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Abstract—Strain rate images (SRI) of the beating heart
have been proposed to identify non-contracting regions of
myocardium. Initial attempts used spatial derivatives of tis-
sue velocity (Doppler) signals. Here, an alternate method is
proposed based on two-dimensional phase-sensitive speckle
tracking applied to very high frame rate, real-time images.
This processing can produce high resolution maps of the
time derivative of the strain magnitude (i.e., square root of
the strain intensity). Such images complement traditional
tissue velocity images (TVI), providing a more complete
description of cardiac mechanics. To test the proposed ap-
proach, SRI were both simulated and measured on a thick-
walled, cylindrical, tissue-equivalent phantom modeling car-
diac deformations. Real-time ultrasound images were cap-
tured during periodic phantom deformation, where the pe-
riod was matched to the data capture rate of a commercial
scanner mimicking high frame rate imaging of the heart.
Simulation results show that SRI with spatial resolution
between 1 and 2 mm are possible with an array system
operating at 5 MHz. Moreover, these images are virtually
free of angle-dependent artifacts present in TVI and sim-
ple strain rate maps derived from these images. Measured
results clearly show that phantom regions of low deforma-
tion, which are difficult to identify on tissue velocity-derived
SRI, are readily apparent with SRI generated from two-
dimensional phase-sensitive speckle tracking.

I. INTRODUCTION

VI, SOMETIMES called tissue Doppler imaging, was in-

troduced by McDicken et al. in 1992 [1] and was fur-
ther developed by Sutherland et al. in 1994 [2]. This tech-
nique uses conventional Doppler methods to track heart
wall motion. Velocities in the cardiac wall are considerably
lower (0 to 150 mm/s) than in the blood, but the echo am-
plitude is considerably higher than that of blood, making
the technique very sensitive to small velocity components.
Also, imaging parameters, such as the pulse repetition rate
for Doppler estimates, are optimized for this velocity range
and echo amplitude. Similar to color flow displays, TVI in-
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formation is color-coded and superimposed on the B-Scan
to produce a real-time image correlating the instantaneous
tissue velocity distribution with cardiac anatomy.

One difficulty associated with TVI is that it does not
differentiate between active contraction (i.e., deformation)
and simple translation or rotation of the heart wall. To
overcome this problem, Fleming et al. suggested using the
spatial gradient of the TVI velocity to measure the relative
change in wall thickness [3]. Several groups have actively
pursued this concept using measurements of the local vari-
ation in Doppler velocity, or

_ Ov(r)
Toor

1)

3
which can be estimated by

. o(r+Ar) —uv(r)
v a— @

for small increments in r [4]-[7]. Here, v is the local velocity
along the ultrasonic propagation direction, ¢ is the axial
normal strain, and r is the direction along the acoustic
beam axis. By applying this technique, the local velocity is
determined employing usual Doppler methods. Adjacent,
axial estimates of the tissue velocity are subtracted to get
the velocity gradient along the ultrasound beam. Much as
with TVI, applications of SRI have involved mainly the
left ventricle [8]-[9].

Although both TVI and SRI have the potential to
map contractile processes through and along the myocar-
dial wall, they are limited in general utility because they
present angle-dependent estimates of wall velocity and de-
formation rate [10]-[11]. Angle dependency is a significant
problem that must be minimized to realize the full poten-
tial of TVI and SRI.

Current TVI and SRI sequences use two or more pulses
per beam, where the interval between firings is typically
about 1 to 2 ms. This interval matches Doppler process-
ing parameters to expected peak tissue velocities. For ex-
ample, typical tissue velocities peak at about 150 mm/s,
producing a maximum displacement of about 0.15 mm in
1 ms. This creates a 27 phase shift in the Doppler signal at
a carrier frequency of 5.0 MHz or a 7 phase shift at a 2.5-
MHz carrier. Phase shifts much greater than 27 are hard to
unwrap (e.g., a 27 phase shift aliases to 0 phase shift); so,
displacements greater than this are a significant problem
for T'VI and SRI systems based on Doppler processing. For
a 1-ms pulse interval, the deformation reaches a peak mag-
nitude of about 0.2%, assuming a maximum strain rate of
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2.0 s~1. This is a very low deformation magnitude, and,
consequently, spatial resolution must be greatly sacrificed
to provide adequate signal to noise ratio (SNR) SRI.

We propose an alternate method using much longer
firing intervals. An inter-firing interval of about 5 to
10 ms should produce peak displacements of about 0.75
to 1.5 mm and peak strain magnitudes of about 1 to
2%. Both high spatial resolution and high SNR SRI and
TVI can be produced with this level of deformation us-
ing two-dimensional phase-sensitive speckle tracking algo-
rithms specifically designed for this displacement and de-
formation range [12]—[16]. For full two-dimensional speckle
tracking, however, the entire image, or a significant sub-
image, must be produced within the firing interval. This
necessitates frame rates greater than 200 Hz for typical
adult cardiac applications.

