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MR Elastography of the Human Heart: Noninvasive
Assessment of Myocardial Elasticity Changes by Shear

Wave Amplitude Variations

Ingolf Sack," Jens Rump,' Thomas Elgeti,' Abbas Samani,2? and Jiirgen Braun*

Many cardiovascular diseases and disorders are associated
with hemodynamic dysfunction. The heart’s ability to contract
and pump blood through the vascular system primarily depends
on the elasticity of the myocardium. This article introduces a
magnetic resonance elastography (MRE) technique that allows
noninvasive and time-resolved measurement of changes in
myocardial elasticity over the cardiac cycle. To this end, low-
frequency shear vibrations of 24.3 Hz were induced in the hu-
man heart via the anterior chest wall. An electrocardiograph
(ECG)-triggered, steady-state MRE sequence was used to cap-
ture shear oscillations with a frame rate of eight images per
vibration cycle. The time evolution of 2D-shear wave fields was
observed in two imaging planes through the short axis of the
heart in six healthy volunteers. Correlation analysis revealed
that wave amplitudes were modulated in synchrony to the
heartbeat with up to 2.45 = 0.18 higher amplitudes during di-
astole than during systole (interindividual mean = SD). The
reduction of wave amplitudes started at 75 = 9 ms prior to
changes in left ventricular diameter occurring at the beginning
of systole. Analysis of this wave amplitude alteration using a
linear elastic constitutive model revealed a maximum change in
the myocardial wall stiffness of a factor of 37.7 = 10.6 during the
cardiac cycle. Magn Reson Med 61:668-677, 2009. © 2008
Wiley-Liss, Inc.
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Heart failure is a progressive disorder in which damage to the
heart causes weakening of the cardiovascular system. It has
emerged as a growing health problem that is likely to reach
epidemic proportions in developed countries. Among indi-
viduals aged 55 years, almost one in three will develop heart
failure during their remaining lifespan. Heart failure contin-
ues to be a fatal disease, with a survival rate below 35% 5
years after the first diagnosis (1,2). Early detection of heart
failure is an important prerequisite for reducing the mortality
rate associated with cardiovascular impairment (3). Assess-
ment of ventricular pressure dynamics has been found to be
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crucial for the diagnosis of heart failure and the prediction of
cardiovascular health risks (4). While systolic function is
described by the ability of the myocardium to actively con-
tract and thus to generate pressure, diastolic heart function is
characterized by myocardial relaxation. Systolic function
can be easily assessed by calculating the ejection fraction
using echocardiography or magnetic resonance imaging
(MRI). It has been observed that in over 50% of patients with
heart failure, diastolic cardiac function is limited, while sys-
tolic function is preserved (5). Diastolic dysfunction can be
the result of a large variety of diseases ranging from hyper-
tension, diabetes, and ischemia to infiltrative diseases such
as myocarditis, amyloidosis, or restrictive cardiomyopathy
(6,7). Presently, it is difficult to detect dysfunction of dia-
stolic ventricular filling noninvasively. Echocardiography
and MRI can accurately determine morphology, volume, and
volume fractions of the heart together with their spatial and
time derivatives, strain, and velocity (8—13). MRI also dem-
onstrates alterations in tissue composition (edema, necrosis,
scar) and perfusion (7). However, the most important func-
tional characteristic of the heart—the alteration of ventricular
pressure between systole and diastole—is not amenable to
assessment without techniques capable of measuring forces
in response to regional myocardial pressure (14). Shear-
wave-based elastography allows noninvasive palpation of
tissue deep inside the body in order to assess the tissue’s
shear modulus, which characterizes its shear deformation
resistance to harmonically oscillating shear forces (15,16).
Recently, Rump et al. (17,18) demonstrated the feasibility of
observing externally induced shear vibrations in the living
human heart using MRI elastography (MRE). This work was
based on fractional encoding of shear oscillations in the
frequency range of 50 Hz using balanced steady-state free
precession (bSSFP) MRE. Although the propagation of shear
waves through the interventricular septum was visualized in
a time-resolved fashion, wave propagation speed (and thus
myocardial elasticity) was difficult to determine. The deduc-
tion of elastic moduli from shear waves by inversion algo-
rithms, as traditionally done in MRE, is often compromised
by noise and unknown boundary conditions. These effects
are mitigated by high wave numbers. However, high wave
numbers require high driving frequencies, which in turn
result in strongly damped wave amplitudes due to the vis-
cous properties of soft biological tissues. For instance, a
50-Hz vibration would result in myocardial oscillations with
wavelengths of about 10 cm assuming an isotropic shear
elasticity of 30 kPa (19). Such large wavelengths are not
suited for determining regional myocardial stiffness by inver-
sion-based MRE.

