k) do not depend omr, the integrals with complex- denoted as compressible if it can be accurately represented
exponential kernels are equivalent to evaluating the Bourby n < L coefficients of a linear transform (e.g., spatial
transforms ofi;, ., (r) at a given k-space location, i.€,,,(k), finite differences, Fourier transform, wavelet transfarih
B angiographic dataset is highly compressible in the image
Y(k) = My(k) - Iy (k) + Mo (k) - L (k) + N (k). (6) domain, and its total variation (i.e., sum of spatial finite
The k-space compensation filter is computed for a desirdifferences) has an even sparser representation [20], [24]
tissue of interest, which is arterial blood in angiographic In addition, the aliasing artifacts due to the missing sam-
datasets. The filter weight$7(k), are inversely proportional ples should be incoherent in the transform domain. When
to the level of blood magnetizatioh}/,(k)|, at each k-space undersampled acquisitions were performed in this worls thi
location: condition was satisfied by employing variable-density tand
(k) = M, (0) , (7) undersampling in the phase-encode plane [20], [24]. Fast,
My (k) probability density function was constructed with a grdiua
where the scaling factoi M, (0)|, normalizes the filter am- diminishing density towards the edge of k-space. This func-
plitude to 1 at the center of k-space. The compensationtign was then used to generate a random sampling pattern
achieved by multiplying the k-space da¥a(k), with this filter, through a Monte Carlo procedure. It is important to note
that random undersampling can cause variations in the blood
Yeomp(k) = My(0)-Ly (k) +H (k) My (k)L (k) +H (k)-N (k). magnetization level among separate k-space segmentsh whic

! , are more pronounced at higher undersampling factors (R) and
As expected, the filter effectively compensates for the dblooin the periphery of k-space. We calculated the percentage

signal depay. Because muscle tissue has low Spat'""I'f'm?wedifference between the highest and lowest magnetizatibns a
content (i.e., (k) < I (0) for krag > ko, Whereky, i oacny for the trajectories employed in this work. Even
considerably small) and the filter can be crudely appromui\atwith R = 4, the maximum and mean differences across k-
asH(k) ~ 1 fpr krad,< k_ro' the compensation does not affecEpace were limited to 11.7% and 6.7% respectively, and the
the muscle signal significantly: differences in central k-space were negligible. Neveess!
Yeomp(k) & My(0)-Iy (k) + My, (k)- I, (k)+H(k)-N (k). (9) to prevent potential image artifacts due to abrupt vannstim

the filter values, a smooth filter was designed based on the

Meanwhile, H(k), a monotonically increasing function, aM-minimum level of blood magnetization at a givkp,, among
plifies the noise at high spatial frequencies as a side effect, segments

_The signal compensation enhances the quality of the angj,a)y the reconstruction must simultaneously enfotee t
giograms in two major aspects. First of all, because the,qressibility of the image and its consistency with the

blood signal is increased relative _to_the muscle signal, “&%quired data. This can be achieved through solving the
overall blood/background contrast is improved. Furtheemo following unconstrained nonlinear optimization,

correcting for the blood-signal decay prevents potentiakl|
of spatial resolution in transient acquisitions. minimize ||W - (Fym —H-Y)||2 + A|[m|[1 + ATV (m)