High frame rate ultrasound imaging is a continuing
topic of research interest [17]-[29]. Frame rates greater
than 200 Hz are available on some clinical systems.
With renewed interest in understanding cardiac dynam-
ics, higher quality, high frame rate images should become
available on commercial systems in the very near future.
Consequently, SRI methods relying on conventional imag-
ing at frame rates exceeding 200 Hz should be clinically vi-
able in the very near future, enabling comparisons between
SRI methods based on full two-dimensional phase-sensitive
speckle tracking and those based on tissue Doppler mea-
surements.

In Section II, we describe an SRI method building on
previous two-dimensional phase-sensitive speckle tracking
work in our laboratory. Results of simulations and mea-
surements on a simple tissue-equivalent phantom mim-
icking cardiac deformations are presented in Section III.
These results, as well as comparisons with current SRI
methods, are discussed in Section IV.

II. METHODS

The ventricular walls of the heart are deformed by in-
ternal forces within the myocardium itself. In turn, these
deformations pressurize the ventricle to produce the pump-
ing action of the heart. By inverting the process, ventric-
ular wall deformations can be modeled with a passive me-
chanical medium. For example, consider a thick-walled,
elastically homogeneous, spherical shell with a fluid-filled
inner chamber. If the incompressible fluid is pressurized,
then the wall will deform in a very similar way to deforma-
tions created by uniform internal wall forces producing the
equivalent chamber pressure. Thus, mechanical character-
ization of a closed, active system can be modeled with a
closed, passive system under internal pressure.

We approximated a closed, passive system under pres-
sure using a long, thick-walled cylindrical tube with an
incompressible fluid in the lumen. In the limit of infinite
length, the tube cross section can be considered a closed
mechanical system with an inner pressurized fluid cham-
ber. As the lumen pressure changes, the wall moves as if
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internal forces were deforming the medium until the same
pressure change was produced in the lumen. We used this
simple mechanical model to test new SRI algorithms.

For the studies presented here, the object was as-
sumed to be an infinitely long, thick-walled cylindrical
tube within an annular cross section of 9.2-mm inner diam-
eter and 31-mm outer diameter, with uniform elastic mod-
ulus throughout the wall and an incompressible fluid filling
the tube lumen. For a homogeneous annulus under uniform
pressure from the lumen, a simple two-dimensional model -
of incompressible deformation predicts that the internal
lateral and axial displacements are

T
u:Kroﬁand (3)
’U:KT‘OT% (4)

where u is the lateral displacement, v is the axial displace-
ment,  is the lateral coordinate, y is the axial coordinate,
ro is the undeformed lumen radius, r is the distance from
the center of the tube lumen to a position within the wall,
and K is proportional to the ratio of the lumen pressure
to the wall’s modulus (i.e., shear modulus).

For any mechanical system, the deformation magnitude
is given by the strain magnitude (or strain intensity), a
quantity independent of the choice of coordinate system.
For a two-dimensional, incompressible system, the strain
magnitude is defined as:

lel =/ €5y + €3y (5)

where €99 = Ov/0y is the axial normal strain and €;5 =
£(0v/8z + Ou/dy) is the shear strain. In simple systems,
such as the circularly symmetric one defined previously,
the strain magnitude can be approximated using a single
component of the displacement vector. In particular, the
magnitude of the gradient of one displacement component
(e.g., [Vv|) is often used in experimental systems in which
only that component of the displacement vector can be
measured.

For the system described by (3)—(4), the magnitude of
the gradient of either displacement component equals the
strain magnitude; that is,

el = y/€3; +&ly = [Vu| = [Vol. (6)

This simple system, therefore, is a good test of strain mag-
nitude images based on two-dimensional phase-sensitive
speckle tracking because equivalent images can be com-
puted directly from one-dimensional displacement esti-
mates. That is, |¢| images can be compared with |Vv| im-
ages to judge errors introduced by a full two-dimensional
search. It should be noted, however, that, for more com-
plex mechanical systems, |¢| images will capture the true
magnitude of the deformation field, whereas |Vv| images
will be sensitive to system geometry.