To address this deficiency, a technique is introduced here
that measures wave amplitude variations (WAV) resulting
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from the superposition of externally induced vibrations and
intrinsic elasticity changes. First, it is demonstrated in a
phantom study that WAV-MRE is capable of determining the
position and the relative amount of elasticity alteration de-
spite the occurrence of reflections and wave damping. Sec-
ond, cardiac WAV-MRE based on fractional motion encoding
of low-frequency vibrations (24.3 Hz) is applied in six
healthy volunteers. In this feasibility study, a very high tem-
poral resolution of 5.16 ms achieved by segmented k-space
acquisition is used to separate enforced oscillations from
intrinsic heart motion. Then, the time evolution of the WAV
effect (i.e., wave amplitude alterations between diastole and
systole) is compared with left ventricular (LV) morphology
determined by cine-MRI in the same volunteers. Finally,
preliminary elastic modulus ratios between systole and dias-
tole are presented.

THEORY

The fundamental theoretical development of this study is
based on the concept of energy flow through the heart
characterized by a constant flux of elastic wave energy:

(F) = (E)c = const. [1]

where (F) and (E) denote the time average of the flux of
energy and energy density. F is sometimes called the
“wave intensity” in the literature, and c¢ represents the
velocity of the “flow” of energy per unit area per unit time
that is transported by elastic waves. Assuming time-har-
monic plane waves of amplitude U and angular driving
frequency w, the following relation can be obtained for the
average of F over a wave oscillation period (20):

1
(F) = EpCUZ(,OZ. [2]

where p is the density that is assumed to be 1 kg/liter in
this study. A more general field representation of the elas-
tic wave intensity that allows for compressional and trans-
verse wave modes is given in the Appendix. Here, we
continue with the assumption that Uin Eq. [2] is the scalar
magnitude of wave polarization U given by U = \/W
j€{1,2,3} corresponding to the Cartesian coordinates
{x,y,z}. Furthermore, (F) is considered to be transported by
either compressional (¢ = c¢;) or shear waves (¢ = cr; see
appendix). Equation [2] shows that the time average of the
intensity of the waves depends on both the wave velocity
and the square of polarization magnitude U. Thus, the
ratio of U at two different time points, t; and ¢,, during the
cardiac cycle equals the square root of the inverse wave-
speed ratio: U(t,)/U(t,) = [c(t,)/c(t,)]V? In shear-wave-
based elastography, the assumption of incompressibility of
soft biological tissues is well established. Mathematically,
incompressibility is represented by a limit where the first
Lamé coefficient N\ is infinite and the ratio ¢ (t,)/c.(t,)
equals one; i.e., no wave amplitude change occurs due to
compressional waves. In contrast, the ratio of shear mod-
ulus p at t; and t, yields the following power relationship
with the amplitude ratio at t; and t,:
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This equation provides the possibility to measure myo-
cardial elasticity changes during the cardiac cycle based
on shear wave amplitude variations. The proportionality
U* ~ p implies a relatively low sensitivity of shear wave
amplitudes to shear modulus changes in WAV-MRE; how-
ever, given the large LV pressure change that occurs during
the cardiac cycle (up to a factor of 40 [21,22]), we expect to
see an amplitude variation in the order of 2.5. It will be
shown that such variation is relatively easy to detect using
MRE. Equation [3] represents the simplest relationship
between elasticity and wave amplitude ratios. To account
for spatial variations of parameters in Eq. [3], one has to
consider reflections on elastic interfaces as outlined in a
phantom study by Papazoglou et al. (23). In this study, we
test the influence of reflections and damping on Eq. [3]
using a two-layer phantom. Therefore, t is substituted by a
spatial axis x with t, — x,,;; and t, = x,,;, and the ratio of
wave amplitudes is evaluated along x.

