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Teknikkar for betre tidsoppldysing i
tredimensjonal ekkokardiografi

Bakgrunn: Ultralydbilde av hjartet, ekkokardiografi, er eit viktig diagnoseverk-
tgy for kardiovaskuleer sjukdom, og den etablerte todimensjonale bildedanninga
viser bevegelsen til hjartemuskelen i sann tid utan blodige inngrep pa kroppen.
Trass i desse fordelane har kardiologar gnskt seg tredimensjonal (3D) datainnsam-
ling i sann tid heilt sidan ultralydavbilding vart oppfunnen. Fram til nyleg matte
hggkvalitets 3D ultralydbilde av hjarte settast saman av data frd fleire hjartesyk-
lar.

Den mest fundamentale avgrensinga for innsamlingsrate av ultralydbilde kjem
fra lydfarten, som er er omlag 1540 m/s 1 mjukt kroppsvev. I todimensjonal
ultralydavbilding skaper ikkje dette problem: Sjglv om ein legg stor vekt pa
biletkvalitet, kan moderne ultralydskannerar samla inn meir enn 50 gratonebilder
per sekund.

Nar ein tek opp eitt enkelt 3D volum av det venstre hovudkammeret, kan si
mange som 4000 ultralydstralar vera pakrevd for & oppné tilstrekkeleg biletk-
valitet. Sidan kvar puls ma forplanta seg minst 0.25 m (12.5 cm kvar veg), vil
samla tilbakelagt avstand for lydpulsane i eit slikt volum ofte overstiga 1000m,
noko som med rett-fram skanning vil gje s& lag opptaksrate som 1.5 volum per
sekund.

Resultat: I denne avhandlinga undersgker vi to teknikkar for & oppna betre tid-
sopplgysing av 3D ultralydopptak: i) biletmorfing - ein teknikk som ved & bruka
eit estimat for hastigheitsfeltet til vevet 1 hjartemuskelen reknar ut meir ngyaktige
tilnsermingar for mellomliggande biletrammer, og 1) ein ny og betre metode for
rekonstruksjon, kor ein nyttar ei matriseprobetil & gjera fortlgpande rekonstruk-
sjon (volumfletting) og presentasjon av data tekne opp over fleire hjartesyklar.
Volumflettinga er i avhandlinga brukt til 3D hjarte-opptak bade pa vaksne og
pa foster, og ein eigen teknikk for sykronisering av fosterhjarteopptak - tissue
Doppler gating (TDOG) - er szerskilt utvikla for dette formalet.

Prototypar har blitt implementert bade for morfealgoritmen og for volumflet-
ting i sann tid, og resultat blir presentert i avhandlinga som bilde og filmsekven-
sar.

Vi konkluderer med at bade biletmorfing og sanntids volumfletting kan bli
verdifulle byggeklossar i ultralydskannarar som blir konstruert i framtida.
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Summary

Echocardiography is an important tool for diagnosis of cardiovascular disease,
and the established two-dimensional imaging techniques provide non-invasive vi-
sualization of the myocardium, produced in real time with compact ultrasound
scanners. However, getting live three-dimensional (3D) images from the heart
has been an aspired goal ever since ultrasonic imaging was invented. Just un-
til the last few years, high-quality 3D images of the heart needed to be gated,
i.e. reconstructed from two-dimensional data acquired over several heart cycles
(similar to how 3D cardiac MR images are formed).

The most fundamental limitation to the acquisition rate of ultrasonic images
is posed by the speed of sound, which is about 1540 m/s in soft human tissue.
In two-dimensional imaging, this is not a hard restriction: depending on image
quality trade-offs, one easily gets a satisfactory real-time response with more than
50 frames per second.

When doing a full 3D scan of the left ventricle, as much as 4000 ultrasonic
beams may be necessary to achieve acceptable image quality. As each pulse needs
to propagate at least 0.25 m (12.5 cm each way), the propagation distance of the
scan can add up to over 1000 m and, consequently, the volume rate in straight
forward scanning would be as low as 1.5 acquired volumes per second.

In this thesis, two techniques for improved temporal resolution are investi-
gated: i) image morphing, which utilizes a velocity field estimate obtained dur-
ing the imaging process to calculate intermediate image frames with improved
accuracy and i) improved gating techniques, which utilize a matrix transducer
for gated acquisition with on-line slice display and volume rendering. The gating
technique has been utilized for cardiac scanning - both of adults and fetuses -
and a special technique for gating of fetal heart imaging has been developed as
well.

Prototype implementations have been done for both the morphing algorithm
and the real-time gated acquisition principle, and resulting images are presented
in the thesis.

We conclude that both image morphing and real-time gating are potential
building blocks in future ultrasound scanners.
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Preface

After finishing the siv.ing. education in applied mathematics, I spent eight years
working with software development for ultrasound systems at NTNU, SINTEF
and GE Vingmed Ultrasound. The most important appeal this field of science
has to me is the interaction between medicine and technology. The years at
the technology-side of the field of medical ultrasound taught me many details
regarding the equipment construction but less about signal processing and med-
ical applications. I realized that working with a Ph.D. thesis would give me an
opportunity to broaden my intellectual horizon and get in a better position for
doing inspiring research work in the university or in the ultrasound industry.
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Nomenclature

The following notation is used in the text (order of definition follows approx-
imately order of occurence in text):

A
Tp
A

~3

S
PSF

sinc(z)

fIE,U(Z)

C(z,y)

Wave length of an acoustic wave

Pulse period (duration)

Aperture size of the transducer

Distance along an ultrasound beam

F-number, the ratio between the focal distance and the aperture size
Point spread function

Defined as 22 when z # 0 and 1 when z =0

Resampling of ultrasound volume data along a view-ray in a volume
rendering

The gradient operator for a scalar field

Resulting color pixel value in position {(z,y) of the view plane during
volume rendering

Transmit frequency for an acoustic pulse
Doppler frequency shift for a reflected acoustic pulse
A complex Gaussian process

The auto-correlation of lag m (m is an integer) of a stationary complex
Gaussian process