For the results presented subsequently, two components
of the displacement vector (u,v) were estimated using the
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two-dimensional, phase-sensitive speckle tracking proce-
dure described in [12]-[16]. Briefly, at every pixel in the
initial phase-sensitive image (i.e., complex baseband or
analytic signal representation), a two-dimensional corre-
lation kernel of spatial extent, equaling approximately one
speckle, is defined around the pixel. A speckle is defined
as the full-width at half maximum in both dimensions of
the two-dimensional autocorrelation function of the ini-
tial complex image. This kernel is then cross-correlated
with the complex image following deformation. The resul-
tant cross-correlation coeflicient pl,,.(k,[) at pixel (n,m)
as a function of lags (k,1) is (7) (see above). In this ex-
pression, x(n,m) is the original complex image, y(n,m)
is the post-deformation image, and W;; is a simple two-
dimensional weighting function over the 2K + 1 x 2L + 1
point correlation kernel. The correlation coefficient is a
unit-normalized, complex function of lags (k,!). To im-
prove SNR, it is then filtered with a unity gain function
(3" Fij = 1) defined over a 21 +1 x 2J + 1 point region of
support:

i=I1/2 j=J/2

pnm(kal): Z Z Fij[p;H—im-kj(kal)]'
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(8)

Following filtering, the two-dimensional coordinates of
the correlation peak position are computed at every
pixel to estimate the two-dimensional displacement vec-
tor (u(n,m),v(n,m)). The displacement is computed in
two steps. First, the peak position is estimated via con-
ventional two-dimensional interpolation. Then, the axial
displacement (i.e., v) estimate is refined using the position
of the closest zero-crossing of the phase of the complex
correlation function. This processing produces three out-
put images: u(n,m), v(n,m), and the magnitude of the
correlation coefficient, |p(n, m)|. Details of this procedure
are presented in [12]-[16].

Because of the limited spatial frequencies available from
a finite imaging aperture, lateral displacement estimates
are much noisier than axial ones. Errors in the lateral dis-
placement can be greatly reduced using incompressibility
processing as discussed in [30], [31]. Briefly, by assuming
that the deformed medium is incompressible, a reason-
able assumption for soft tissue, the normal components
of the strain tensor are not independent. Incompressibil-
ity requires that the two normal spatial derivatives of the
displacement components be opposite in sign and equal in
magnitude, that is,

o) du

511+522:0—>8—y=—8—m. (9)

This principle can be exploited to develop a filtering
method using both components of the displacement vector
to greatly reduce errors in lateral displacement estimates
for a very minor price in spatial resolution. Details of this
procedure are presented in [30], [31].

A. Simulations

To investigate ultrasound images of a thick-walled an-
nulus under deformation, a computer simulation of a two-
dimensional, real-time, linear array system was created
using methods similar to those previously developed in
our lab [32]-[34]. A linear array geometry was chosen
to approximate the experimental system described sub-
sequently. The active aperture on every beam line was
18 mm, similar to the aperture available for adult cardiac
imaging. The operating frequency was 5 MHz, the frac-
tional bandwidth was 50%, and the pulse envelope was
Gaussian. Each image frame was formed from 128 equally
spaced beams over a 40-mm wide rectilinear scan space,
where RF data on each beam were sampled at 20 MHz.

Identical point scatterers were randomly distributed
within the annular wall, with a 15-um mean distance be-
tween scatterers. This distribution well modeled a fully
developed speckle source. The two-dimensional, phase-
sensitive point response from each scatterer was computed,
and the resultants were summed to produce a frame of RF
data.

The center of the annulus was positioned 80 mm from
the transducer surface, corresponding to an f/number of
4.44 to the center of the scattering object. This is a typical
value for many cardiac applications operating at 5 MHz.
For optimal performance, the imaging system was assumed
to be dynamically focused on both transmit and receive
(i.e., fully confocal system). This is a slight oversimplifi-
cation of a real system using a fixed focus on transmit
and dynamic focusing only on receive. However, for the
f/numbers assumed here, this simplification reasonably ap-
proximates a clinical system. A B-scan of the simulated
phantom is presented in Fig. 1 over a 40-dB display dy-
namic range. This image and all subsequent simulation
images represent an area of 40 mm x 40 mm.

Images of the phantom were produced in undeformed
and deformed states. The undeformed image was created
with scatterers in their original positions (Fig. 1). The lu-
men was then pressurized, and the internal scatterers were
moved from their original positions according to (3)—(4).
The imaging model was applied to this new distribution
to produce a second frame of RF data.
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Fig. 1. B-Scan image displayed over a 40-dB display dynamic range
of simulated thick-walled annulus. The inner diameter of the annulus
is 9.2 mm, the outer diameter is 31 mm, and the total display area
is 40 mm x 40 mm.

