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Fractional Encoding of Harmonic Motions in MR

Elastography

Jens Rump,1 Dieter Klatt,' Jiirgen Braun,? Carsten Warmuth,! and Ingolf Sack'

In MR elastography (MRE) shear waves are magnetically en-
coded by bipolar gradients that usually oscillate with the same
frequency f, as the mechanical vibration. As a result, both the
repetition time (TR) and echo time (TE) of such an MRE se-
quence are greater than the vibration period 1/f,. This causes
long acquisition times and considerable signal dephasing in
tissue with short transverse relaxation times. Here we propose
a reverse concept with TR < 1/f, which we call “fractional”
MRE, i.e., only a fraction of one vibration cycle per TR, can be
used for motion sensitization. The benefit of fractional MRE is
twofold: 1) acquisition times in seconds can be achieved for a
single-phase difference wave image, and 2) materials that com-
bine low elasticity, high viscosity, and short T, relaxation times
show an increased phase-to-noise ratio (PNR). A twofold in-
crease of the phase signal is predicted for liver-like materials.
Volunteer studies performed in liver and biceps show the ben-
efit of fractional MRE. Furthermore, we demonstrate the feasi-
bility of the technique for in vivo myocardial MRE by visualizing
transverse wave propagation in the interventricular septum
(IVS). Magn Reson Med 57:388-395, 2007. © 2007 Wiley-Liss,
Inc.
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Manual palpation is a sensitive means of detecting patho-
logically altered tissue near the surface of the body. The
sensitivity of this method is related to the resistance of soft
tissue to shear forces, which varies by orders of magnitude
in the human body (1,2). Accordingly, elastography tech-
niques have been developed to quantify the shear elastic-
ity of living human tissue based on soft-tissue imaging
techniques, such as ultrasound or MRI, using either static
mechanical compression or acoustic strain waves (3-9).
Since the acoustic approach in MR elastography (MRE) has
made rapid progress in the last few years, it is now possi-
ble to examine the elasticity of tissue that is not palpable
from the body surface. Dynamic MRE can map spatial and
temporal shear wave fields that depend on heterogeneity,
anisotropy, and nonlinearity of the elasticity (10-17).
Although pilot studies demonstrated the potential of
MRE, it has remained a relatively slow technique com-
pared to the rapid acquisition schemes of other flow- or
motion-quantifying MRI methods (18—21). The extended
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time consumption of conventional MRE scans is due to the
duration of bipolar gradients used to sensitize the se-
quence to slow mechanical vibration cycles (usually
>5 ms, corresponding to vibration frequencies of f, <
200 Hz). This frequency range is compelled by the high
viscosity of most soft tissues that results in a rapid damp-
ing of the shear wave amplitude with the penetration
distance (22). Current MRE methods encode the motion by
oscillating gradients with a minimum duration of one vi-
bration cycle. Thus, the repetition time (TR) of an MRE
sequence is always greater than 1/f,.

In this work we propose the use of low-frequency shear
vibrations with vibration cycles longer than the TR of the
MRI sequence (TR = 1/fv). As a trade-off, only a fraction of
one motion cycle can be magnetically encoded, and thus
the phase difference signal is smaller. However, it will be
shown that for soft and viscous materials with short trans-
verse relaxation times this loss is more than compensated
for by an increased signal resulting from reduced trans-
verse relaxation. The short echo times (TEs) that are
achievable with fractional motion encoding also enable
MRE to be performed in the presence of blood flow or heart
motion, which permits in vivo examinations of myocardial
elasticity.

Although fractional motion encoding is feasible with
any type of signal readout, all experiments in this study
are based on a balanced steady-state free precession
(bSSFP) experiment (i.e., all gradients are fully refocused
within one TR) (23-27). Bieri et al. (28) recently intro-
duced bSSFP-MRE based on intrinsic motion sensitization
by readout gradients. The authors proposed the use of
three half-motion cycles in one SSFP-TR to produce an
oscillating steady state with acquisition of two images
corresponding to the alternating offset of motion phase. In
the present study, an extra motion sensitization gradient is
employed such that the length of the SSFP-TR is adapted
to one, one-half, or one-quarter vibration cycle. In the
latter two cases, where TR < 1/f,, an alternating steady-
state is produced as described in Ref. 28.