) The first term is the weightetf-norm difference between the

C. Compressed Sensing reconstructed data and the compensated k-space acqssitio

Following the compensation, the high-spatial-frequeretad F,m and H - Y respectively. This data-consistency term is
are weighted more heavily, which causes regular Fouriaccompanied by two regularization terms in the objectike, t
reconstructions to suffer from increased image noise. Wiis ¢*-norm of the image,n, and its total variationI'V (m).
not pose a problem when the precompensation SNR levBlscause the reconstructions are performed only on the phase
are relatively high (e.g., SNR 40), as decent image qualityencoding dimensions in this work;, denotes a partial Fourier
can still be maintained. Nonetheless, the reconstructiams operator. The outlined optimization produces the mostyike
benefit from complementary noise-reduction schemes irr otleefficient estimates in the transform domain subject to the
cases. While numerous effective denoising techniques halata-consistency constraint. When the aforementionedi-cond
been proposed [36], compressed sensing is a particuldibpns are satisfied, CS denoises the images while preserving
attractive candidate for MR angiograms. First, many dengis the edges, thereby improving the apparent SNR.
algorithms rely heavily on redundancies in the data, andThe compensation filtet (k) (described in (7)), leads to
CS can readily exploit the high degree of sparsity in amolored noise in the data. A weighting factor of (k) =
giograms. In addition, undersampling allows the qualityhef {H(k:)}’1 would then result in uniform weighting of the
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noise-related?-norm error contributions across k-space. How- Blood Magnetization Compensation Filter
ever, this also places a higher emphasis on enforcing data 05
consistency at lower spatial frequencies, counteracthy t
effects of signal compensation. Instead](k) = 1 was
employed for the reconstructions in this work, yielding %-7
improvement in blood/muscle contrast for in vivo angiogsam
with no notable differences in the noise/artifact levels.

The implementation details of the algorithm are described o 0
in Ref. [24]. The objective was minimized using a nonlinea Krad Krad
conjugate-gradient technique [20f!-norm reconstructions
can shrink (i.e., underestimate) the coefficients pentagirid
low-contrast image features, further reducing their csitr
A sufficiently small\; was chosen to minimize the shrinkage
effects while still enforcing sparsity. In addition, exsee TV
regularization can lead to image flattening (i.e., blocKaats)
and loss of small-sized image features. Therefore, a velwti
small A\, was used to mitigate such artifacts while effectively
denoising the images.; = 0.05 and\; = 0.025 were observed
to yield good-quality reconstructions.

Amplitude

Blood Magnetization Compensation Filter

o

Amplitude

Krad Krad

D. Simulations b

The _Ievels of improvement in image contrfalst and Spat'éilg. 4. Transverse blood magnetization; (T2 = 1200/250 ms) and the
resolution depend on several sequence and tissue parametgiresponding compensation filter as a function of k-spaciusa(k.a),
First, the number of k-space segments (N) or the und@hﬂulate(g)f?r)vsryin(% gulng;)t?r of ?-Spdaﬁ Selg(gl)egts (z\ll)zaz;ifuaﬂﬂmgd

H H FE - factors (a = (4,0, or a rixe = = (1,2, or a fixe
sampllng f_aCtor (R) Can change the S|gnal variation ng@ = 16. Because the readout clusters are lengthened for snialsend R,
Krad, €ven if the remaining parameters are kept constant. k¥ decay of the blood magnetization is steeper. In order topensate for
smaller N and R, the initial portion of the magnetizatiorcalg this decay, the filters weight a greater portion of higheatisi-frequency data
curve is steeper as shown in Fig. 4. This leads to greaf@f'® heaviy:
resolution and contrast reduction in the original acqaisg.