Ry (m); Ry, Estimator for R(m) using IV consecutive samples from the process

F()
G(w)
X(®)
d(K:, K>)

The temporal Fourier transform of the function f.
The effect spectrum of a complex Gaussian process
A two-dimensional image frame acquired at time ¢

A metric for quantifying the difference between kernel images in
speckle tracking, f.i. SAD or correlation coefficient

Arbitrary 3D position



Tijs Tijk

K(r,X)

O(expr)
S, B
NI7N7 )Nk

0,7,k
Eijrs Lk
2z

t

tm; m

n; N

en(t)

A position in a 2D or 3D scanning grid

An kernel picked at location r in the image X

Displacement estimate at position r;; between successive image frames
Velocity vector estimate at position r

Velocity field estimate in an image or volume

Echo amplitude as function of space and time

Estimated echo amplitude in a morphing of image data

Big-o notation for computational complexity

Number of ranges and beams in a 2D scanning grid

Number of ranges, azimuth beams and elevation beams in a 3D scan-
ning grid

Range, azimuth and elevation index in a 3D scanning grid
The time-gain compensated echo amplitude value at g
Complex number; complex conjugate

Acquisition time, with ¢ = 0 corresponding to the first pulse firing
time of a 3D scan

Acquisition time of the mth 3D volume is ¢,

Cardiac cycle number and number of cycles in a recording. n €
{1,2,---,N}

QRS trig times, n € {0,1,---, N}
Relative cycle time. 7= (t =Ty, 1)/(Tp — Tp—1), with T,,_; <t < T,
The number of volumes acquired in cycle number n

Local stitching cost - high cost implies poor match between two spe-
cific stitched sub volumes

Global stitching cost - high cost implies that some of the stitched sub
volumes in a recording had a poor match
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Introduction

The evolution of medical ultrasound started more than half a century ago: The
first in-vivo images were published by Wild and Neal in 19517*. The images
showed echo amplitude as a function of depth, a presentation mode referred to
as A-mode (amplitude mode). Three years later, the first ultrasonic M-mode
(motion mode - intensity image with time and depth along the axes) images
of the heart were presented?? under the name echography, a term that later
evolved into echocardiography. The echography recorder was able to both show
the images in real time on an oscilloscope and expose light from the oscilloscope
onto a 35mm film strip, thereby capturing and storing analog ultrasonic data. The
same year, Wild showed two-dimensional (2D) ultrasound images (later named
B-mode images, similar to radar B-scans) of breast tumors in-vivo. It is also
striking that én-vivo volume-projections on an oscilloscope of three-dimensional
(3D) ultrasound data was demonstrated as early as 1956 2, many years before
the term «computer graphicsy was invented!

While the first B-mode images were reconstructed from M-mode scans, de-
vices for real-time cardiac B-mode scanning with a frame rate of 15-25 frames per
second became available around 1970349, In the 70s, echocardiographic exami-
nations became more common, and in the 80s, the ultrasound Doppler technique
for visualization of blood flow became available**. The combination of morphol-
ogy studies of the myocardium by B-mode and hemodynamic investigation with
2D color Doppler made echocardiography a popular and powerful diagnostic tool.
Later advances in the field of medical ultrasound imaging have been numerous,
and informative historical reviews exist 2344,

During the 90s and 00s, there has been increasing interest in three-dimensional
ultrasound imaging of the heart. Achieving an adequate update rate of a volumet-
ric scan is very challenging due the limitation of the acquisition rate posed by the
speed of sound, which is about 1540 m/s in soft human tissue. In two-dimensional
imaging, this is not a hard restriction: depending on image quality trade-ofls one
easily gets a satisfactory real-time response with more than 50 frames per second.
When doing a full 3D scan of the left ventricle, as much as 4000 ultrasonic beams
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Figure 1: The human myocardium post mortem (left) and in-vivo depicted by
ultrasonic imaging (right) (image from anaesthetist.com?®).

may have to be acquired to achieve acceptable image quality. As each pulse needs
to propagate at least 0.25 m (12.5 cm each way), the propagation distance of the
scan can add up to over 1000 m and, consequently, the volume rate in straight
forward scanning would be as low as 1.5 acquired volumes per second. Different
techniques for increasing the volume rate of 3D ultrasound images exist, and the
work in this thesis aims to improve some of these techniques.

This thesis is divided into two parts: This first part is an introduction to
the subject of three dimensional echocardiography and some of its applications,
providing background material to and discussing the impact of the second part,
consisting of four papers (three published or accepted for publication in journals
with peer review and one proceedings paper).

After this overview, the introduction continues with a short initiation into
the principles of ultrasound imaging. The challenges of real-time acquisition and
presentation of 3D images are discussed, and a brief historical review of equipment
for 3D imaging is given in section 1.

Section 2 of the introduction points out the specific challenges with temporal
resolution in 3D ultrasound imaging - some of which are addressed in the papers.
Section 3 gives an introduction to velocity measurements performed by ultrasound
systems, dwelling on both the Doppler method and the speckle tracking method.

A short summary of the papers presented in chapters A to D is given in section
4, and finally a discussion of the contributions made by the papers is presented
in section 5.

1 Three-dimensional ultrasonic imaging
Ultrasound backscatter imaging is a safe, non-invasive technique for investigating

the morphology of inner organs. Figure 1 shows the difference between a real
human myocardium and an ultrasonic depiction of the same organ.



1 Three-dimensional ultrasonic imaging
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Figure 2: Different ways to form an acoustic wave front and steer the propagation
direction: a) the shape of the transducer is directly imposing the initial wave form,
b) Concentric transducer elements are activated with a small time delay between
each channel, ¢) An array of stick-formed transducer elements are activated with
delays, ensuring both focus and one-directional steering, d) A matrix of trans-
ducer elements are activated with delays, enabling both two-dimensional focus and

steering in two directions.