In the following text we will first derive a theoretical
expression for the motion phase in fractional MRE that
accounts for NMR and viscoelastic parameters. The MRE
phase signal for liver- and muscle-like materials is pre-
dicted based on this equation, and experimental parame-
ters are proposed and validated by in vivo experiments on
human biceps and liver. Furthermore, the feasibility of
fractional MRE for detecting slow shear vibrations in the
human heart is demonstrated on the interventricular sep-
tum (IVS) of a volunteer.

THEORY

bSSFP sequences require short TRs to minimize the effect
of field inhomogeneities on the signal evolution that lead
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FIG. 1. a: Sketch of a conventional MRE
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trigger. The gradient polarity is toggled in a
consecutive experiments with data sam-
pling A and B, yielding two sets of data that
give an inverse motion phase contrast. b:
Three types of fractional MRE. The length of
one vibration period 7, is matched to N TRs
with N = 1, 2, and 4. For N = 1, a second
experiment with reversed MEG polarity is
required in order to compute Ag, just as in
part a. For N = 2, two phase images for
subtraction are acquired in subsequent
TRs, while with N = 4, four sets of data are
sampled during the periods A, B, C, and D.

to banding artifacts in off-resonance regions (29,30). Mo-
tion sensitization by extra bipolar gradients prolongs the
minimum achievable TR and can thus compromise bSSFP
image quality. As stated above, in vivo MRE often neces-
sitates the application of shear waves in the low audio
range, which can easily extend TR above 20 ms using
conventional motion encoding by matching one bipolar
gradient period (t,) with one vibration cycle (r,), i.e., T,
= 7, (Fig. 1a). To combine a short TR and low vibration
frequencies in SSFP-MRE, one vibration cycle must ex-
ceed 7, in such a manner that 7, is matched to integer TRs:

and q:¥<1. [1]

r,=N-TR(N=1,2,3...)

The ratio q is a measure of the vibration cycle fraction

used for motion encoding. In conventional MRE, g equals

one, since the vibration frequency f, is bound not to the TR

but to 1/7,. In contrast, in fractional encoding, q is always

smaller than one, i.e., only fractions of the vibration cycles
are used for motion encoding.

Phase Signal Evolution

We considered spins in a steady state of mechanical vibra-
tion. The spins oscillate harmonically with maximum am-
plitude u and phase 27f,t + 6, where 0 is a constant phase
offset determined by the onset of the wave generator and
the location of the vibrating particles relative to the wave
source.

The phase that accumulates during the n-th TR caused
by harmonic motion can then be calculated as:

nTR
¢n=YU
(n—1)TR

where +y is the gyromagnetic ratio of protons, and G(f)
represents any gradient component in the direction of the
particle deflection u. Figure 2 shows the vibration-induced
phase shift that is due to a single-period, bipolar, trapezoi-
dal motion encoding gradient (MEG), as used in the exper-

G(t)sin(2wf,t + 0)dt, [2]

TR(n+1)

TR(n+2) TR(n+3)

iments here. It illustrates that N = 1 results in a constant
phase shift, yielding the well-known misregistration arti-
fact of spins moving at a constant velocity. However, if
N > 1, interference between TR and vibration is produced,
causing ¢,, to oscillate (31). In the particular case of N = 2,
the spin phase is flipped at each TR. This alternation of ¢,
can be exploited to split the lines in k-space into two
separate images A and B, corresponding to ¢,, and ¢, ,
(28). In general, each N TR can be used to form an image
that results in a series of N images representing different
phase offsets between vibration and motion-encoding gra-
dients.