The compensation filter then weights a greater portion of

higher-spatial-frequency data more heavily. Therefoilghést 1) Contrast: To demonstrate the effects of the number
levels of improvement are achieved for smaller number gf segments and the vessel diameter, contrast measurements
segments and acceleration factors, i.e., longer readostes. \yere performed on the numerical lower-leg phantom (Fig. 2a)
The contrast is also affected by the relative spatial-feeqy This phantom was constructed by modeling muscle tissue and
contents of the two tissues. Because high frequencies Bf§od vessels with circular cross-sections in the axiahgla
weighted more heavily compared to the center of k-space, §ag simplicity. The average luminal diameters of the major
enhancemenF will pe higher when the filter minimally altergeep vessels in the lower leg range approximately from 2 to 4
the muscle signal (i.e., larger and more homogeneous blogks, [37], [38], while small vessel branches could be narrower
of muscle tissue). On the other hand, the blood signal beneffferefore, the phantom included four vessels with diarseter
increasingly from the high-frequency amplification as tes-v ¢ 1, 2, 3, and 4 mm respectively, and the diameter of the
sel sizes get smaller. Finally, because the compensatien fil;,;scle tissue was 100 mm. The axial phantom images covered
is designed usin@ priori estimates of relaxation parameters, 128¢128-mn? field-of-view sampled with a 10241024
any variations in T 2 (e.g., spatial or inter-subject) can chang@atrix. Two image masksi,.,.(r) (r denoting the spatial
the actual contrast levels. coordinate), were formed to separate the blood and muscle
Another factor that impacts the image quality is the spgrsitcomponents, respectively. To avoid abrupt signal traovssti a
based nonlinear reconstruction. By nature, CS will demopermi window was used to provide a 4-pixel-wide transition
strate enhanced performance on more compressible datasfithe periphery of each circular structure.
Whereas the compensation produces sparser images by redufagnetization-prepared phantom images were produced
ing the background signal, the amplification of high-freqmie py first simulating the blood and muscle magnetizations,
noise increases the background variation. As a result, tm (%), with respect to k-space location,k,) as described
reliability of noise/artifact removal inherently depenais the ., {he Methods section (Fig. 3). These magnetizations were
relative balance between these two counteracting compmnegamMed on a 128128 grid to yield a nominal isotropic
Several simulations were performed to assess the afofgsolution of 1 mm:
mentioned relationships regarding contrast, resolutimmgl
reconstruction performance as described in the followirty s My (k) = My (k) - > 6k — ki), (10)
sections. ’ p
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wherek; denote the discrete sampling locations in the phasesise to magnetization-prepared data. Regular and compen-
encode plane. Afterward, the Fourier transforms of the enagated phantom images were then reconstructed. Afterward,
masks,I;, ., (k), were sampled on the same grid. To computiie spatial-finite-differences transforms of both imagesew
the contribution from each component, the Fourier tramsforcomputed across a horizontal cross-section with two separa
of its mask was multiplied with the corresponding magnetizaessels.
tion. These contributions were then summed to simulate theAn improvement in sparsity is indicated by increased
acquired k-space data: peak levels of finite-differences (FD) coefficients relatito

~ —~ ~ — ~ the background variation. Therefore, the FD-domain SNR

Y (k) = My(k) - Io(k) + My (k) - Ln (k). 11 (SNRrp) was utilized as a performance measure for the
The datay (k), were reconstructed without and with compensparsity-enforcing reconstructions. The maximum FD coef-
sation for the blood-signal decay. The blood/muscle cettraficient was normalized by the standard deviation of the
i.e., the ratio of the mean blood signal to the mean muscte sRckground to quantify SNR,. The standard deviation was
nal, was then quantified on regular and compensated imagegimated ass = 0.7413- IQR, where IQR denotes the
Mean blood signals were measured on each vessel separataigrquartile range of the background coefficients [40]R|Q
and the entire muscle tissue was selected to calculate tae mg@bust against outliers, was chosen as a more reliablerdispe
background level. sion metric for sparse signals than a direct measurement of

The robustness of the compensation filter was evaluat&dSample noise generation and the following procedure were
against variations in relaxation parameters with a separ&gPeated 1000 times, and the results were averaged. Paired
series of simulations. First, the four parameters of theerum Student’s t-tests were performed between the sample SNR
ical phantom (i.e., T, of blood and muscle tissues) werdevels of the regular and compensated cases.
individually perturbed within the+20% range in 9 linear .
steps, while the rest of the parameters were kept at thEir EXPeriments
nominal values. In addition, spatial variations were saed ~ In  vivo  non-contrast-enhanced  flow-independent
by modeling the large block of muscle tissue as 9 concentd@giograms of the lower leg were produced on a 1.5 T
annuli, which were assigned different ®r T, values varying GE Signa EX scanner with CV/i gradients (maximum
linearly in the +20% range. Blood/muscle contrast measurgtrength of 40 mT/m and slew rate of 150 T/m/s) using a
ments were performed on regular and compensated image@drature transmit/receive extremity coil. The maga¢ion-
following the aforementioned procedure. Means and stahddxrepared acquisitions employed a 3D Cartesian ATR SSFP
deviations of these measurements were computed acrossh®gt sequence. The following set of common scan parameters
axes of perturbation. were prescribed: 192128x128-mn? field-of-view, 1x1x1-