Evaluation of Experimental Wave Amplitudes

In cardiac MRE, oscillatory vibrations are simultaneously
encoded with blood flow and intrinsic heart motion.
Therefore, it is important to eliminate intrinsic contribu-
tions to the spin phase from externally induced vibrations.
This goal was achieved in two steps. First, the time deriv-
ative of the spin phase signal was evaluated, which sup-
presses slow heart motions. Second, a correlation of the
remaining phase signal with time-harmonic oscillations of
the driving frequency was obtained. The latter extracts the
signal oscillating with the frequency of the wave source.
The time derivative of the spin phase is calculated from
raw phase data ¢(f) using the following equation:

dexplid(1)]

$(t) = — iexp[ - f¢(t)]T (4]

This method avoids the elaborate phase unwrapping
usually needed in MRE, since &(f) is in the range of
€ [—o,], whereas the initial ¢(f) is in the range of
€ [0,2m]. &(t) represents phase oscillations linearly scaled
by their frequency. These oscillations are transformed to
displacement velocity 11,(f) using a factor derived for frac-
tional MRE by incorporating a single-cycle sinusoidal mo-
tion-encoding gradient (MEG) (17):

J 'YnggSin("Tq)’ 1 T,

In this equation, T, is a vibration period (27/w); 7, and g; are
the duration and amplitude of the MEG, respectively; and +y
denotes the gyromagnetic ratio. The wave amplitude compo-
nent U; is obtained by calculating a complex correlation of 1;
with time-harmonic oscillations of the driving frequency:

T4ty

U,-(T)=% J (1) exp (iwt)dt 6]

T
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FIG. 1. Scheme of data process-
ing used for myocardial MRE.
Gray boxes indicate image data
with corresponding image num-
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correlation §
(equation 7)

Here, the temporal resolution of U(T) is determined by
the duration of a single vibration cycle, i.e., its resolution
is reduced by the number of the acquired wave images per
7,. In our experiments, 360 images of u/(t) were acquired
within 45 vibration periods, yielding an eightfold resolu-
tion reduction in U(T) compared to 1,(f) as shown in Fig.
1. The amplitude of U(T) (U(T) = V/5,'(],-(71)2) is the quan-
tity we use in Eq. [3] to investigate myocardial stiffness
changes. Such changes occur primarily within contracting
tissues. Therefore, it is important to identify regions where
U(T) changes during the cardiac cycle in order to identify
regions of contracting myocardium and to segment them
from blood and surrounding noncontracting tissues. In the
following, a discrete form of U(T), U,, is analyzed by
correlation S, which is defined as follows:

N N
> U,S, >SS,
A n=1 n=1
S= - ;
N N N
DU SE (INDS?
n=1 n=1 n=1

0 s tstart?systo]e . T = tendﬁsysta]e [7]
1 :tstartfdmstole =T= tendﬁdiastole

o

Here, N is the number of points in U (45 in our experi-
ments) and S is a step function defined on the basis of the
duration of systole and diastole. For segmentation purposes,
it is desirable that § becomes nonzero (within a small range)
for points within contracting tissues and zero for points cor-
responding to noncontracting tissues. The first term in Eq. [7]
yields the normalized correlation between U, and S, which
is a nonzero value for contracting tissue points. For noncon-
tracting tissues, however, the first term does not yield zeros.
Consequently, the second term was subtracted, which can be
shown to result in approximately zero values of S for tissues
that have a rigid body motion contaminated with noise.
Therefore, in the following study, the shear modulus ratio in
Eq. [3] is analyzed within regions of $ > 0. Figure 1 illustrates
all steps of image processing applied for identifying regions
of wave amplitude variations associated with myocardial
contraction.

MATERIALS AND METHODS
Phantom Study

A gel phantom was constructed from two layers of Wirogel
(Bego Inc., Bremen, Germany) placed in a 20-cm-long plastic
tube with an 18-cm diameter. Upper (stiffer) and lower
(softer) layers were made from 3% and 0.25% gel/water
mixtures, respectively. In the first experiment, a vibration
transducer plate (11.0 X 11.0 cm) was attached to the phan-
tom’s surface, while in the subsequent experiment the entire
tube was vibrated. The vibration frequency in both experi-
ments was 32.35 Hz. Both of these phantom experiments and
the subsequent in vivo heart MRE experiments were con-
ducted to test the proposed WAV-MRE technique in the
presence of wave reflections and wave damping with differ-
ent degrees of both effects. Experiments were run on a 1.5-T
scanner (Siemens Sonata; Siemens Erlangen, Germany). A
modified spin-echo echo-planar imaging (EPI) sequence (24)
was used that incorporated a single-cycle sinusoidal MEG
with a frequency matched to the vibration frequency. The
direction of motion sensitization was consecutively changed
in order to capture all vector components of the displace-
ment field u;. Twenty images were acquired with toggled
motion sensitization gradients in each second acquisition for
calculating 10 phase-difference wave images. The delay be-
tween the start of the motion and the MEG was increased
with 7,/10 for each phase-difference image. The wave field
magnitude, U, was determined by a temporal Fourier trans-
formation of u(t) using U = \/5;;|u(m)j|z.