Since in the steady state ¢,, is periodic in N - TR, we
further consider a spin phase ¢ = ¢, = ¢,y in the
following. Furthermore, it is assumed that harmonic gra-
dients are used for motion encoding, where the MEG is

@, [rad]

line number (n)

FIG. 2. Steady-state spin phase ¢,, calculated by using Eq. [2] with
MEG and vibrations as schematically represented in Fig. 1b. The
dashed graph represents absence of motion. The vibration phase 6
was chosen so that ¢4 is at a maximum. Further simulation param-
eters: 1, = 6.7 ms, g = 35 mT/m, slew rate = 120 mT/m/ms, u =
40 pm, f, = 100 Hz (»), 50 Hz (O), and 25 Hz (O).
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FIG. 3. Encoded phase signal ¢ without relaxation calculated using
Eq. [3]. The maximum attainable phase shift is approached with
vibration frequencies f, < f,. Simulation parameters: g = 35 mT/m,
u =100 pm.

given by G(t) = gsin(27f,t), with g and f, being the am-
plitude and frequency of the sinusoid, respectively. The
number of gradient cycles (n,) equals one, which is the
shortest possible MEG at a given f,. Relaxation is not
considered. Equation [2] can then be solved analytically
for the maximum phase shift ¢ originating from the mo-
tion-encoding gradients:

n,=1

_ vygurT, sin(wq) 4 5
6=m(1—q) (3]

L 1—-q¢’

which is achieved at 8 = w(1 — g). In MRE experiments,
when two phase images are acquired with either toggled
MEGs or inverse wave amplitudes, the phase difference Ag
is twice that value (e.g., A¢ = A — Bwith N=1or 2; Agp =
A - C;or Ap = B — D with N = 4; see Fig. 1). Within the
confines of conventional MRE (q = 1), Eq. [3] converges to
¢ = ~vgur,/2. Interestingly, Eq. [3] predicts the maximum
of Ag at f, < f,, and not at matching frequencies. A third-
order expansion of ¢ around g = 1 yields ¢ = (27°
— 6)/(2m* — 3) for the approximated position of the
maximum phase (see Fig. 3). Thus, applying f, =~ 0.82f,
results in a slightly higher phase response than that
achieved in conventional MRE with single bipolar gradi-
ents (n, = 1).

Phase-to-Noise Ratio (PNR) in MRE

To derive a relationship between the NMR parameters and
mechanical properties of the investigated material, we
consider the location (X) of a vibrating isochromat at X =
cl/f,, where c is the shear wave speed in the material. As
such, X is equal to one shear wavelength, which in the
following is regarded as a reference length of the desired
penetration depth of the shear waves. The wave ampli-
tudes will decrease by a monoexponential function u
= uyexp(—I'X) with the damping coefficient I" and deflec-
tion amplitude u, at X = 0. Voigt’s model of a viscoelastic
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solid (1) can be employed to derive the functions of ¢ and
I' on the vibration frequency f,, (32,33):

2 0

P

ol ARG
W, F—Z’IT]CV 2 o) [4]

with © = p? + (2mwf,m)?,

Cc =

where p and m denote the shear modulus and viscosity,
respectively, and p is the material’s density. Using this
model, the mechanical deflection at one wavelength dis-
tance from the tissue boundary reads:

u=u exp< - 41-r2fm> [5a]
0 W+ \/@
= uoexp< — 21Tpfvﬂ> }LZ>>(21TfV’T])2 [5b]

Equation [5b] is an approximation, which is useful for
obtaining an analytical estimation of the optimum encod-
ing time in fractional MRE. It applies with good accuracy
to the viscoelastic parameter range explored by MRE of
liver or skeletal muscle (e.g., using some typical viscoelas-
tic values of w = 5 kPa and m = 2 Pas, as given in Ref. 34),
and yields with f, = 100 Hz an elasticity term p?* that is
about 16 times greater than the viscous term [2mf,n]*).

To account for spin dephasing during the time of motion
encoding (r,), we relate the PNR to the signal-to-noise ratio
(SNR) of a magnitude image (35):

2
PNR=— SNRyexp(— 7,/ T?), [6]

where SNR, represents the SNR for a sequence without
MEG, i.e., at 7, = 0. In SSFP-sequences SNR, is also
flip-angle-dependent and has to be optimized for each
investigated material and TR (35). In the following, SNR,,
is assumed to be constant for each material and SNR de-
creases due to T3, which is experimentally determined by
measuring the SNR by an increasing 7,. The elastography
equation combines Egs. [3], [5], and [6]. A simplified ex-
pression is obtained by using Eq. [5b]:

2 sin
PNRo yg;g (mf)
™ 1—-gq

2m?
SNRguoeXp< TS - q“), (7]
A -

which has its maximum at

1 1
TP = T+ T+ 8w2T§q£- (8]

Without viscosity, the highest PNR in MRE is ap-
proached when the optimum MEG duration (r¢*') equals
T3 (36), whereas 1¢"* is prolonged beyond T3 when 7 is
greater than zero.