2) Resolution: Whereas the previous simulations demormm’ spatial resolutionr = 60°, 4.6-ms total TR (TR/TR;
strated contrast variations, the level of resolution improent = 3.45/1.15 ms), 1.725-ms TE, 125-kHz readout bandwidth,
was quantified using a measure of relative resolution based&)-ms T-preparation, 10-tip linear ramp catalyzation, and a
the point spread function (PSF, i.e., the reconstructedyémad-s recovery time between consecutive segments. Meanwhile
for an impulse object), as described in Ref. [39]. The retatithe number of k-space segments (N), the undersampling
resolution was assumed to be the radius of a cylinder withfactors (R), and the total scan times..l, were varied.
height equal to the peak amplitude of the PSF, and a volumeBoth fully-sampled and undersampled acquisitions were
equal to the integral of the PSF. A 12828 sampling grid Performed to demonstrate the proposed technique. For the
was again formed in the phase-encode planek(, yielding fully-sampled case, 3 datasets were collected with N =16)8,

a nominal isotropic resolution of 1 mm. For various numbe@nd correspondingsl., = (88,104,137) sec, while the number

of k-space segments, the variation of the blood-magnéizat Of phase encodes per k-space segment were (4096,2048,1024)
level was simulated as a function of k-space radius for bofispectively. Although the time spent for magnetizatioepar

the regular and compensated cases as shown in Fig. 3. TH@éen was proportional to N, the total number of phase
magnetizations{ My (k) },cq.comp, Were separately sampled orencodes remained constant. Hence, the increase.ip Was

the k-space grid, and their inverse Fourier transformsdgigtl 1€ss than linear with N. As an alternative, 3 undersampled
the corresponding PSFs(r). Finally, the ratio of the volume datasets were acquired with R = (1,2,4), N = (4,16,22),
under the PSF to the peak amplitude of the PSF was computeé996,512,186) phase encodes per segment, an¢d ¥ 88

and the nominal resolution was quantified by the square ré®c each. While the scan times were kept constant, higher

of this ratio, undersampling factors were required to enable more frequen
preparation. Four sets of images were produced from fully-

//5(7') dA sampled datasets using Fourier and CS reconstructions both
Ar, o s =0) (12)  without and with signal compensation. Meanwhile, undersam

pled data were reconstructed using CS without and with signa
3) Reconstruction Performancefo analyze the effect of compensation. The data were zero-padded by a factor of two

compensation on the CS reconstruction, Monte Carlo simula- all three dimensions to improve the visualization of the

tions were performed using the numerical lower-leg phantommaximum-intensity projections (MIPs).

Image SNR levels varying from 5 to 60 (measured on muscleTo quantify the level of contrast improvement achieved by

tissue) were maintained by adding bivariate white Gaussitite proposed technique, the mean signal levels were measure

Copyright (c) 2011 IEEE. Personal use is permitted. For any other purposes, Permission must be obtained from the IEEE by emailing pubs-permissions@ieee.o



This article has been accepted for publication in a future issue of this journal, but has not been fully edited. Content may change prior to final publication.

CUKUR et al: SIGNAL COMPENSATION AND COMPRESSED SENSING FOR MAGNETIZATIONREPARED MRA 7

Regular Compensated 60

’
50T o Comp. ‘f;p' 1
* Regular o’
401 Je” 1
ra e
nZ: 30+ '9' -
] '}f PR St *
20} oot 1

10 20 30 40 50 60
0
SNRimage

0.25
Fig. 6. Monte Carlo simulations were performed to analyze ftifeceof
signal compensation on the performance of the sparsity-bh@sedstruction.
The SNR in the spatial-finite-differences domain (SNJ is displayed as a
n function of the image SNR, for regular and compensated date. Cliicles
1

Cross-section

Finite diff.