1.1 Data acquisition

Ultrasound images are formed by emitting short, pulsed pressure waves into soft
tissue and detecting backscattered signals. To get information about the positions
of scatterers in the depicted region, both the transmitted pressure wave and the
received signal are focused, as sketched in figure 2.

An ultrasound scanner is a device that utilizes a transducer to send and receive
ultrasonic pulses in a scheme resulting in two- or three-dimensional images. The
main processing steps in the image formation is shown in figure 3.

Different transducer types exist (single element transducers, annular arrays,
phased arrays, linear arrays, matrix transducers) which use different techniques
to beam focusing. Transducer types for cardiac imaging are illustrated in figure
2: a) shows a curved transducer surface, activated by a one-channel electronic
signal, thus directly imposing the initial wave-form in the propagation medium;
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Figure 3: Signal processing steps for 3D ultrasound intensity mapping.

b) shows a transducer consisting of a small number of concentric rings. The
transmitted beam may either be focused by curving the array surface, or by
activating the ring-elements individually (inner elements are activated with a
small delay compared to the outer elements). The resulting beam thereby has
coherent oscillation in the focus point, and the circular symmetry gives accurate
focusing in all directions in the focal plane. ¢) shows a phased array transducer
consisting of stick-formed elements with a fixed geometric focus in the elevation
direction, but an adjustable focus depth in the azimuth direction when the delays
are adjusted. Finally, d) shows a phased matrix transducer, where transducer
elements are positioned in a two-dimensional grid. Since delays may vary between
elements both in azimuth and elevation direction, a matrix transducer is capable
of focusing the beam in both directions.

Fixed focus transducers have limited imaging capability compared to array
transducers although, for example, in high frequency (30-50 MHz) cardiac imag-
ing of mice, the simplicity single element transducers provide is still attractive 6!,
Annular array transducers were widely used in commercial scanners in the 1980s,
and the circular symmetry of the beam propagation have beneficial properties for
producing high-quality images with a low number of electronic channels. How-
ever, the propagation direction of the beam is always normal to the transducer
surface, and therefore the transducer itself must be moved when a scanner ac-
quires 2D or 3D images.

Phased array transducers have overcome this limitation, as illustrated in figure
2 ¢): By giving larger delays in the outer right elements than in the outer left,
the direction of the transmitted beam may be changed electronically (the beam
may be steered in the azimuth direction), as long as the inter-element distance
does not exceed a half wave length®. Similarly, matrix transducers are able to
steer the beam in both azimuth and elevation direction.

The reflected signal is processed in the same manner as the transmitted beam
is formed: The signals registered by each array element are summed with indi-
vidual delays added to each channel. In this way one can configure both the
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direction of echo registration and the focus depth (i.e., the depth at which all
channels have coherent contributions as illustrated in figure 4). Modern ultra-
sound scanner apply dynamic focus when setting up the delays for the receive
signal: The delays of each channel are dynamically changed corresponding to the
depth of the echo, thus ensuring that the received beam is correctly focused at
all depths.

To achieve a three-dimensional image, the beam propagation direction must
be possible to steer in two directions. This may be achieved by mechanical steer-
ing in both directions, by electronic steering in both directions or by steering
one direction mechanically and the other direction electronically. Historically,
mechanical beam steering has played an important role in both 2D and 3D ultra-
sound imaging. It requires less computational power since fewer acoustic receive
channels needs to be processed compared to electronic steering. When imaging
an organ which is stationary, like a breast, a kidney or a liver, the acquisition
time of a data volume need not be very short, and thus both mechanical scanning
and electronic scanning may give satisfactory image quality.

The heart, on the other hand, has substantial motion with a typical peak
wall motion velocity of 10 cm/s. To accurately capture the geometry of the
myocardium in a given time point one needs a short capture time, and thus a
purely mechanical scanning scheme for a 3D data set is not feasible.

The amount of data needed for a detailed three-dimensional image is exten-
sive: A pyramidal volume covering the left ventricle must in many cases be as
wide as 65° x 65°, and even a modest lateral resolution of 1° imposes more than
4000 beams in a data volume. The propagation time for this amount of ultra-
sonic beams at a scan depth of 15 cm would alone add up to more than % second,
making straightforward 3D imaging of myocardial dynamics impossible, at least
for a full cardiac scan.

An ideal ultrasound system for 3D cardiac imaging therefore needs to over-
come some difficult challenges: i) It should have a sufficient number of elements
for two-dimensional beam steering, e.g. a quadratic 3 MHz transducer with
16 x 16 mm aperture and A/2 pitch would require 64 x 64 ~ 4000 elements. )
All elements should be connected to a dedicated sender capable of emitting a
precisely timed ultrasonic pulse and accurately register the echo amplitude at
high sampling rate.

Imaging system characteristics

The detail resolution of an ultrasound image is settled by the range resolution
and the lateral resolution.

The range resolution is limited by the length of the transmitted pulse: If
two scatterers are positioned close to each other along a scan line, the two back-
scattered pulses will overlap if the distance between the scatterers is small enough.
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(a) (b}

Figure 4: Propagation of a pressure wave in a homogeneous medium. a) In the
focus point, all contributions to the wave front are coherent. b) Away from the

focus point, the phase of the contribution to the pressure wave front varies over
the transducer’s aperture.

When utilizing a pulse with duration 7}, the minimal depth difference the imaging
can resolve is*: Ar = 1¢T),.

The lateral resolution is limited by the combined width of the transmitted
beam and the received beam. Figure 4 (a) shows how all contributions to the
pressure wave amplitude are coherent in the focus point, while in (b), different
parts of the aperture contributes with varying phase to the accumulated pressure
wave at fleld points away from the beam axis. The resulting pressure wave ampli-
tude will therefore have the maximum at the beam axis and reduced amplitude on
both sides. The relative amplitude as a function of lateral displacement is called
a beam profile, and the one-way beam profile has the form of the Fourier trans-
form of the aperture?. For a rectangular aperture function with width a in a 2D
imaging system focused at depth r, the one-way beam profile is I;;(x) = sinc %%
having it’s first zero at fy A, where fy = % is the F-number of the imaging sys-
tem, A is the wave length and A is the aperture of the transducer. The distance
Wpeam = fxA is commonly used as an estimate of the beam width of the imaging
system*, corresponding to the -5 dB width of the beam profile. This estimate for
the beam width is called the Rayleigh criterion for lateral resolution.