In Vivo Cardiac MRE

In vivo studies were performed in six healthy male volun-
teers aged 32, 33, 35, 35, 37, and 46 years, numbered 1-6
in the following.

A remote oscillator described in Ref. 25 was used to
vibrate the chest. A 2.5- to 3.0-m-long transducer piston
was mounted in the center of the oscillator membrane,
while the proximal end rested on the center of the volun-
teer’s chest, held down by its own weight (=1.5 kg) (26).
The vibration in the anterior—posterior (A-P) direction was
synchronized to the repetition time (TR) of the MRE se-
quence with one sinusoidal burst of 41.28 ms in length
(consistent with the 24.3 Hz driving frequency) after every
eighth TR. The vibration amplitude was approximately
1.5 mm on the surface of the chest.
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A six-channel body phased-array coil was used in combi-
nation with an electrocardiograph (ECG)-gated, spoiled gra-
dient-echo sequence (27) (flip angle of 15°) for parallel acqui-
sition of phase-contrast wave images. Motion sensitization
was achieved by a 2-ms single-cycle trapezoidal MEG be-
tween phase-encoding and readout (Fig. 2), yielding a TR of
5.16 ms. The MEG amplitude was 35 mT/m in the readout
direction and 25 mT/m in the direction of phase encoding
and slice selection. In the following, the Cartesian reference
frame is assigned to the MRI gradient system with the vector
components x; for readout, x, for phase encoding, and x; for
slice selection (Fig. 3a). Oscillation was sequentially cap-
tured by a series of 360 phase images and a temporal resolu-
tion of 5.16 ms, resulting in an observation time of 1.86 s.
During this time at least two systolic heart phases are cap-
tured; however, fewer phase images might be acquired in
future applications. For sequential vibration encoding, seg-
mented k-space acquisition was applied with one phase-
encoding step per ECG trigger. A total of 34 encoding steps
were needed for a full image reconstruction because we used
twofold generalized autocalibrating partially parallel acqui-
sition (GRAPPA) acceleration and interpolation of k-space
from 64 to 128 lines. Matrix size, FOV, and slice thickness
were 128 X 128, 320-340 mm, and 5 mm, respectively.
Twenty TRs were needed prior to acquisition in order to
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reach steady-state conditions (labeled “transient” in Fig. 2).
The total acquisition time of approximately 2.5 min for each
component u; results from 34 repetitive scans of 1.9608 s
duration each ([360 + 20 transient TRs] X 5.16 ms) per-
formed during breath-hold at end-expiration followed by a
short delay of approximately 2.5 s for respiration. Our stan-
dard protocol consisted of five experiments, one of which
was a reference experiment conducted without vibration by
sensitization along the slice selection direction. The other
experiments were three MRE experiments with consecutive
sensitization of all components u; followed by one conven-
tional, retrospectively gated cine-MRI. The latter was ac-
quired for comparison of wave data with intrinsic heart mo-
tion. To assess the variability of cardiac MRE, the protocol
was applied twice in each volunteer with different image
slice orientations in the short-axis view. The distance of both
image slices was between 18 and 29 mm. In the following,
these slice positions are referred to as slice position 1 and
slice position 2 as shown in Fig. 3b.

RESULTS
Phantom Experiments

Figure 4a and b show transverse images of the magnitudes
of shear waves induced (a) via plate actuator from the top

FIG. 3. a: Cartesian coordinate
frame x as defined by the imaging
gradients along the directions of
read, phase, and slice selection.
The labels 1 and 2 refer to the
image slice positions used in this
study. b: A typical setup of the
two image slice positions used in
this study.
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FIG. 4: Phantom experiment to demonstrate the effect of elastic heterogeneity on shear wave amplitudes. A two-layer phantom with
horizontal interface and a higher stiffness in the upper than in the lower part was used for experimentally modeling spatial wave amplitude
variations. The figure shows the magnitudes of wave amplitudes induced by a plate actuator from the top (a) and by the vessel walls (b)
as demarcated by white lines. c: Profiles through a and b at the position of the arrows x, horizontally averaged along y. The dotted lines
in ¢ were used to estimate the change in shear wave amplitudes at the elastic interface.