and the stars represent the actual SNR levels, and the déisksdare the
\ ) Y corresponding fourth-order polynomial fits. While there are significant
-1 1 - 1 differences at low SNR, 4z, the compensated SNR is higher p < 10~6)
y y for SNRimage > 12. This indicates that signal compensation can potentially

enhance the performance of the CS algorithm. In particularjrttprovement

Fig. 5. Magnetization-prepared SSFP acquisitions of thmarical lower- in sparsity due to enhanced background suppression outsvéige adverse

leg phantom were simulated (N = 8). The data were reconsttustthout effects of noise amplification in this SNR range.

and with compensation for the blood-signal decay, as showthén left

and right columns respectively. A sample cross-section actbs dotted

line is displayed for each image (middle row) along with its teddinite-

differences transform (bottom row). The signal compensationsiderably . . . .

reduces the level of background muscle signal, and depietbltiod vessels the compensation attains the highest levels of improverioent

with improved spatial resolution compared to the regularmstraction. While  smaller vessel diameters and N. It is also important to Hate t
the compensation significantly enhances the finite-diffeesnpeaks at the the percentage contrast difference between the 1- and 4-mm
vessel edges, the background variation also increasesodammylified high- . .
frequency noise. The success of the sparsity-based recotish inherently VESSels is reduced from 27:7to 6.2 after compensation.
depends on the relative contributions of these two factors. Finally, the effects of T variations are listed in Table IlI

for a 2-mm vessel, and N = 8. Whereas perturbations

(particularly for muscle) increase the standard deviatdn

in identical regions of the source images reconstructeti wigontrast compared with variations in;,Tboth the contrast
CS. The blood signal was measured on the medial to distY€!S and percentage improvements with compensation are
segments of anterior/posterior tibial and peroneal aseiThe Nearly identical to their nominal values. Therefore, theneo
average diameters of the vessel lumens used in the measBR&Sation filter is robust against such parameter varstion
ments were approximately 2 mm. Meanwhile, neighboring Fig- 5 al_so_ d|splays the horizontal cross-sections anceeorr
regions of homogeneous signal were selected to measure $A@Nding finite-differences (FD) transforms of the regaiad
background muscle signal. Finally, the blood/muscle @mttr cOmMpensated images. In the FD domain, the peaks near the

was computed as the ratio of the mean blood signal to tR¥0d vessels are higher and sharper due to the improvements
mean muscle signal. in contrast and resolution with compensation. Furthermore

the plots of SNRp in Fig. 6 show that the increased peak
levels outweigh the noise amplificatiorp (< 107°) for
SNRmage > 12. This suggests that the performance of CS
The numerical lower-leg phantom images reconstructgeiconstructions can be potentially enhanced with compensa
without and with signal compensation are shown in Fig. 5. THi&n as well. Meanwhile, the FD-domain SNRs for regular and
compensated image looks sharper than the regular reconstepmpensated cases are nearly identical for l09€R;,agec-
tion. In addition, the background muscle signal is signifita Fig. 7 clearly demonstrates the effect of the proposed
reduced with the help of compensation. The blood/musdechnique on spatial resolution. The regular PSF is widened
contrast measurements in magnetization-prepared nuaheritue to the transient signal decay, and its peak amplitude is
phantom images are listed in Tables I, I, and Ill. Table deduced. Meanwhile, the compensated PSF has a much nar-
shows the variation of contrast with vessel diameter for N rower mainlobe as expected. Table 1V lists the correspandin
8. On the other hand, Table Il demonstrates the effect of N fgpatial resolutions. Whereas the image resolution in regula
a fixed vessel diameter of 2 mm. As theoretically predictedcquisitions is lowered te-1.4 mm, the proposed technique

Ill. RESULTS
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PSF TABLE |
VARIATION OF BLOOD/MUSCLE CONTRAST WITH VESSELDIAMETER
10° - :
— — Regular Vessel diameter 1 mm 2 mm 3 mm 4 mm
I I\ — Comp. ||
\ Regular 2.53 2.77 3.03 3.23

Compensated 3.70 3.77 3.88 3.93
% improvement 46.4% 36.1% 28.0% 21.7%

Blood/muscle contrast (i.e., the ratio of the mean signals) in
regular and compensated numerical phantom images, mea-
sured in four vessels with intraluminal diameters varyingrfro