The two-way profile is calculated as the product of the transmit profile and
the receive profile. For a rectangular aperture with the same focusing on trans-
mit and receive, the two-way profile becomes I(z) = Iiz(2)Iro(z) = sinc®ZeE,
However, current ultrasound scanners generally have [, that differs from I,..,
due to dynamic receive focus, to parallel beam processing (see section 2) and to
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Figure 5: The point spread function (PSF) for a focused, two-dimensional imaging
system. Left: The amplitude of a propagating pressure wave in the focal point
(from dukemil.egr.duke.edu®®), right: The spasial Fourier transform of the point
spread function (from Angelsen®).

harmonic imaging.

Harmonic imaging is a mode where the backscattered signal is registered at the
second harmonic frequency. This yields half the wave-length in I, compared with
115, thus practically doubling the lateral resolution. However, second harmonic
echo is weaker than the echo in the fundamental frequency, and therefore the
signal to thermal noise ratio is decreased. On the other hand, the second harmonic
echo is better than the fundamental when it comes to reverberation suppression
(i.e., multiple echoes). In most real-life cases, second harmonic images show
superior image quality compared to images formed with fundamental frequency
echoes 5.

The spatial resolution of the imaging system may be formalized through the
point spread function PSF(r{rg), which is the same as the image of a single
punctual scatterer in ro*. Figure 5 illustrates the notion of the point spread
function in the time domain (left) and in the frequency domain (right).

It is normally assumed that the imaging system is focused in rg. A basic
property one desires for an imaging system is translational invariance, which in
our case means that the image is unaffected by probe translation. A spatially
invariant imaging system has a PSF with

PSF(r|rg) = PSE(r —rp) (1)
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Sparse matrix arrays

One way to implement a real-time 3D ultrasound scanner without the complex-
ity of a complete matrix transducer, is to remove some of the elements in the
transducer layout. This type of transducer is called sparse matriz transducer.
A scanner utilizing a regularly sparse matrix transducer for real-time volumet-
ric imaging was presented by Smith and von Ramm in 1991°5%% and in 1997,
Volumetrics Medical Imaging introduced a commercial scanner utilizing these
results 6.

However, sparse transducers have several shortcomings compared to fully sam-
pled transducers: The SNR and hence the contrast resolution is lower, both due
to a higher side-lobe level and a smaller total element area which gives lower sen-
sitivity when receiving the echoes . If apodization is applied to each transducer
element in an optimized way, the side-lobe level can be lowered a bit compared to
the non-apodized case, but at the cost of wider main lobe implying lower spatial
resolution ®?. The SNR can also be improved by utilizing a periodically sparse ar-
ray, i.e., designing the element pattern differently for transmit- and receive beam
in such a way that they extinguish each other’s side-lobes .

Furthermore, harmonic imaging is not feasible with sparse arrays, due to the
combination of low power in the harmonic echo and low sensitivity of the sparse
transducer. Since harmonic imaging generally improves image quality and is a
customary technique in cardiac imaging, sparse transducers do not appear to be
attractive when aiming for the best possible image quality.

Fully sampled matrix arrays

Introduced in 2002, the Sonos 7500 from Philips Medical System (Andover, MA,
USA) was the first commercial ultrasound system capable of recording 3D data
in real time with a fully sampled matrix transducer, thus introducing the second
generation of real time ultrasound systems®'. In 2004, GE Vingmed Ultrasound
(Horten, Norway) introduced the Vivid 7 Dimension as the second scanner with
a fully sampled matrix transducer.

A matrix transducer for cardiac imaging, with /2 pitch at 3 MHz and aper-
ture of 1-2 cm (to fit between the ribs) should have an element count of magni-
tude 64 x 64 = 4000 elements. Direct cabling from each element to the transducer
would result in a cable too thick to be practically usable. Therefore, scanning
systems with matrix transducers need to do some beam processing in the probe in
order to reduce the number of independent signals from the probe to the scanner.
This may be done by organizing the transducer elements into groups %, where
the internal delays within each sub-aperture group are processed by electronic
circuits in the probe®.
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The fully sampled matrix transducers show a substantial increase of image
quality compared to the first generation 3D scanners 3.

1.2 Presenting 3D ultrasound images

The graphic processing capacity of personal computers has improved vastly over
the last decade. Specialized graphic hardware (PC graphic cards with a graphic
processing unit - a GPU) have not only become cheaper and more powerful,
but also the tools for making graphic processing programs have also become
more flexible, thus making it possible for 3D ultrasound visualization algorithms
to be executed on GPUs. Hence, the recent advances of computer technology
have removed one of the primary obstacle for implementation of real-time 3D
ultrasound imaging systems.

The principles of 3D ultrasonic imaging was described and scanning equipment
sketched 2, two decades before the raster computer display was invented 3. Thus,
one can say that 3D ultrasonography has been a potentially feasible technology
that needed a certain technological level to materialize.

Presenting a 3D data set on a 2D output device, such as a computer screen,
is not straightforward. Several different presentation modes are available, each
having strengths in certain use cases:

Fixed-layout slicing Slicing is an easy and computationally effective way to
present a 3D data set: The intersections of the data set with predefined 2D
planes in fixed positions are displayed in separate windows on the screen.
A commonly used mode is to simultaneously present an azimuth scan, an
elevation scan and an orthogonal scan (i.e. orthogonal to the beam propa-
gation direction). This mode gives an immediate overview of the data and,
when used in real-time acquisition, a scanning interface similar to B-mode
scanning.

Volume rendering For a chosen view direction, each pixel location in the view-
ing window correspond to a straight line through the data set. This line
intersects a number of voxels, and the data value in these voxels may be
combined in different ways to determine the intensity of the output pixel.
Volume rendering algorithms utilize all (or a range of) these voxel values
when projecting the data set onto the output bitmap. Section 1.2.1 de-
scribes different algorithms for volume rendering.