and (b) via the surrounding container walls. It is clearly
visible that bulk waves penetrate the material more uni-
formly in image b than in image a. The higher attenuation
of the waves in Fig. 4a than in b can be attributed to the
more localized wave excitation in image a, and to the
higher degree of reverberations in image b due to the
cylinder-shaped vibrating boundaries. Wave lengths mea-
sured were 120 = 5 mm in the stiff gel and 22 + 3 mm in
the soft gel, yielding wave speeds of 3.9 = 0.2 m/s and
0.7 = 0.1 m/s, respectively. The resulting shear moduli are
thus pgir = 15.2 = 1.6 kPa and pgon = 0.5 = 0.1 kPa. As
such, it follows from Eq. [3] that the expected wave am-
plitude ratio is 2.4 * 0.2. Figure 4c shows vertical profiles
of the wave amplitude magnitudes through the phantom.
The horizontal auxiliary lines shown in this figure indicate
the degree of the amplitude difference at the interface
position. The distance between the auxiliary lines is
0.77 mm, yielding an approximated amplitude ratio of 2.5,
which confirms our modulus predictions made above. One
important observation in this phantom study is the depen-
dence of the wave amplitude ratio on the tissue penetra-
tion by the waves. While in Fig. 4a the ratio decreases
sharply with distance from the interface, the ratio in b
better preserves the information about elasticity differ-
ences beyond the interface. However, similar to what is
seen in Fig. 4a, the correct amplitude ratio in b is best
calculated by considering their maximum increase within
a local window of = 10 mm at the interface position. This
supports the need for determining the position of the WAV
effect prior to quantification of elasticity ratios as a means
to account for attenuation.

In Vivo Wave Amplitude Variation

Figures 5 and 6 demonstrate the principles of data analysis
in cardiac WAV-MRE compared to the simultaneously ac-
quired oscillations in the chest of a volunteer. Figure 5a
shows phase signal oscillations in the through-plane di-
rection spatially averaged in two ROIs of similar size: one
in the subcutaneous tissues of the upper chest, and the
other determined by the systolic boundaries of the LV. The
signal acquired without externally induced vibrations is
represented by the thick line superimposed on the thin
line representing the oscillations. The temporal resolution
is equal to the TR of 5.16 ms. Visual comparison of the
dynamics of oscillations in the chest and the myocardium
reveals constant maximum wave amplitudes in the chest,
while LV oscillation amplitudes change due to intrinsic
myocardial motion, which is encoded in the reference
signal. Figure 5b shows that noise is somewhat increased
in the temporally filtered ¢(f) compared to ¢(t). However,
the modulation of wave amplitudes over the cardiac cycle
is better visualized in ¢(f) than in ¢(f). In order to demon-
strate the phase oscillations of ¢(t) in Fig. 5a, phase wraps
were removed by conventional 2D phase unwrapping. In
contrast, no phase unwrapping algorithm was used prior
to calculating &(t) from Eq. [4], as shown in Fig. 5b. As a
result, the LV wave amplitude variations shown in Fig. 5a
are enhanced while intrinsic motion is suppressed.
Quantification of the wave displacement pattern is dem-
onstrated in Fig. 6, where U; was calculated from &(t) Egs.
[5] and [6]. In this figure, U; corresponds to data shown in
Fig. 5, while U,, U, and the magnitude U are shown for
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FIG. 5. a: Phase signal oscillations due to external vibrations seen in the heart and subcutaneous tissue of the upper chest of a volunteer
(through-plane motion sensitization). b: Time derivative of ¢(t) of the heart shown in part a. Fat lines indicate reference experiments without

vibrations.

both the chest and LV ROIs. The temporal resolution of
these graphs is 41.28 ms as determined by 7,. These results
indicate that the largest displacement component in the
chest is U,, which is closer to the A-P vibration direction
of the transducer than U and U,;. Wave polarization is
changed in the heart, where U, is approximately equal to
U,. However, wave polarization was found to be different
in each volunteer, which underscores the need to acquire
all three wave components for quantifying elastic ratios.

Quantification of Elastic Ratios

Figure 7 shows images of the temporally averaged am-
plitudes (calculated from magnitude U), and their cor-
relation with the gating function of diastole, S, for a

U, (read)
— U, (phase)

” T e s (sllce)
...‘ CCRATT TP LR CNSALLLTRTE — 7 (magn]

x 103

...............

chest

08}

U, [m]

06}

04}

heart (LV)

02

T [sec]

FIG. 6. Wave components in chest and heart averaged within the
same ROlIs used in Fig. 5a. The Us displacements (through-plane
motion sensitization) were derived by inserting the ¢(t) signals
shown in Fig. 5a into Egs. [4]-[6].

volunteer in both slice positions. In all experiments,
significant wave intensity was observed over a large area
of the chest. Wave penetration of the heart was found to
be heterogeneous and different in all subjects. S -maps
indicate a significant wave amplitude alteration only
within the heart and in larger blood vessels. The regions
of blood flow tend to have negative S -values, while

image slice #1

image slice #2

E -
=
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FIG. 7. Anatomical information in the two image slices used in this
study, MRE wave displacement magnitudes, and S correlations (cf.,
Fig. 1) in a volunteer. The MRE wave amplitudes show the temporal
average of U(T) during systole. Dashed lines plotted on S images
indicate outer boundaries of the entire heart during systole, while
dotted lines demarcate the used ROI, which is defined by points with
§ > 0 within the systolic region of the heart (see text for further details).
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FIG. 8. Individual shear wave amplitudes U(T) (a) and LV diameters (b) normalized by their values during systole and diastole, respectively.