Figure 4 shows the predicted PNR in fractional MRE for
two materials. It is apparent that the combination of low p,

high v, and short T3, as found in the liver, strongly sup-
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FIG. 4. Calculated PNR in fractional MRE
according to Eq. [7] of two viscoelastic ma-
terials modeling muscle (. = 5000 Pa, n =
2 Pas, T, = 17 ms) and human liver (u =
2000 Pa, m = 4 Pas, T, = 9 ms). Further
simulation parameters: uy = 100 um; g = 35
mT/m, SNR, = 10.

PNR

4 muscle
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liver

ports fractional motion encoding with lower g-values. For
example, using the parameters given in the caption of Fig.
4, the maximum PNR (at 7, = 'rgpt) is more than doubled
when g = % or Y2 (PNR = 2.1) is employed instead of the
conventional limit of ¢ = 1 (PNR = 1.0). In muscle, g = 7
(PNR = 8.0) causes a 1.5-fold decrease of the PNR com-
pared to g = Y2 (PNR = 12.8) or ¢ = 1 (PNR = 12.5). The
figure changes when a specific vibration frequency is de-
sired. For example, with f, = 50 Hz q = V4 yields a lower
PNR in both materials examined, while ¢ = % increases
the PNR in liver about 25% from 0.9 to 1.2 compared to
q = 1. This is in contrast to muscle tissue, where g =
and f, = 50 Hz yield lower PNRs than q > .. Since the
vibration frequency in SSFP-MRE is constrained by the
sequence TR, only certain parameter combinations are ex-
perimentally allowed. By neglecting the time of the imag-
ing gradients (i.e., 7, = Nr,) q equals 1/N. Thus the given
scenarios in Fig. 4 apply to the vibration schemes of N =1,
2, and 4 as shown in Fig. 1.

Experiments

All MRE experiments were performed on a 1.5 T scanner
(Magnetom Sonata; Siemens, Erlangen, Germany). For the
MRE image acquisition, we sensitized a conventional
bSSFP sequence to motion by inserting a trapezoidal, bi-
polar gradient with variable direction, frequency, and am-
plitude between the phase-encoding and readout gradi-
ents. We locked the vibration phase to the MR image
acquisition by triggering the wave generator at the start of
each N TR cycle, as indicated in Fig. 1.

Biceps

Fractional MRE with N = 1 was applied to the human
biceps using f, = 200 Hz, TR = 8.34 ms, and f, = 120 Hz
(g = 0.6) in a first experiment, and f, = 100 Hz, TR =
13.34 ms, and f, = 75 Hz (g = 0.75) in a second experi-
ment. Twenty wave images with alternating motion sensi-
tization were acquired to produce 10 phase contrast im-
ages Ag. The wave trigger was shifted 10 times to cycle 6
from w/5 to 2w. The acquisition of single images was
repeated after 2.5 s, yielding a total measuring time of 50 s.
Further sequence parameters were g = 20 mT/m along
slice selection, FOV = 250 mm, matrix = 128 X 128, slice
thickness = 5 mm, « = *50°, and coronal image plane
through the long axis of the muscle. Mechanical excitation

of the biceps of a 33-year-old healthy male volunteer was
achieved using an electromotive rocker unit as described
in Ref. 37. To derive the elastic parameters, we applied
shear-wave group-velocity inversion based on an auto-
matic detection of wavelengths along rays (34). Tolerance
margins were determined by the standard deviation (SD)
of data obtained from the same subject in eight different
sessions. We deduced T by fitting a monoexponential
curve to the mean signal decay in the muscle measured in
12 experiments by increasing 7, from 0 to 20 ms.