Free slicing Volume rendering has the problem that objects in the foreground
occlude objects further back in the scene. Even when using a projection
method with transparent pixels, important details in the volume data may
be hidden in the projection. Free slicing, i.e. showing a cut-plane of the
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data set where the position and orientation of the plane is interactively
controlled by the user, is a simple, yet effective, way to explore hidden
details in the data set. Free slicing is also often combined with volume
rendering - only the data behind the view plane is shown, thus reducing the
problem with occlusion compared to rendering of the entire volume.

Stereoscopic display A stereoscopic display is a display device that, in order to
make an illusion of depth, presents slightly different images to the left and
right eye. Each of the two visualizations of the scene utilizes a perspective
projection adapted to the view-point of the corresponding eye. There are
different ways to implement this: specially designed glasses and monitors
(the monitor switches between the two projections and the glasses «mul-
tiplexes» the two images to the corresponding eyes), blue and red colored
glasses emphasizing colored overlays in the image, and finally specially de-
signed monitors that can simultaneously project two separate images, each
having a narrow view angle so that each eye only sees one image. Stereo-
scopic display of ultrasound images has been proposed several times 32:46:51
but has not yet become common in clinical use.

Virtual reality Virtual reality (VR) is a 3D and interactive presentation of a
virtual «world». When used as a display technique for echocardiographic
data, this virtual world is the human myocardium represented by a volumet-
ric ultrasound scan. An example of VR visualization equipment is a CAVE,
which consists of five large imaging screens constituting a small room (im-
ages are projected on the attic, the floor and three of the walls). Although
attempts to utilize VR visualization of clinical echocardiographic data have
been made®”, no significant benefit of this method has been established.

1.2.1 Volume rendering vs. surface rendering

There are two different approaches to follow when creating modern three-dimensional
computer visualizations: Surface rendering, in which light transmission is sim-
ulated for a geometric model consisting of a (large) number of mathematically
described surface elements, and volume rendering, where the data are sampled
in a 3D grid and the displayed images are directly derived from the volume data.

It is common for surface rendering algorithms to model each object in the
scene as a set of planar triangles illuminated by a light source, as shown in figure
6. For each pixel in the view plane, a light-ray through this pixel is traced
backwards to the first intersecting triangle in the scene, and reflections from
the light sources are simulated on the triangle surface 7}, and different surfaces
in the scene may have individual light reflection parameters. The tracing can
additionally, to improve the realism of the rendered scene, be carried out for
several reflections for each light ray.

10
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Figure 6: Surface rendering is a technique for 3D visualization where light-rays
are traced from virtually defined light sources, via reflections on mathematically
represented objects, to a two-dimensional imaging plane.

The surface rendering technique has applications in various flelds, and the
processing hardware for surface rendering computations has improved drastically,
becoming a lot cheaper also, during the last decade. The computer games in-
dustry has been the main driving force for this rapid technological progress, but
other fields such as CAD systems, petroleum industry and medical visualization,
have benefited from the development, too.

Surface rendering based on manually segmented volume data has been pre-
sented for various applications in medical ultrasound, for example in gynecol-
ogy'?, in radiology?® and in cardiac imaging 28.

Surface renderings derived from volumetric ultrasound data may be appealing
when used to study the morphology of the heart. However, the technique is
normally not fully automated, the extraction of a meaningful surface model from
the volume data is challenging even when manual input is used. Volume rendering
is hence a more immediate way to present volume data, .

The principle of volume rendering*! is shown in figure 7. For each pixel (z,y)
in the view plane, a light-ray is cast into the volume and the volume data samples
along this ray yield a function of depth f; ,(2). Many techniques for calculating
the pixel color C(fs,) have been commonly used (even though C is generally a

color with three components, the simple cases below yield a scalar intensity for
)

Direct projections: average projection uses C(z,y) = mean,f;,(z), maxi-
mum value projection uses max, fz ,(2), minimum projection uses min, fy , ().
An image generated by a maximum projection is similar to an x-ray image:
If the ray passes any high-intensity region, the pixel is rendered light.

Opacity mappings: To increase the 3D-feeling obtained by the projection meth-
ods, it is common to let bright voxels near the view-plane partially occlude

11
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Figure 7: Volume rendering of the myocardium. A light-ray is cast through a
pixel (z,y) in the view plane and through the volume, yielding a image sample
function f,(2) along the beam. (heart model from University of Missouri”?)

other voxels behind. This may be done by adding opacity, i.e. a factor o
derived from the image samples: o = a(f;,(2)). An opaque sample has
a high value of & and corresponds to a brightly rendered location. When
using opacity mappings, the intensity may be calculated back-to-front by

Cay = Cop' (1= ar) + CF o, (2)

where k indexes the depth z of the ray cast through pixel (z,y) in the view
plane, ay is the opacity at z, and f(zx) £ f,,(2x) is the corresponding
sequence of image samples. The resulting pixel color is C(z,y) = CJ .
(In practice, (2) is often calculated front-to-back with a slightly more com-
plicated formula, opening for earlier termination of the recursive calcula-
tion. ™)

Gradient shading: In order to get an even better perception of depth (similar
to the one obtained with surface rendering), C(z,y) can be calculated as a
function of the gradient VI(z,y, 2) of the image data at each depth along
the ray. Large gradients in a planar region of the volume data will result
in pixel values comparable to the ones obtained from a shaded polygon
surface. The calculations include defining a light source, and shaded pixel

12
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intensity is scaled with the gradient’s component along the light beam:
fuy(2) = VI(2) - I, with [ being a unit vector from the light source to the
location (z,y, z). Gradient shading normally gives better surface definition
than direct projections.