These two frames were then processed with the two-
dimensional phase-sensitive speckle tracking procedures
described previously. The correlation kernel was approx-
imately 0.5 mm axially x 0.75 mm laterally, and a small
correlation filter was applied to produce spatial maps of
the axial displacement, the lateral displacement, and the
magnitude of the correlation coefficient. The spatial res-
olution of displacement and correlation coefficient images
was estimated to be 0.8 mm axially x 2.0 mm laterally,
corresponding to an average resolution of about 1.4 mm.
We used discrete space approximations to spatial deriva-
tives that preserved this resolution, producing displace-
ment gradient and strain images with an average resolu-
tion of about 1.4 mm.

B. Measurements

A cylindrical rubber model seeded with 0.4% by weight
polystyrene spheres (Analytical Grade Cation Exchange
Resin, AG 50 W-X12, Bio-RAD Labs, Hercules, CA) with
diameters ranging from 40 to 120 um was constructed for
the experiments. The phantom was 130 mm long, 31 mm
in diameter, and had an inner lumen 9.2 mm in diame-
ter. The lumen was connected to flow tubes at each end of
the phantom to control internal pressure. This geometry
closely approximated the thick-walled simulation model.
In addition, however, a small “inclusion” about 2 mm
thick, extending about 20 mm around the outer phantom
circumference, was produced, where the shear modulus of
the inclusion only differed from the background by about
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Fig. 2. B-Scan image displayed over a 40-dB display dynamic range
of thick-walled, cylindrical rubber phantom. The inner diameter of
the annular cross-section is 9.2 mm, the outer diameter is 31 mm,
and the total display area is 38 mm X 50 mm.

a factor of three as determined by independent mechanical
measurements performed on the system described in [35].

The phantom was deformed by pumping water into the
lumen with the outlet tube constricted. This pressurized
the lumen. The outlet tube was subsequently released, al-
lowing the phantom to return to its initial position. Real-
time data were recorded during both phantom compres-
sion and expansion using a commercial ultrasonic scanner
(ATL, Ultramark 9) adapted for RF data capture. All ex-
periments were performed with a 38-mm linear array op-
erating at 5 MHz with the center of the lumen positioned
approximately 30 mm from the transducer surface to place
the entire phantom within the elevational lens’ depth of
field.

Overall timing of the experiment was controlled so that
approximately 166 frames were recorded over a single de-
formation cycle. That is, this system emulated a high speed
scanner operating at a 200-Hz frame rate and imaging a
heart beating at a rate of about 72 bpm. A B-scan of the
phantom at one position in the cycle is presented in Fig. 2
over a 40-dB display dynamic range. This image and all
subsequent experimental images represent an area of ap-
proximately 38 mm by 50 mm. The pressure was controlled
so that average strain magnitudes (relative to the initial
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Fig. 3. Displacements estimated in a simulated annular phantom for a 135-um radial displacement at the lumen boundary. a) Axial
displacement, where white represents a downward displacement of 50 um and black represents an upward displacement of 50 ym; b) lateral
displacement, where white represents a rightward displacement of 50 m and black represents a leftward displacement of 50 pm, and c) lateral
displacement resulting from incompressibility processing of panel (b) based on the axial displacement of panel (a) using the same gray scale

as panel (b).

position) were less than 20%, and peak strain rates were
about 2.0 s7!, close to normal values in the heart [6].

All experimental results presented subsequently used
precisely the same two-dimensional phase-sensitive speckle
tracking algorithms as the simulation studies. Because the
size of the lateral point spread function close to the trans-
ducer surface is slightly bigger than that assumed in the
simulation, the correlation kernel was slightly increased to
0.5 mm axially x 1.0 mm laterally. The correlation fil-
ter dimension was also increased to produce displacement
and correlation coefficient images with a spatial resolution
of approximately 1.25 mm axially x 2.25 mm laterally,
corresponding to an average spatial resolution of about
1.75 mm. Again, we used discrete space approximations
to spatial derivatives that preserved this resolution, pro-
ducing displacement gradient and strain images with an
average resolution of about 1.75 mm. Spatial derivatives
of lateral displacement images produced by incompressibil-
ity processing were further spatially smoothed to produce
high SNR shear strain images but with a degraded spatial
resolution of about 2.0 mm. Interframe displacements and
strains were frame-averaged over a running window rep-
resenting a 50-ms interval assuming a 200-Hz frame rate.
This processing temporally smoothes the deformation pat-
tern but does not produce tracking artifacts because all
correlations are performed from frame to frame.