1 to 4 mm. While the compensated contrast is always higher
than the regular, the largest improvement is attained for small
diameters due to the increased high-frequency content of smal

Amplitude

vessels.
TABLE I
10°® . . . BLoOD/MUSCLE CONTRAST IN REGULAR AND COMPENSATEDPHANTOM
-10 0 10 IMAGES
r (plxels) Segments N=4 N=8 N =16
Fig. 7. Regular and compensated point spread functions [P&Ese Regular 2.56 2.77 3.07
computed in the phase-encode dimensions by simulating theaati®od
signal (Ti/T2 = 1200/250 ms). Central cross sections of the PSFs are plotted Compensated 3.70 3.77 3.85
in logarithmic scale. The regular PSF is widened and has aceedpeak % improvement 44.9% 36.1% 25.50
amplitude due to the signal decay. On the other hand, the caapen -
significantly improves the signal homogeneity across k-spmue successfully Blood/muscle contrast in regular and compensated
maintains the nominal spatial resolution. numerical phantom images, measured in a blood vessel

(2 mm in diameter) for number of k-space segments
(N) = 4, 8, and 16. As expected, the acquisition with
the steepest magnetization decay over k-space (i.e., N

. . . . . = 4) benefits the most from signal compensation.
successfully maintains the nominal resolution of 1 mm in all

cases.
As shown in Figs. 8 and 9, the proposed technique improvi
the contrast and resolution for both the fully-sampled a
undersampled in vivo angiograms, enhancing the depiction
of the vasculature. The Fourier and CS reconstructionsealon
of regular data yield suboptimal muscle suppression. Fig.L8mnitations
also displays the regular and signal-compensated an@isgra \yhereas the increase in resolution with the proposed tech-
without the CS reconstruction, which suffer from increasegque can be readily anticipated, the contrast improvement
noise levels. Contrarily, the combination of CS with signaises due to the lower spatial-frequency content of thé-bac
compensation generates high blood/background contrabt 8o nd. Because this improvement depends on the relative
recovers the blood signal reliably by reducing the imageeoi gpeciral widths of the sample tissues, the signal of smaller
Table V lists the measurements of in vivo blood/muscle cojagsels will benefit more than that of larger vasculature.
trast. The proposed technique achieves significantly ingato However, we have not observed any loss in image quality
contrast (up to 48) in all datasets, but the highest levels of, |arge vessels due to this effect. In fact, the compeosati
improvement are observed for smaller N and R. The contraghquces more homogeneous contrast for varying vesse size
measurements in fully-sampled angiograms (Table V) haygypie ), yielding more consistent and reliable visualiza.
similar values to those in thg numerical phgntom (Table 11). The phantom and in vivo measurements indicated nearly
Furthermore, the corresponding percentage improvements gentical percentage improvements in contrast, but the con
to compensation are nearly identical. It is important t0eno 5t values themselves were slightly different. Severelds
that the proposed technique achieves enhanced resolutbn @\ight have led to these minor discrepancies. First, the fausc
contrast with shorter scan times and lower accelerations COsignal in short-TR SSFP acquisitions is further reduced due
pared to regular acquisitions. For example, the compesisa{g” magnetization-transfer effects [41], increasing theviiro
contrast for N = 4 is higher than the regular contrast for N 5564/muscle contrast. Furthermore, in vivg sTvalues can
16, although N = 16 requires a 56%-longer total scan timeye hotentially different from the simulated values.
The amplification of high spatial frequencies can lead to
IV. DiscussioN edge enhancement in certain tissues, which experience a
The proposed technique enhances the resolution and cemaller signal change between the preparation and steady
trast of magnetization-prepared acquisitions by signah-co state compared to the tissue of interest. While some level of
pensation. Afterward, the image noise and aliasing atifare  edge enhancement was visible in the simulations for muscle
reduced with the help of CS, allowing more reliable depittiotissue, its signal is much smaller compared to that of blood.
of the underlying tissue signal. The technique substdytiaFurthermore, no significant artifacts were observed in vivo

proves the visualization of the vasculature in non-casttr
hanced peripheral SSFP angiograms.
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Regular Reg. with CS Compensated Comp. with CS