When applied to volumetric ultrasound data, gradient shading usually gives the
most satisfactory results. All parts of the volume data tend to have a high level
of speckle noise, thus making it difficult to render boundaries of inner organs as
well defined surfaces. Authors have described the challenges of presenting 3D
ultrasound data in general ®%, and echocardiographic 3D data in particular ™%,
as volume renderings. To achieve good surface definitions from ultrasound data,
prefiltering is normally required. Depending on the requirements on the com-
putational efficiency, simple filters (such as a Gaussian spatial filter) or more
advanced filters (such as an an-isotropic diffusion filter) may be used 5.

1.3 Clinical benefits of 3D echocardiography

Cardiovascular disease is the most frequent cause of death in the western world 78.
Echocardiography has emerged as one of the most, important tools for diagnosing
and following up patients with various kinds of cardiovascular diseases.

The scope of this thesis is to provide techniques for improved frame rates in
3D echocardiography and fetal echocardiography. Thus, the current and the next
sub-sections aim to give a short introduction to the application areas where 3D
imaging makes a clinical benefit over 2D imaging.

The most commonly stated motivation for adopting 3D ultrasonic imaging
as a clinical tool is the improvement in volume measurements - primarily the
volume of the left ventricular (LV) cavity . As the volume can be measured
without assumptions on the ventricular shape, a more accurate volume estimate
is anticipated. Other important parameters, such as ejection fraction and cardiac
output, can then be derived from the measured LV volumes. Other cardiac
volumes, such as LV mass, right ventricular and atrial volumes, may be measured
accurately from 3D data as well. In addition, morphological investigations of the
myocardium can be performed with less restriction than with 2D scans.

Recently, there has been progress towards fully automatic detection of LV
shape?”, opening for automatic assessment of important markers as ejection frac-
tion (EF) and cardiac output (CO).

1.4 Imaging the fetal heart

Ultrasonic imaging has had a tremendous impact, not only on cardiovascular
investigations of adult and pediatric hearts, but in obstetric medicine as well. As
early as 1958, Donald presented images showing body outline and scull outline of

13
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Figure 8: Cardiac views from the fetal heart, suggested for echocardiographic
screening by Yagel et al.”®.

fetuses in-vivo 2!, and the first obstetrical measurements obtained from ultrasonic
imaging was the size of the fetal head. Since that, the use of ultrasonography in
obstetrics has accelerated, and today ultrasound imaging is an inevitable part of
prenatal care.

Congenital heart disease (CHD) is the most frequent pathology in live-births,
with an prevalence rate of 8.1/1000, and prenatal detection is reported to reduce
the mortality of neonatals with CHD 4. Echo examination of the fetal heart is
the main tool for detecting CHD in fetuses. This is one of the motivations behind
the first-trimester ultrasonographic screening of the entire population of pregnant
women done in Norway, as well as in some other countries 54.

The basic examination of the fetal heart is traditionally done with B-mode
ultrasonic scan. One or several cardiac views may be examined - the most impor-
tant one being the four chamber view %% but other views may be investigated
as well™ see figure 8. However, the traditional B-mode examination method
has shortcomings: Obtaining the volume from just one or a few two-dimensional
image slices intersecting the myocardium is inaccurate and depends on assump-
tion of a regular shape!?. Furthermore, the acoustic access to the various cardiac
views may be limited and the resulting images and measurements depend on the
operator’s skill 2.

Acquisition of volumetric data in the place of, or in addition to, the standard
B-mode views has important potential advantages:

o Cardiovascular malformations are possible to visualize from all angles, open-
ing for a better assessment of CHD 2.

14
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o If a satisfactory volumetric cine-loop is acquired, a complete off-line cardiac
examination is possible 1543,

e Missing or misaligned views may be generated off-line, which can be valu-
able in second opinion.

e The data acquisition could become less dependent on operator’s skill.

Existing options for 3D fetal echocardiography are mainly 1) 3D reconstruction
from B-mode scans spanning several cardiac cycles and ) real-time 3D ultra-
sound scanners.

Regarding 1), the most popular technique is probably STIC (spatio-temporal
image correlation). In this method, several B-mode cine-loops are captured while
the scan-plane is being swept over the myocardium with a stepper motor. The
resulting 3D cine-loop is reconstructed by cardiac gating following from a spatio-
temporal analysis.?” The gating process is performed and the data displayed
immediately after the data acquisition is completed. The STIC algorithm is not
only capable of reconstructing 4D gray-scale data, but can also reconstruct 2D
color Doppler data into a 4D map of the blood flow in the heart and vessels.

Regarding i), real-time 3D ultrasound systems designed for transthoracic
scanning of adult subjects have also been applied to fetal cardiac imaging %°7.
However, even though the acquisition process is simple and fast, the resulting 4D
data has inferior spatial and temporal resolution compared to STIC.

2 Temporal resolution

As the speed of sound in soft human tissue is about 1540 m/s and a full ventric-
ular scan with good image quality may consist of as much as 4000 beams, the
propagation distance for one single volume adds up to 1000 m when scanning
without parallel beam processing at 12.5 cm depth (4000 pulses travels 0.25 m
back and fourth). Thus, in this scenario only 1.5 volumes per second of data
would be acquired each second. However, a far higher volume rate is needed for
cardiac scanning.

Three approaches to increasing the volume rate to an acceptable level are dis-
cussed in this section. Practical solutions can utilize one or more of the techniques
in 2.1 - 2.3.

2.1 Parallel beam processing

The principle of parallel beam processing was introduced in 1984 °¢, and a real-
time 3D ultrasound system with eight parallel channels was demonstrated in
19915}, When applying this technique, one wide ultrasound beam is transmitted
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Figure 9: The principle of parallel beam processing: Left: A wide beam is trans-
mitted, while several independent beam forming channels process receive beams
simultaneously. Right: The transmit beam (top) and the receive beam (middle)
have slightly different directions, thus giving an asymmetric two-way beam profile
(bottom).

and several more sharply focused receive beams are created simultaneously by
parallel beam processing channels in the scanner. The receive beams are steered
in slightly different directions, thus picking up reflected echoes from different
parts of the transmitted beam, see figure 9.