Liver

Two in vivo liver experiments were run with TRs of 9.85
and 13.2 ms corresponding to f, = 51 Hz, f, = 150 Hz, N =
2 (g = 0.34) and f, = 76 Hz, f, = 100 Hz, N = 1 (g = 0.76),
respectively. Twenty wave images were acquired and ei-
ther k-space reordering for reconstructing images A and B
(N = 2) or an inversed amplitude of the MEG (N = 1) was
applied so that 10 phase difference wave images A¢ were
reconstructed, representing a full cycle of 6. We synchro-
nized the acquisition with respiration by sampling five
images during one breath-hold of 16.6 s in a total of four
breath-holds. Further parameters were g = 35 mT/m along
the direction of slice selection, FOV = 300 X 244 mm,
matrix = 128 X 104 (resulting in approximately 13 and 10
pixels per shear wavelengths with f, = 50 and 75 Hz,
respectively), slice thickness = 10 mm, and a = =*=50°.
Transversal slices were positioned at the center of the liver
of a 34-year-old healthy male volunteer. For mechanical
excitation, one end of a transducer rod was mounted on a
vibrating loudspeaker with the other end attached to the
body’s surface in the vicinity of the lower tip of the liver
(38). The data were processed by extracting the first har-
monic vibration as a complex wave image from the Fourier
space at f, (10). The complex data were fed into a linear
inversion program based on an algebraic inversion of the
wave equation including viscosity (33). Off-resonance ef-
fects on the motion sensitivity (28) that caused biases of
the elastic modulus were found to be unimportant in the
tolerance margins of our inversion algorithm. The error of
the spatially averaged shear modulus was determined by
the SD of seven experiments performed in the same vol-
unteer on different days. The viscosity of the liver was
estimated by the dispersion function of the wave speed at
f, = 51 and 76 Hz (Eq. [5]). T% of liver was estimated in a
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manner similar to that described for muscle, but with T,
ranging from 0 to 16.6 ms.

Heart

In vivo myocardial bSSFP-MRE was applied using f, =
500 Hz and f, = 48.5 Hz (N = 4, ¢ = 0.1). These parameters
resulted in a sequence TR of 5.2 ms, which was empiri-
cally found as a trade-off between motion-encoding effi-
ciency and phase artifacts due to cardiac motion. The
sequence timing relative to the ECG signal is shown in Fig.
5. Nine phase-encoding steps per cardiac cycle were mea-
sured for each of the interleaved k-space data A, B, C, and
D, and one line in k-space was oversampled for reconstruc-
tion purposes. The choice of 36 lines representing a
187-ms imaging window allowed for four distinct phases
of the cardiac cycle (labeled as phases 1-4 in Fig. 5). Eight
heartbeats were needed to acquire the complete k-space of
the phase difference images calculated by A¢, = A
— Cand Ag, = B — D. The resulting phase difference
maps were combined to a complex quantity A¢ = Ag,
+ iA¢, based on the w/2 shift of the vibration phase
between A, and Ag,. The wave trigger was shifted 16
times with an increment A = 1/8 . Four breath-holds of
a 32-heartbeat duration were required to collect all of the
data. Further acquisition parameters were g = 30 mT/m in
the direction of slice selection, FOV = 400 mm, matrix =
128 X 64, slice thickness = 5 mm, and o = %50°. The
image plane was aligned with the IVS. Vibrations of a
loudspeaker were fed into a transducer rod attached to the
chest of a healthy 36-year-old male volunteer. The vibra-
tion level was adjusted to produce low to moderate forces
as assessed by the subjective impression of the volunteer.
The wave data of each of the four acquired complex car-
diac phases were temporally Fourier-filtered to separate
the main vibration component at excitation frequency. The
experiments were repeated four times on different days in
the same volunteer.