A |

b

Fig. 8. Regular and signal-compensated images of fully-saingid¢a (R = 1, N = 8)(a) maximum-intensity projections (MIPs), arfd) axial slices. Both
regular and compensated datasets were processed with Fandecompressed-sensing (CS) reconstructions separatelges of regular data suffer from
blurring due to the transient signal decay. Meanwhile, tbarfer reconstruction of compensated data has improvedutasolat the expense of amplified
noise. Finally, CS successfully reduces the noise in the eosgied images, which look sharper and have improved bacdidjsuppression compared to the
regular case. The arrows pinpoint a number of small vessethesnthat are not visible in the regular MIPs. Contrarilgstn vessels are clearly visualized
with the enhanced contrast and spatial resolution of the eosgied reconstructions.

TABLE Il
SIMULATED BLOOD/MUSCLE CONTRAST WITH VARIATIONS IN RELAXATION PARAMETERS

Variation Tepatial Tim T Tab Tom Tom Combined
Regular 2.74£0.11 2.74£0.18 2.76£0.18 2.74£0.25 2.83:0.46 2.84t0.64 2.84£0.66
Compensated 3.75£0.16 3.74£0.25 3.7%0.26 3.74£0.37 3.88:0.71 3.870.81 3.870.89
% improvement 36.8+2.6% 36.6:2.7% 36.8:3.0% 36.5:-3.4% 36.9-4.1% 36.5:2.3% 36.4:3.9%

Relaxation parameters for blood and muscle ¢f, and T, o1,) were individually varied by+20% in numerical phantom images. The
superscript ‘spatial’ indicates that the parameter wasudaspatially instead of changing the value of the entirelbtfdissue. Blood/muscle
contrast was measured in a blood vessel (2 mm in diameter) fosf@ke segments. The mean and standard deviation across glee ran
of varied parameters are listed for each measurement. The cedhsimulation was performed by independently varying founpeaters:
Tim, le, Tgb, and -ISpatlal.

2m

despite the shorter sTof muscle, possibly due to its lowerRF pulses are employed (e.g., adiabatic pulses), frequent
frequency content. When background tissues with consitierapreparation also results in increased specific absorptitas r
high-frequency content are insufficiently suppressedtiglar and limits the applicability at high field strengths.

decay compensation can help prevent edge enhancement [42A7|eanwhile various techniques have been previously pro-

] o posed to enhance the spatial resolution in transient aequis

Comparison to Existing Methods tions. On the one hand, variable-flip-angle trains can vyield

Several other strategies are often used to improve the pemwre consistent signal across k-space to prevent image blur
formance of magnetization-prepared imaging. First oftak, ring [8], [17], [43]. Although signal homogeneity is main-
background can be better suppressed by shortening theuteadlmined, this scheme reduces the overall signal levels. Fur-
clusters (i.e., increasing N). However, the data acquisitithermore, different trains need to be designed for various
becomes less efficient, and prolonged scan times can yiatthging conditions, increasing the susceptibility tg Bho-
increased sensitivity to motion artifacts. When high-egpergnogeneities.
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. . TABLE IV
Reg' Wlth CS Comp. WIth CS SPATIAL RESOLUTION FORREGULAR AND COMPENSATEDIMAGES
Segments N =4 N =8 N =16
Regular 1.46 1.43 1.39
Compensated 0.99 0.99 0.99

Estimated isotropic spatial resolution (in mm) in the
phase-encode plane for regular acquisitions and com-
pensated images. In the regular images, the largest loss
in resolution occurs with the smallest number of k-
space segments (N). In all cases, compensating for the
signal decay prevents image blurring by maintaining
the nominal image resolution of 1 mm.