If the transmit beam is narrow (just wide enough to cover the receive-beams),
the two-way beam profile will be asymmetric, which results in a non-uniform PSF
and possible image artifacts!!.

The beam profile for the two-way propagation is the product of the transmit
beam profile and the receive beam profile. If the transmit beam profile is very
wide (i.e, there is a small degree of transmit focus), the profiles of the receive
beams would be almost identical, ensuring uniform PSF. However, the lack of
focusing makes the echoes weaker and thus gives a higher noise level.

To increase the acquisition rate from 1.5 volumes per seconds to a level compa-
rable to common frame rates in B-mode imaging, one would need a large number
of parallel beams (e.g. 20, 30, or even more, compared to the eight channels
implemented by Smith et al.%8) and consequently extensive hard-ware processing
capabilities would be required. In addition, the transmitted beams would have
to be wide: 60 volumes per second would imply 40 transmitted beams per vol-
ume scan, thus a 60 x 60 degrees pyramidal scan would require transmit beams
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covering a 10 x 10 degrees sub-pyramid. To maintain a sufficiently strong receive-
signal of such a wide beam, the transmitted power would have to be increased,
but a power increase is problematic as a wide beam has the maximal acoustic
intensity close to or at the transducer surface. Consequently, it would be very
challenging to irradiate the full LV at a high frame rate without raising the probe
temperature above the regulatory limit of 42° C.

Allin all, even if one could apply an arbitrary number of parallel beams, the
spatial and temporal resolution of B-mode imaging could hardly be matched for a
tull cardiac scan. Therefore alternative techniques for improvement of acquisition
rate and perceived image quality are interesting to investigate, and possibly apply,
in future ultrasound systems.

Synthetic transmit aperture

The data acquisition methods described in section 1.1 rely on a focused ultrasound
wave fleld denoted a beam. Since there only is time for one transmitted beam in
each direction in high frame-rate applications like cardiac imaging, there must
be one particular focus depth applied to each transmit beam and, consequently,
parts of the image are out of focus. Synthetic transmit aperture (STA) is a
different approach to image formation without this limitation.

An STA image is formed by emitting a spherical wave from one array element
at the time, and recording the echoes on all the elements®’. When all pair-wise
transmit-receive responses have been recorded, both the transmit beam and the
receive beam can be focused in any imaging point, thus resulting in two-way
focus in all image locations. However, STA image forming has two limitations
currently making it impractical to use in cardiac imaging: ¢) The amount of
data is very large and 4i) target motion during the pulse transmissions from all
channels degrades the image.

2.2 ECG-gated 3D imaging

Already in 1956, shortly after the invention of two-dimensional ultrasonic imag-
ing, the principle of 3D imaging was described and rudimentary images were
demonstrated on an oscilloscope®2. Later, a mechanical position recorder was
combined with B-mode imaging to produce cross-sectional images of the heart,
with unconstrained positions of the cross-sections 1925,

An early commercial provider of equipment and soft-ware for 4D echocardio-
graphic data reconstruction was Tomtec Imaging Systems GmbH, Germany 4869,
Data were acquired by a trans-esophagus probe with a phased array transducer,
mounted through a stiff tube. During data acquisition, the probe was pulled
back in the tube and thereby scanning a 3D region over several heart cycles. The
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Figure 10: Two ways to temporally interpolate between successive image frames:
left: interpolation at a fixed spatial location (i.e., in Euler coordinates), right:
interpolation at a fixed anatomical location (i.e., in Lagrange coordinates).

two-dimensional images were captured as video frames and aligned in time and
space off-line, thus forming a 4D data set.

There have been several improvements of the methods for ECG-gated 3DE.
Stepper motors have been used to make tilted transthoracic scans??, magnetic
location registration has been utilized to reconstruct B-mode images into volu-
metric data sets??, and also to create dynamic 3D scan line data from B-mode
scan lines?.

The advent of matrix transducers has made a new method for cardiac gating
possible: Since the beam can be steered freely in space, the total scanning volume
can be subdivided into smaller volumes scanned in separate cardiac cycles. This
form of gating can be called volume stitching and is investigated in papers B and
D.

2.3 Morphing

When an image stream with low frame rate is displayed without any temporal
interpolation, moving targets tend to have a staggering look. Plain temporal
interpolation of image data

&ij(t) = (1 — )& (to) + iy (tr) (3)

makes the motion look more smooth, but at the cost of lost detail. This is an
example of a morphing (a smooth, continuous transition from one image into
another one), but other morphing algorithms exist as well. If, for each point
rqp in the frame at time ¢y, a point r.4 in the frame at time ¢; could be found that
showed the same anatomical location, the calculation (3) could be generalized (as
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Figure 11: The Doppler effect. Left: a moving point source®; right: a moving
partial reflector.

shown in figure 10):
£i; (1) = (1 — @)€ap(to) + abealtr), (4)

For given i and j, the indices a, b, ¢ and d need to be decided. This principle
is addressed in paper A, where pulse-echo velocity measurements are utilized to
estimate the locations r,;, and r.y in cardiac ultrasound images.

3 Velocity estimation

Ultrasound backscatter imaging can, in addition to utilize backscattered ampli-
tude to form gray-scale images, also be used to measure velocities in tissue or
blood, as initially proposed in 19573% and with numerous later refinements. In
this thesis, velocity data obtained by pulsed ultrasound are used for two different
purposes: i) as input to an algorithm for image morphing (paper A) and ) as
input to an algorithm for automatic detection of a gating signal for the fetal heart
(papers C and D).

Two different principles are commonly used for velocity measurements by
ultrasound: Doppler measurements and speckle tracking (Paper A utilizes both
techniques, while papers C and D only utilize Doppler measurements). The basic
theory for both principles is presented in this section.

3.1 'The Doppler effect

When a moving object emits or reflects sound, the motion of the object causes
a frequency shift of the emitted/reflected sound waves, see figure 11. This phe-
nomenon was discovered by Christian Doppler in 1842 and is called the Doppler
effect. The frequency shift A f for a continuous wave propagating with velocity ¢
and reflected by an object with constant velocity v in the propagation direction
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is given by the Doppler equation

Af=~fo, (5)

where fy is the frequency before reflection and fy + Af is the frequency after
reflection.