II1. RESuLTS
A. Simulations

The applied luminal pressure produced a peak radial
displacement of about 130 ym and a peak radial defor-
mation at the lumen surface of about 2.8%. The resulting
axial displacement estimated from two-dimensional phase-
sensitive speckle tracking is presented in Fig. 3(a) over a
display dynamic range from —50 pum (black) to 50 pm
(white), where a plus sign corresponds to motion away
from the transducer (down), a minus sign represents mo-
tion toward the transducer (up), and mid gray represents
no motion. In this image and all subsequent images, dis-

placement and strain maps are masked using the corre-
sponding B-scan, similar to conventional color-flow pro-
cessing. The masked region is displayed as mid gray, unless
deformation information is overlaid on the B-scan. Note
that the axial displacement near 3 o’clock, and 9 o’clock
is nearly zero, even though there is significant radial dis-
placement in these regions.

The estimated lateral displacement over precisely the
same display dynamic range is presented in Fig. 3(b),
where a plus sign corresponds to motion to the right and a
minus sign represents motion to the left. As expected, the
lateral displacement is significantly noisier than the axial
(i.e., higher error for tracking across the beam direction).
The result of incompressibility processing using both ax-
ial and lateral displacement estimates produces the lateral
displacement map of Fig. 3(c). Note the higher SNR for
this image [Fig. 3(c)] compared with that produced di-
rectly by the speckle tracking procedure [Fig. 3(b)].

Fig. 4(a) presents the axial normal strain (i.e., the
derivative of the axial displacement with respect to ax-
ial dimension) over a display dynamic range from —0.75%
to 0.75%, representing a strain rate scale from about —1.0
to 1.0 s™! assuming a frame rate of 133 Hz. In this image,
black corresponds to compression, and white corresponds
to expansion. Note that, at 3 o’clock and 9 o’clock, the
strain image suggests expansion, whereas the material is
actually compressing radially. This is a simple but power-
ful demonstration of potential angle-dependent problems
in SRI. Even if the magnitude of the axial normal strain
is displayed, there are still significant angle-dependent ar-
tifacts. Between 1 and 2 o’clock, 4 and 5 o’clock, 7 and 8
o’clock, and 10 and 11 o’clock, the axial normal strain is
nearly zero, suggesting a non-deforming region.

Other components of the two-dimensional strain ten-
sor can be computed to reduce angle-dependent artifacts
in SRI. The lateral derivative of the axial displacement,
representing one term in the shear strain, is presented in
Fig. 4(b) over the same gray scale used for the axial normal
strain in Fig. 4(a). Note that angle-dependent artifacts are
different. The images in Fig. 4(a and b) represent the two
components of the spatial gradient of the axial displace-
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Fig. 4. Derivatives of the axial displacement in the simulated annular
phantom for the same deformation as Fig. 3. a) Axial derivative
(axial normal strain) displayed with a bipolar gray scale, where black

represents a compression rate of 1.0 s~! and white is an expansion

rate of 1.0 s~1; b) lateral derivative (one component of the shear
strain) displayed over the same bipolar scale as (a).
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ment. If either Fig. 4(a) or Fig. 4(b) alone is viewed as the
total deformation map, significant misinterpretations will
be made.

Nearly angle-independent deformation measures can be
computed by combining all components of the strain ten-
sor. As discussed in Section II, the strain magnitude rep-
resents a measure of deformation magnitude independent
of the coordinate system. This means it is invariant to
different scan geometries, such as sector scans versus lin-
ear scans. It does depend on the deformation geometry,
but not the scan geometry. For the simple two-dimensional
system presented here, the magnitude of the displacement
gradient equals the strain magnitude. These two measures
are compared in Fig. 5(a) (|Vv|) and Fig. 5(b) (|e|). Both
images exhibit the same spatial resolution, but the strain
magnitude is slightly noisier than |Vv|. Angle-dependent
artifacts have been greatly reduced using either parame-
ter, although the strain magnitude exhibits a slight angular
variation caused by decorrelation effects between 1 and 2
o’clock, 4 and 5 o’clock, 7 and 8 o’clock, and 10 and 11
o’clock. Overall, the quality of the |e| image rivals that
of the |Vv| image, even though noisy lateral displacement
estimates were used to compute |e].

Other approximate measures of strain magnitude can
help identify artifacts in SRI. One potentially powerful tool
is the magnitude of the correlation coefficient. The correla-
tion coefficient is computed for every pixel in the image as
part of two-dimensional phase-sensitive speckle tracking.
If a robust, two-dimensional search is performed, then the
primary cause of speckle decorrelation is the strain mag-
nitude [16]. A trashogram, defined as 1 — |p|, where |p| is
the magnitude of the correlation coefficient, can identify
regions of high and low strain magnitude. A trashogram
for the present simulation is presented in Fig. 5(c) over a
unipolar gray scale from 0.00 to 0.02. Note that it identifies
regions of high deformation magnitude.