Potential Improvements

There are potential variations that can help improve the
proposed technique. First, when the signal decays verdlsapi
full compensation may deteriorate the image quality due to
high noise amplification. In such cases, variable-flip-angl
trains can be used to partially improve the signal homo-
geneity, while the remaining decay can still be corrected
with postprocessing [52]. This hybrid can further extend th
applicability of the technique by reducing the overall iraag
noise. Furthermore, the k-space correction filter is comgbut
from the relaxation parameters of a single tissue of interes
When the signal from heterogeneous samples need to be
Fig. 9. (a) MIPs and(b) axial images of regular and signal-compensated CSompensated, improved methods that estimate the spatially
results in Fig. &, CS demonsiates enhanced perormancessyaaifact re. VATYING relaxation parameters can be incorporated [46}-[4
moval on compensated images, which have enhanced resolutiateareased ~ 1he nonlinear reconstructions in the CS framework rely on
background signal. The arrows point to the small vesselsdteatore visibly  jterative computations that are relatively intensive. Rzag
depicted in the compensated MIPs due to the superior backdsuppression. the complexity of such reconstructions is an active field of

research, and the proposed technique can potentially benefi
from further developments in this field [20]. In application
where the data are not compressible in the image domain,

On the other hand, specialized postprocessing methods hgwe TV regularization term in CS reconstructions can be re-
been successfully employed to compensate for the transigpriced with an appropriate sparsifying transform (e.gvelet
signal decay [44]-[46]. These methods often estimate th@nsform). CS can also be replaced with a combination of
relaxation constants at each pixel for a more accurate cpgrallel imaging [11], [12] and specialized denoising noelh
rection. However, because the reconstructions do notdecly3e], and the use of this combination in conjunction with the
a denoising step, their use is mostly limited to high-SNBroposed technique should be straightforward. Partiati€ou
imaging scenarios. As a remedy, the high-frequency noigaging is yet another acceleration technique, e.g., alarti
has been dampened by weighting the k-space correction fig&ho acquisitions can be employed to improve the spatial
with a low-pass window [47], [48]. While the level of noiseresolution in the readout direction without affecting the &f
amplification is reduced, the ideal PSF and spatial resolutithe host sequence. Nevertheless, the scan-time savingeend
cannot be preserved with this strategy. reconstruction quality might be limited by undesirable gha

The proposed technique fully compensates the signal de&&yfts due to field inhomogeneities, eddy currents, ancepati
to maintain the prescribed nominal resolution, and reduc@®$tion [35].
the resulting noise with CS reconstructions. Similar toeoth
postprocessing approaches, it does not require any maodifica V. CONCLUSION
tion of the scan parameters or the imaging sequence. The
tissue/background contrast is improved without sacrificin Magnetization-prepared acquisitions often require pro-
scan efficiency. Furthermore, the technique offers enlthndenged scan times and suffer from image blurring. The pro-
applicability at higher field strengths along with improveghosed technique enhances the image contrast and resolution
robustness against RF field inhomogeneities compared to though simple postprocessing of the collected data, while
isting techniques. It may potentially benefit other apgimas, maintaining high scan efficiency. Therefore, it improves th
where the initially prepared contrast is gradually reptheaith  robustness and applicability of magnetization-prepanedg
a lower steady-state contrast (e.gx-Arepared [49], T, [50], ing, particularly when scan times are constrained. These
and hyperpolarized imaging [51]). improvements were quantitatively demonstrated in thezalet
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TABLE V
BLOOD/MUSCLE CONTRAST IN REGULAR AND COMPENSATEDIN VIVO
IMAGES
Fully-sampled N=4 N =8 N = 16
Regular 2.68 3.30 3.55
Compensated 3.96 4.08 4.50
% improvement 47.8% 37.0% 26.9%
Undersampled R=1 R=2 R=4
Regular 2.68 3.39 3.96
Compensated 3.96 4.60 4.70
% improvement 47.8% 35.9% 18.9%

Blood/muscle contrast in regular and compensated in
vivo images (both reconstructed with CS) for fully-
sampled and undersampled acquisitions. The largest
improvement with compensation is for smaller N and
undersampling factors (R). The compensated contrast
for N = 4 is higher than the regular contrast for N =
16, although N = 16 requires a 56%-longer total scan
time.

simulations and in vivo non-contrast-enhanced periphamnal
giograms.
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