RESULTS
Biceps

T3 and SNR, of bSSFP on muscle were measured with
17 = 2 ms and 37 = 2, respectively. Using these parameters

QR S

together with u, = 200 pm, p. = 5 kPa, and v = 2 Pas, Eq. [7]
predicts an increase in PNR by a factor of 2.3 (from 30.1 to 70)
when f, is decreased from 120 Hz (1, = 5 ms, ¢ = 0.6) to 75 Hz
(t, = 10 ms, q = 0.75). The experimental consequence is
demonstrated in Fig. 6: While the phase signal does not
exceed = with a 120-Hz vibration frequency, aliasing of ¢ is
produced with 75 Hz vibrations. Additionally, signal deteri-
orations are visible in the magnitude image of Fig. 6b at
positions, where ¢ approaches *=m. This effect is seen in
bSSFP-MRE as a vibration-induced banding similar to field
inhomogeneity-induced signal dephasing (29). The larger
phase response in Fig. 6b is caused by increased mechanical
deflection (from 50 pm to 150 wm) combined with a higher
encoding efficiency (=9%). While the first is a result of
viscosity, the higher sensitivity of the sequence to the in-
duced motion is caused by g = 0.75, which is in closer
proximity to the position of the maximum of ¢, as shown in
Fig. 3. The wave pattern in the biceps show anisotropic wave
propagation with ¢ = 2.27 = 0.19 m/s and 5.28 *+ 0.45 m/s for
the wave speeds perpendicular and parallel to the muscle
fibers. A dispersion of the measured wave speeds due to
viscosity was not found, and viscosity was thus estimated to
be in the range of 2 Pas, causing an error of the shear moduli
below the experimental accuracy. Accordingly, shear moduli
were derived from the perpendicular and parallel wave
speeds with 5.2 = 0.9 kPa and 28.1 *+ 4.8 kPa, respectively,
assuming a tissue density of 1000 kg/m?®.

Liver

T and SNR,, were determined with 9 = 1 ms and 11 * 1.
Using these values in combination with u, = 100 pm, p =
2 kPa and v = 4 Pas, Eq. [7] yields an increase in PNR from
0.1 to 0.9 by decreasing the vibration frequency from 76 Hz
(g =0.76, N = 1) to 51 Hz (g = 0.34, N = 2), as indicated
by in vivo MRE experiments of the human liver (Fig. 7). In
those experiments the SNR,, of the reference experiment
(Fig. 7a) decreased to approximately 3.5 (Fig. 7b) and 2.5
(Fig. 7c) due to the insertion of the motion sensitization
gradient. However, the magnitude signal was sufficiently
high for an evaluation of the phase signal. The maximum
deflection amplitude was 80 pm with f, = 50 Hz and
20 wm with f, = 75 Hz. The wave data revealed a wave
speed cat f,, = 0 (i.e., corrected for viscosity) of 1.55 * 0.13
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FIG. 6. bSSFP-MRE experiments on human bi-
ceps using (@) 120-Hz and (b) 75-Hz shear wave
excitation with one vibration cycle per TR (N = 1).
Magnitude images are shown on top, and normal-
ized phase difference images are shown at the
bottom. In b signal voids occur due to large-de-
flection-amplitude-related + phase accumulation
per TR.

m/s and a corresponding shear modulus of 2.66 = 0.48
kPa, assuming a liver tissue density of 1100 kg/m?® (39).
The viscosity estimated from the dispersion of the wave
speeds at 50 Hz and 75 Hz was 4 = 1 Pas.

Heart

Figure 8 demonstrates the feasibility of fractional MRE for
detecting shear waves in the living human heart. Using
cine bSSFP-MRI we found that the IVS largely remains
within the image plane throughout the entire heart cycle.
The position of the IVS at the start and end of each frac-
tional MRE image acquisition is marked in Fig. 8a. The
consecutively acquired phase difference images with
180-ms temporal resolution (phases 1-4) displayed in Fig.
8b show a transverse wave with normal propagation from
the apex toward the aortic valve. The maximum deflection
amplitude was estimated at 40 pm (without accounting for
phase shifts due to the imaging gradients). Without vibra-
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tions, no phase signal was obtained after the phase images
A-C and B-D were subtracted. 3D animations provided by
request from the authors illustrate the externally enforced
vibrations of the segmented IVS at different cardiac
phases. The animations were assembled from 16 frames
displaying a calculated increment of 1/8m of the propagat-
ing wave phase. The septum is shown without surround-
ing tissue from a perspective view of 30° in-plane rotation
and a 15° latitude tilt. The file names phase1l.avi, phase2.avi,
phase3.avi, and phase4.avi correspond to the time resolu-
tion during the cardiac cycle shown in Figs. 5 and 8. A
comparison of the IVS vibrations indicates differences in
the appearance of the waves at different cardiac phases.