The time axis is relative to the individual ECG signals.

most of the myocardium has higher $ -values than sur-
rounding noise. However, it is generally not possible to
separate the myocardium from blood by means of S
because 1) there is blurring of heart boundaries due to
intrinsic cardiac motion, and 2) the variation of shear
wave amplitudes is not entirely localized to the position
where the elasticity change occurs due to attenuation, as
observed in the phantom experiments. The wave ampli-
tude alterations within the blood may also be caused by
surface and boundary effects from surrounding walls
(20,28). Such effects combined with blood flow and
wave attenuation render the quantification of elasticity
ratios rather complex. Reproducible results were ob-
tained by averaging WAV over the ROIs of image slices
1 and 2 given by § > 0 and the systolic heart bound-
aries (see Fig. 7). This choice of ROI precludes points of
negative WAV (S < 0), which we attribute to intrinsic
motion and blood flow. Accordingly, the WAV ratio
between diastole and systole, U(diastole)/U(systole),
was determined at 1.58 * 0.06. Thus, the cardiac shear
modulus variation, p(diastole)/ w(systole), was derived
from U(T) by Eq. [3], yielding a ratio of 6.3 = 0.9. The
maximum WAV determined at points corresponding to
max(S) was about 1.5 times higher with 2.45 = 0.18,
which corresponds to a shear modulus ratio of 37.7 *
10.6.

Time Course of Amplitude Variations

In Fig. 8a, the evolution of wave amplitude variations is
plotted against a normalized time relative to the R-peaks of
the ECG. It is seen that the wave amplitudes start to de-
cline instantaneously at the beginning of systole, indicated
by the R-peak. Comparison of the U(T) curves with the
relative diameter of the LV (gLV(T), Fig. 8b) indicates that
the decline of U(T) precedes ventricular contraction. Indi-
vidual data are given in Table 1. Delays between end-
diastolic elasticity changes and heart motion are listed in
column A of this table. These values show that myocardial
stiffness increases at 75 = 9 ms before geometrical changes
are visible in the short-axis view, which indicates an iso-
volumetric tension phase. Column B lists the late systolic
delay between elasticity change and motion. The in-
creased delay of 159 * 23 ms indicates that the ventricular
contraction rate is slower than the myocardial tension
increase rate during early systole. The last two columns of
Table 1 list the time of muscle contraction and relaxation
in each volunteer. Values of 204 += 30 and 332 = 38 ms
underscore the asymmetry of these processes, which is
also suggested by the graphs in Fig. 9. In this figure, the
mean and standard deviation (SD) of all volunteer studies
in slice 1 is represented by the amplitude ratio (a) and the
modulus ratio (b). The aforementioned isovolumetric ten-

Table 1
Time Course of Wave Amplitude Variations and Duration of the Cardiac Cycle of Each Volunteer
Volunteer # Cardiac Cycle A B C D
1 83 89 + 10 137 = 18 184 =12 392 + 65
2 81 73+ 4 137 + 13 251+ 6 287 + 14
3 102 63 + 12 152 = 27 205 = 18 349 + 45
4 73 70 £ 10 164 = 3 187 = 22 312 £ 43
5 87 73 + 26 166 = 15 227 + 18 303 + 23
6 90 82 + 64 197 = 18 172 =13 347 = 16
Mean 86 = 10 759 159 = 238 204 = 30 332 + 38

All values are given as mean + SD ms. A: Delay between wave amplitude reduction and start of LV contraction. B: Difference between the minima
of wave amplitudes and LV diameters. C: Time from R-wave to maximum myocardial tension. D: Tension relaxation time. These parameters were
manually measured by three operators using the data displayed in Fig. 9. The bottom row gives the interindividual mean = SD.
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FIG. 9. a: Mean values of the
individual shear wave amplitudes 1.8}
shown in Fig. 8a (image slice 1)
with error bars corresponding to
the SD in six volunteers. The thick
line represents the mean values of
LV diameter in all volunteers (cf.,
part b). b: Mean values of all indi-
vidual shear elasticity changes
normalized to elasticity during di-
astole (error bars represent the
SD) obtained from inserting the 1k
shear wave amplitude ratios in
part a into Eq. [3]. The labels A-D
correspond to columns 3-6 in Ta-

U(T) /! U(systole)

0.8
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sion and late systolic motion delay are clearly visible in
Fig. 9a (in comparison to the mean gLV curve). Initial low
ratios in Fig. 9a and high ratios in Fig. 9b are presumably
caused by the transient phase-signal response of steady-
state MRE as visible in the chest signal of Fig. 5a.