For this particular scan geometry and deformation pat-
tern, the trashogram shows more angle dependence than
either le| or |Vu|, but it still provides valuable informa-
tion confirming other strain magnitude measures, as exper-
imentally demonstrated subsequently. Note that areas of
slightly higher decorrelation correspond to positions where
the displacement vector is at an angle of 45° with respect
to the ultrasound propagation direction. This condition
is the poorest for lateral estimation, producing a slightly
heightened trashogram in these regions. Images such as
those in Fig. 5 can be combined to produce robust im-
ages of deformation magnitude, relatively free of angle-
dependent artifacts.

B. Measurements

The axial displacement measured in the rubber phan-
tom at the frame corresponding to maximum compression
is presented in Fig. 6(a) over a bipolar gray scale repre-
senting an interframe displacement of —87.5 um (black) to
87.5 pm (white). Again, a plus sign corresponds to motion
away from the transducer (down), and a minus sign rep-
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Fig. 5. a) Magnitude of the gradient of the axial displacement in the simulated annular phantom displayed over a unipolar gray scale, where
white represents a deformation rate of 1.0 s~! and black represents zero deformation; b) strain magnitude using all spatial derivatives of
the full two-dimensional displacement vector displayed over the same gray scale as panel (a); and c) trashogram (1— | p |) in the simulated

annular phantom displayed over a unipolar gray scale from 0.0 to 0.02.

Fig. 6. Displacements measured in thick-walled tube phantom for frame corresponding to maximum compression. a) Interframe axial
displacement, where white represents a downward displacement of 87.5 um and black represents an upward displacement of 87.5 um;
b) lateral displacement, where white represents a rightward displacement of 87.5 um and black represents a leftward displacement of
87.5 pm; and c) lateral displacement resulting from incompressibility processing of panel (b) based on the axial displacement of panel (a)

using the same gray scale as panel (b).

resents motion toward the transducer (up). Note that the
axial displacement near 3 o’clock and 9 o’clock is nearly
zero, even though there is significant radial displacement
in these regions.

The estimated lateral displacement over precisely the
same display dynamic range is presented in Fig. 6(b),
where a plus sign corresponds to motion to the right and
a minus sign represents motion to the left. Again, the lat-
eral displacement is significantly noisier than the axial.
The result of incompressibility processing using both ax-
ial and lateral displacement estimates produces the lateral
displacement map of Fig. 6(c). Note the higher SNR, for
this image [Fig. 6(c)] compared with that produced di-
rectly by the speckle tracking procedure [Fig. 6(b)].

The two components of the axial displacement gradient
for this frame are presented in Fig. 7(a) (axial component)
and Fig. 7(b) (lateral component) over the same display
dynamic range using a bipolar gray scale, with black de-
noting compression and white denoting expansion. The dy-
namic range for this display represents a peak strain rate

magnitude of 1 571 (i.e., the gray scale spans a strain rate
of £1 s71). The same artifacts observed in the simulation
are present in this image. There is a hint of an altered
deformation pattern near the inclusion between 11 and 1
o’clock, but there are also other apparent low deformation
regions throughout both images.

The magnitude of the axial displacement gradient is
presented in Fig. 8(a) over a unipolar gray scale, where
black represents a strain rate of 0.15 s~! and white cor-
responds to a strain rate of 1.0 s~!. Reduced deformation
magnitude is clearly seen in the inclusion neighborhood
centered at 12 o’clock. There also appears to be reduced
deformation magnitude near 5 o’clock and 7 o’clock. Sim-
ilarly, the strain magnitude is presented over precisely the
same display dynamic range in Fig. 8(b). This image shows
all of the same features as the |Vv| one but at slightly
lower spatial resolution. To corroborate these estimates,
they were compared with the trashogram (1 — |pl|), pre-
sented in Fig. 8(c) on a unipolar gray scale over a display
dynamic range of 0.0 to 0.07. The apparent low defor-
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Fig. 7. Two components of the measured gradient of the axial dis-
placement in thick-walled tube phantom for frame corresponding to
maximum compression. a) Axial component of gradient with a bipo-
lar gray scale, where black represents a compression rate of 1.0 s—!
and white represents an expansion rate of 1.0 s~1; b) lateral compo-
nent of gradient using the same gray scale.
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mation regions near 5 o’clock and 7 o’clock are in areas
of high “trash.” This is an inconsistent result, identifying
these regions as artifacts.

An inspection of the B-scan movie for this experiment
clearly exhibits refraction effects in these areas because
of the relatively large sound velocity mismatch between
room temperature water pressurizing the phantom lumen
and the rubber constituting the phantom host material.
Other regions in the image are well correlated, however,
indicating that the low deformation magnitude at about
12 o’clock near the phantom outer surface is real. Conse-
quently, by combining strain magnitude and trashogram
information, it may be possible to identify the hard inclu-
sion. Considering that the inclusion is only a few millime-
ters thick and that the elastic modulus contrast is only a
factor of three, this is a significant result.