The wave speed was one-dimensionally estimated by
profiles along the wave normals indicated by the arrows in
Fig. 8b. It was found that in all four phases of the cardiac
cycle the detected wave propagates with a similar speed of
2.5 = 0.4 m/s.
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DISCUSSION

This study demonstrates that fractional motion encoding
improves the PNR in MRE of human liver and enables the
measurement of externally induced vibrations in the myo-
cardium. The main benefit of fractional motion encoding is
that it reduces spin dephasing prior to the signal readout.
To achieve that goal, other investigators proposed using
the readout gradients for motion sensitization, which al-
lows a match of 7, and 1, (28,40,41). However, since in that
approach the sensitivity of the sequence to motion is depen-
dent on the receiver bandwidth, the need for high SNR de-
creases the ¢ and thus the PNR. Additionally, only in-plane
motions can be captured, which limits the applicability of
MRE if specific wave field components have to be acquired.

The benefit of using only fractions of vibration cycles for
motion encoding is derived from Eq. [7], which combines
viscoelasticity and T3-spin dephasing but does not ac-
count for TR-dependent steady-state perturbations. There-

Rump et al.

FIG. 7. In vivo bSSFP-MRE ex-
periments in human liver. a: Ref-
erence bSSFP image acquired in
a transversal plane without apply-
ing motion-sensitizing gradients.
Also shown are bSSFP-MRE ex-
periments at the same image slice
position with (b) f, = 51 Hzand N
=2,and(c)f,=76Hzand N = 1.

fore, in general one should choose a shorter MEG in
bSSFP-MRE than the one predicted by 79" (Eq. [8]). How-
ever, the proposed parameter combinations of f, and N
represent experimentally suitable values that may change
when other sequence protocols or acoustic drivers are
used.

The reproducibility of our data was tested in several
follow-up studies performed on different days. It was
found that the location of the actuator plays an important
role in producing reproducible wave patterns in the bi-
ceps, liver, and heart. For example, in myocardial MRE,
strong vibrations of the chest can cause a dominating rigid
translation of the IVS that blinds out weak shear deflec-
tions. The optimization of the actuator mechanics in myo-
cardial MRE is still being developed. The determined
wave speed of 2.5 = 0.4 m/s for all phases of the cardiac
cycle is a preliminary result. Employing a simple plate
model of wave motions in the IVS indicates a strong de-

640 820

t [ms]

0.1 0.2 Ag [rad]

FIG. 8. Transmural wave in the IVS of a volunteer externally induced by 50-Hz vibrations of the chest. a: cine bSSFP-MR images for
anatomical reference. The position of the IVS is demarcated by the red line. In this region the myocardium remains within the image plane
of 5-mm thickness. b: Real part of the complex phase-difference contrast images with approximately 180-ms temporal resolution showing
the externally induced vibration in the IVS (u ~ 40 wm). White arrows indicate the direction of wave propagation that is visible in animations

that correspond to each phase image and are provided.
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pendency of the elasticity on the plate thickness (22). The
thickness of the septum varied between 7 and 16 mm from
late diastole to systole, which correlates to elasticities be-
tween 27 and 5 kPa, respectively. These values represent
initial estimations of the expected range of elasticities in the
living human heart septum. Recent results of other investi-
gators (42,43) also indicate a wide range in the elasticity of
the IVS, which underscores the need for further research.

In summary, fractional MRE provides a rapid means of
mechanically testing soft and viscous materials combined
with short T, relaxation times. It was theoretically shown
that fractional motion encoding can double the accumu-
lated motion phase in liver-like materials. The proposed
fractional bSSFP-MRE experiment can be run on liver
within a few breath-holds. In muscle tissue the benefit of
fractional motion encoding is lower in terms of phase
signal gain; however, a 10-fold acceleration of elasto-
graphic studies can be achieved compared to standard
gradient-echo MRE methods (37). In the presence of blood
flow or heart motion, the proposed technique enables the
detection of specific components of externally introduced
shear vibrations. Thus, fractional MRE uniquely provides
a method for in vivo myocardial MRE.
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