DISCUSSION

It was demonstrated that WAV-MRE enables noninvasive
measurement of myocardial elasticity changes. Few ultra-
sound studies in the literature have addressed myocardial
elastography using the inherent contractile function of the
heart as the mechanical stimulus (29,30). Kanai (19) mea-
sured viscoelastic values of the myocardium (n = 24-30
kPa) by exploiting wall vibrations after aortic valve clo-
sure. Rump et al. (17) derived preliminary elastic param-
eters between 5 and 27 kPa at four instances during the
cardiac cycle using, for the first time, external vibrations in
conjunction with MRI. In contrast, WAV-MRE measures
the dynamics of relative elasticity changes, which is hard
to compare with absolute elasticity values measured at
single (19) or very few time points (17). It is well estab-
lished that the change in myocardial stiffness is directly
related to the change in intraventricular pressure (31). The
maximum elasticity variation measured in our study
(37.7 = 10.6) is comparable to interventional catheter re-
sults showing an increase in LV pressure of about a factor
of 33 * 11 in normal male controls (21,22). Furthermore,
time A (75 = 9 ms) given in Table 1 corresponds to the
invasively measured isovolumetric contraction time,
which is known as the delay between the increase in
intraventricular pressure and the decrease in LV diameter
(or volume) (32). Very similar values were obtained by
echocardiography (33) and invasive catheter measurement
(32), indicating that the experiment presented here is po-
tentially capable of noninvasively mapping ventricular
pressure evolution during the cardiac cycle. Measurement
of wave amplitude modulations with sufficient time reso-
lution is an important step in cardiac MRE. The fractional
MRE sequence proposed here enabled us to acquire eight
phase images during one tissue vibration cycle. However,
this excellent temporal resolution of almost 5 ms came at
the expense of the SNR, which was reduced by a large

time (# R - peak)

bandwidth together with an incompletely spoiled residual
magnetization. Furthermore, extensive k-space segmenta-
tion required repeated breath-holding during each phase-
encoding step. In a future variation of the proposed proto-
col, the number of images can be reduced so that the
recorded oscillations do not exceed one cardiac cycle.
Further optimization with regard to k-space sampling and
parallel imaging might reduce acquisition times to less
than 20 s, which would considerably improve the appli-
cability of cardiac MRE in patients as it eliminates the
need for repeated breath-hold sampling. For possible fu-
ture patient studies, it is worthwhile to mention that none
of the volunteers reported discomfort from mechanical
actuation. Several volunteers described the low-frequency
vibration of the chest as a moderate buzz comparable to
vibrations induced by bicycling on cobblestone. The noise
level of the wave source was below that of the imaging
gradients.

The sensitivity of shear vibration amplitudes to elastic-
ity variations was demonstrated in a phantom. Although
elasticity varies only spatially in this simple model, the
principal findings also apply to the heart. Figure 4a and b
indicate the influence of wave reflections, reverberations,
and damping on the magnitudes of the wave amplitudes.
In the phantom, determination of the elasticity ratio was
only possible by averaging the wave amplitudes within a
specific ROI in the vicinity of the interface. The maximum
amplitude ratio was found to be an appropriate measure of
the leap in elasticity. Further research is required to deter-
mine the degree of certainty to which the maximum WAV
effect represents true elasticity ratios according to Eq. [3].
Clearly, wave reflections at tissue boundaries influence
wave amplitudes and thus the derived elasticity ratios as
seen in Fig. 4. In addition, the elasticity information car-
ried by the wave may be diluted by wave damping. There-
fore, we related the positions of the ROIs to the WAV effect
given by 5. However, since no heart motion or deformation
is considered in our theory, S provides only a rough ap-
proximation of the regional amplitude effect. Thus the
quantification routine used may be improved by account-
ing for geometrical changes of the heart, i.e., by correlating
U and S along predetermined spatiotemporal pathways.
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The evaluation of vibration amplitudes in deforming ob-
jects remains the subject of ongoing work.