Fig. 9 and 10 present one possible display format to
identify non-deforming tissue. First, the mean strain mag-
nitude (or |Vu|) in each frame of the sequence was com-
puted, and the strain magnitude relative to the mean was
obtained in every pixel. The relative strain magnitude and
trashogram values at each pixel for every frame were com-
pared with a threshold. Deformation data were retained
if and only if the relative strain magnitude was below a
threshold (relative strain magnitude threshold = 0.6) and
the correlation coefficient was simultaneously above a dif-
ferent threshold (correlation coefficient threshold = 0.985).
For all pixels satisfying the dual threshold test, the relative
strain magnitude was encoded on a negative hot color scale
from a relative magnitude of 0.85 to 0.0 (i.e., the least de-
forming tissue was the “hottest” on the display because a
strain magnitude of zero represents no deformation). These
color-encoded pixels were then superimposed on the orig-
inal B-scan image for every frame in the sequence. For
those frames in which the average strain magnitude was
close to zero, no pixels were colored, and only the B-scan
was presented.

The image of Fig. 9(a) is the result of this processing
for the image frame corresponding to Fig. 6 through 8
using |Vv| as the estimated deformation magnitude. The
same image is recomputed in Fig. 9(b) using || as the es-
timated deformation magnitude. Although the processing
steps appear complicated, they are actually quite simple
and can identify non-deforming tissue. In Fig. 10, the re-
sult of the same processing using precisely the same pa-
rameters is presented for the phantom rotated by 90 de-
grees, where again panel (a) uses |Vv| as the estimated
deformation magnitude and panel (b) uses || as the esti-
mated deformation magnitude. Clearly, the non-deforming
region is also rotated by 90 degrees. Note that there are ar-
tifacts in several regions of these images near the phantom
outer surface, where the overall deformation magnitude is
lower than the mean. Artifacts appear to be slightly re-
duced, and the inclusion region is slightly better defined,
in images using || as the estimated deformation magni-
tude. In any event, these artifacts can be easily identified
in the movies for all image frames presented at the web site
http://bul.eecs.umich.edu/research/intracardiac/index.
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Fig. 8. a) Magnitude of the gradient of the axial displacement measured in the thick-walled tube phantom for frame corresponding to
maximum compression over a unipolar gray scale, where white represents a deformation rate of 1.0 s~1 and black represents a deformation
rate of 0.15 s—!; b) strain magnitude using all spatial derivatives of the full two-dimensional displacement vector displayed over the same
gray scale as panel (a); and c) trashogram (1— | p |) for the same conditions displayed over a unipolar gray scale from 0.0 to 0.07.

html. There are only about 60 frames in each of these
movies. They have simply been time(frame) averaged and
decimated from the original 166 frame sequence. The
smoothly varying non-deforming inclusions are easily dis-
tinguishable from noisy boundary artifacts in these movies.

IV. DISCUSSION AND SUMMARY

The results of both simulations and experiments on
model systems show that SRI have the potential to clearly
identify non-deforming regions of a periodically deforming,
continuous medium. Strain magnitude maps, combined
with other correlation measures, such as the trashogram,
can greatly reduce angle-dependent artifacts and comple-
ment conventional TVI and SRI displays. Combinations
of these measures can be a potentially valuable tool set
to identify deformation anomalies in the heart. In general,
two-dimensional phase-sensitive speckle tracking should be
applicable to functional imaging of the heart if images can
be captured fast enough to track propagation of mechani-
cal contractions along the cardiac wall.

The magnitude of the gradient of one component of
the displacement eliminated angle-dependent artifacts be-
cause it equals the strain magnitude for the simple two-
dimensional system considered here. This will not be
the case for general three-dimensional deformations. Im-
ages of the strain magnitude derived from the full three-
dimensional strain tensor will not exhibit angle-dependent
artifacts. Lower dimension approximations certainly will
produce some artifacts in describing full three-dimensional
deformations. Nevertheless, two-dimensional strain mag-
nitude maps based on the estimated two-dimensional dis-
placement vector should be much closer to the true defor-
mation magnitude than current SRI estimates based on
tissue Doppler systems.

In addition to the displacement along the propagation
direction, two-dimensional speckle tracking estimates both

the magnitude of the correlation coefficient and the lat-
eral displacement (i.e., displacement orthogonal to the ul-
trasound propagation direction) at every pixel in the im-
age. The trashogram is derived from spatial maps of the
correlation coefficient. As demonstrated in this study, it
can identify artifacts in estimated deformation patterns.
This will be even more important to accurately char-
acterize three-dimensional deformation fields using two-
dimensional images.

In a zero-dimensional search (i.e., traditional Doppler
measurement), decorrelation is produced by both defor-
mation and displacement in any direction. For a one-
dimensional search (i.e., one-dimensional speckle tracking
along an RF A-line), decorrelation results from both total
deformation and displacement in any of two directions. A
full two-dimensional search reduces decorrelation effects to
true deformations and motion in only one direction (i.e.,
displacement out of the scan plane). Finally, the corre-
lation coefficient is reduced from unity only by deforma-
tions for a true, three-dimensional search. By increasing
the search dimension, the trashogram more closely corre-
lates with the deformation magnitude.

The trashogram produced by a robust, two-dimensional
speckle tracking algorithm is a potentially invaluable tool
for SRI in two ways. First, real-time presentation of the
trashogram can help the operator identify periods of the
cardiac cycle in which the deformation is primarily in-
plane for a particular scan orientation. Over those pe-
riods, two-dimensional speckle tracking results can well
characterize true tissue deformations. And second, the
trashogram can corroborate strain magnitude measures es-
timated from spatial derivatives of the in-plane displace-
ment. As noted previously, non-deforming regions must
have both low strain magnitude and a high correlation co-
efficient (i.e., low trash).

Incompressibility processing greatly improved lateral
displacement estimates needed for strain magnitude com-
putations. The specific form of incompressibility process-
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(b)

Fig. 9. Non-deforming regions of thick-walled tube phantom for the
frame corresponding to maximum compression are color-coded and
superimposed on the B-scan for the case in which the hard inclusion
is near the top. a) Deformation based on magnitude of axial displace-
ment gradient and b) deformation based on strain magnitude using
spatial derivatives of the full two-dimensional displacement vector.

(b)

Fig. 10. Non-deforming regions of thick-walled tube phantom for the
frame corresponding to maximum compression are color-coded and
superimposed on the B-scan for the case in which the hard inclusion
is near the left side. a) Deformation based on magnitude of axial dis-
placement gradient and b) deformation based on strain magnitude
using spatial derivatives of the full two-dimensional displacement vec-
tor.
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ing used here is accurate only if the mechanical system
can be well modeled as a plane strain state (i.e., two-
dimensional mechanical system) [30]-31]. Cardiac defor-
mations certainly cannot be generally modeled as a two-
dimensional mechanical system. Consequently, these meth-
ods will not always be accurate for general cardiac de-
formations imaged by a two-dimensional scanner. How-
ever, over periods of the heart cycle in which deformations
are primarily in-plane, as judged by the trashogram, in-
compressibility methods can be applied. This will produce
more accurate estimates of the in-plane strain magnitude
than the magnitude of the gradient of just one displace-
ment component. The validity of incompressibility meth-
ods for two-dimensional imaging of cardiac deformations
will be the subject of future clinical investigations.

There are two significant technical hurdles that must be
addressed before two-dimensional phase-sensitive speckle
tracking can be directly applied to functional imaging of
the heart. First, a real-time correlation processor must be
designed and built to operate at the very high frame rates
demanded by this application. Based on the current state
of the art in microcomputers and field programmable gate
arrays (FPGA), we believe this is a very solvable problem
in the immediate future.

Second, high quality two-dimensional, and ultimately
three-dimensional, images must be produced at high frame
rates. The propagation time of the mechanical wave in
the left ventricle from base to apex during systole is, on
average, about 55 ms for the adult human heart [6]. To
fully capture the details of wave propagation through the
left ventricle using two-dimensional phase-sensitive speckle
tracking, this means full frame images of the ventricle must
be acquired in 4 to 5 ms, representing frame rates of 200 to
250 Hz. This is certainly an achievable rate at low spatial
resolution, but is at the edge of current technology for high
spatial resolution images.

One possible solution to the frame rate problem is an
intracardiac array [36]. Intracardiac arrays can greatly re-
duce the propagation distance from the transducer to the
cardiac wall, permitting high pulse repetition rates with
concomitant high frame rates. Because higher operating
frequencies can also be used compared with conventional
echocardiography, these arrays may be able to produce
very high resolution images. Coupling TVI and SRI de-
rived from two-dimensional phase-sensitive speckle track-
ing with these arrays is an exciting prospect for functional
imaging of the heart.

In summary, two-dimensional phase-sensitive speckle
tracking has been proposed as an alternate to Doppler
methods for SRI of the heart. The results of simulations
and experiments on a simple two-dimensional model of
cardiac deformations demonstrate that high spatial reso-
lution images of the strain magnitude can identify non-
deforming regions. The proposed methods should comple-
ment current TVI and SRI methods for functional imaging
of cardiac mechanics.
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