The interpretation of the WAV effect was based on sev-
eral assumptions, which allowed us to reduce the com-
plexity of myocardial MRE to an analysis of wave ampli-
tude ratios. Major simplifications were achieved by assum-
ing constant wave intensity, linear elastic and isotropic
material behavior, and plane shear wave propagation. Con-
sequently, our current strategy of data evaluation is only a
starting point. A further in-depth analysis is necessary to
better understand the observed effect. More accurate treat-
ment of myocardial vibration requires a formulation that
considers wave propagation through a medium undergo-
ing finite elastic deformation.

To consider anisotropy, constitutive equations devel-
oped for shear-wave-based elastography of skeletal muscle
can be used (Egs. [A3]-[A5]) (34). With this change, wave
propagation speed is determined by a combination of three
elastic constants. These constants are the parallel shear
modulus, the perpendicular shear modulus, and the ratio
of parallel and perpendicular Young’s moduli relative to
the muscle fiber direction. This more elaborate anisotropic
model can predict the spatial variations of the elastic con-
stants, since the fiber orientation of the myocardial tissue
in the ventricular wall changes as a function of the posi-
tion. Assuming a shear modulus parallel to the muscle
fibers to be five times larger than the perpendicular shear
modulus (34) yields a fivefold elasticity change in case of
a 90° flip of the principal fiber direction due to cardiac
motion. This effect on p(diastole)/p(systole) represents the
maximum shear modulus alteration solely resulting from
myocardial anisotropy, i.e., no muscle contraction is taken
into account.

In summary, the proposed technique of cardiac WAV-
MRE vyields elasticity ratios for different phases of the
cardiac cycle. This dynamic information on shear modu-
lus variation reveals elastodynamic processes of the heart
that are otherwise attainable only by invasive methods.
Thus, WAV-MRE may become a valuable noninvasive mo-
dality for the diagnosis of diseases associated with dys-
functional alterations in myocardial stiffness.
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APPENDIX

Strain Energy Flux

The density of deformation energy in an elastic body is the
sum of two terms representing the kinetic (E;;,) and the
potential (strain) energy density (E,,):

E=FEu,+E

pot

1 Ju;0uy

1
Biin = 5pUilliEpor = EC,-,Hm [A1]

Sack et al.

Indices i,j,k,l € {1,2,3} denote tensor elements subjected
to Einstein’s summation rule. x and u represent vectors of
the medium’s position and displacement, while C is the
elasticity tensor. The change in energy enclosed in the
volume, V, of an elastically deformed medium occurs from
the flux of a vector F through the surface bounding the
volume as given by:

. a0
fEdV= f(pu,.a,. + c,.,k,ﬂ> dv= — medZm.

8X,('9X1
\%4 14 3

[A2]

In this equation, F,, represents the flux of energy across
the surface X where d2,, is the differential surface area
whose normal vector is n,. Applying the product rule to
the strain energy term in Eq. [A2] and using Gauss’s theo-
rem, it was found that (35):

allk .

F.= — Cir—u,
ljklaXI i

J

[A3]

which applies to deformed materials in the equilibrium of
external forces. Tissue weight is assumed to be counter-
balanced by connective tissues. For an isotropic elastic
material, F can be expressed in terms of Lamé coefficients
N\ and

ouy . au
Sy, — 2

—A

j TX]( 0X'lli. [A4]
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Energy Transport by Elastic Waves

The movement of energy by elastic waves is governed by
three eigenmodes (M), which are defined with respect to
wave propagation direction n; as one longitudinal (com-
pressional) mode (M = L) and two transverse (shear)
modes (M = T). In isotropic materials both transverse wave
modes are degenerated, leaving two distinguishable phase
velocities, ¢; and cp:

pci=\+2u [A5]

pCr =1

Their eigenvectors, Uy, define the polarization of the
wave modes, u,:

_ .| Xk ) _
ujM - UiMeXp 1w Q\/[ =t M= L,T

[A6]

Insertion into Eq. [A4] yields the energy-density flux:

FjM: pCMul [A7]

2. -
o M=1L,T.
Theoretically, two modes of energy flux occur in isotro-
pic materials: one related to compressional waves and the
other related to shear waves. In reality, both modes are
linearly combined depending on the propagation direction



MR Elastography of the Human Heart

and the polarization of the waves, which in turn are de-
termined by the position, shape, and polarization of the
wave source as well as by tissue boundaries. Furthermore,
in anisotropic materials, the orientation of the principal
frame of elasticity relative to the waves has to be consid-
ered in addition to a third, distinct transverse wave mode.
Analytical expressions of shear wave modes in transverse
isotropic and incompressible media are taken from Ref. 34.
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