In soft human tissue, the propagation velocity is commonly assumed to be
¢ = 1540 m/s, while the velocity of the scatterer is in range v ~ 0.1 — 1 m/s.
Thus, the relative frequency shift is very small, less than 0.1%, and is difficult to
measure accurately. Two different approaches have been widely used for Doppler
measurements:

e Continuous wave (CW) Doppler, a technique where a continuous, sinusoidal
wave is transmitted. The Doppler shift in the reflected signal then has con-
tributions from reflections in all locations along the beam. With a transmit
frequency of 3 MHz (typical for cardiac imaging) and a blood velocity of
1 m/s, the frequency shift fall in the range of kHz and is audible to the
human ear.

o Pulsed wave (PW) Doppler, where short pulses with wider frequency range
are emitted. If the spectrum of the transmitted and received pulse were
possible to measure accurately, the velocity of the reflector could have been
calculated from one single pulse by substituting center frequencies fy and
Af into (5). However, since i) the frequency shift is tiny compared with
the bandwidth of the pulse, i) the accuracy of both pulse transmission and
receive signal sampling is limited and 4is) there generally are several contri-
butions to the frequency shift of the received signal, originating from scat-
terers with different velocities, this simple approach is not feasible. There-
fore, PW Doppler measurements use several pulse firings, with a constant
pulse repetition frequency, in each beam direction, and the back-scattered
signals are sampled and analyzed. The registered echoes corresponding to
a specific spatial location are modeled as samples from a complex Gaussian
process z(t) at times ¢1,- -+, ¢ty *. Each sample z(t;) is the complex envelope
of the reflected signal in the observed range, thus representing the ampli-
tude (by |z]) and phase (by arg(z)) of the reflected pulse. The properties of
the process z(t) are, if the process is stationary, completely characterized
by either the autocorrelation function R(7), or, equivalently, by the power
spectrum G(w) = F(R(r)), where by definition R(1) £ E(2(t + 7)2(t)*).*

3.2 Autocorrelation

The autocorrelation technique for measuring the Doppler shift in PW Doppler
was first introduced for pulsed RADAR imaging 7" and later applied to ultrasonic
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Doppler spectrograms and 2D Doppler blood flow imaging %34,

If 2(t;) is a discrete stationary process, the autocorrelation R(m) between
two samples at times t; and 4., depends only on the lag m®, and a commonly
used estimator for R(m) based on the observations {z(¢;)} is

Z tk +7n tl.) (6)

From Ry (0) and Ry(1), the following characteristics of the spectrum of the

Doppler shift may be derived ®7:

Power The mean reflected signal power is estimated by Ry (0). A high value of
Rn(0) indicates a strong echo.

Angular velocity The mean angular velocity is estimated by
wy = arg Ry (1). (7)

The scatterers’ mean velocity vy along the beam direction follows from (7)
by inserting Af = wy /27 into (5):

wWN
UN = e (8)
Note that wy At resides in the interval (—m, 7], implying that a velocity

with high magnitude will be folded into the 1nterval T sz (—1, 1], an effect
called aliasing.

Spectrum spread The bandwidth of the angular velocity is estimated by

_ |Bn (1)]
)

The first application of the pulsed Doppler technique in ultrasonic imaging was to
measure the blood velocities and present them as Doppler spectrograms. When
measuring blood velocities, there are generally several contributors to the ve-
locity estimate of the reflected pulse: a variety of blood cells (which may have
different velocity, in particular if the velocity field is turbulent) and reflections
from surrounding tissue structures (reverberations, side lobes), give echo with
varying Doppler shift. The estimate wpy is a combination of all these echoes
and the resulting spectrum is therefore wider than that of a single reflector echo.
Since tissue cells scatter the pulse with considerably higher amplitude than blood
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cells do, wy will often severely under-estimate the true blood velocity. The low-
frequency part of the Doppler shift is called clutter, and several well-performing
methods for clutter rejection have been described 1042,

The Doppler autocorrelation technique has been utilized not only for blood
velocity estimation: Local measurements of the myocardial velocity (i.e., tissue
Doppler imaging, TDI) is possible to perform as well 3. Since the mid 1990s this
imaging mode has been present in commercial ultrasound scanners, and other
imaging modes derived from TDI, such as strain rate imaging, strain imaging
and displacement imaging, have been introduced as well 2.

Doppler imaging is a computationally cheap technique and real-time Doppler
imaging has been common for over two decades. There are, however, limita-
tions: Firstly, only one component of a 3D vector is measured. If this fact is
not well understood by the sonographer, invalid interpretations may result from
examinations involving Doppler imaging. Secondly, aliasing is a concern when
configuring the imaging system. Using a too low Nyquist limit implies incorrect
measurements of velocities with high magnitudes, whereas a too high Nyqvuist
limit reduces the accuracy of the Doppler shift estimates and hence degrades the
image quality.

3.3 Speckle tracking

The fine-grained pattern found in ultrasound images originates from interference
of back-scattered signals from different scatterers, and this pattern is relatively
constant from frame to frame in the image sequence. A different approach to
velocity estimation is to track the speckle pattern in two- or three-dimensional
image data from frame to frame, a technique called speckle tracking.

Consider two successive frames Xg = X (t5) and X; £ X(41) in a stream of
image frames and a position r in the image Xy. The objective of the speckle
tracking technique is to find the position r’ in X; showing the same anatomical
location as r in Xy, see figure 12. This is done by an exhaustive search, within a
search region S, after the point where the neighborhood image K(r, Xy) contents
surrounding r in X is most «similar» to the corresponding K{(r', X;):

r’ = argmingc g(ryd (K (r, Xo), K (F, X1)) . (10)

The metric d quantifies the distance between kernel images and may be of different
kinds, as described below. From (10) we readily get the estimate ¥ for the velocity
vector in r at time fg:
r' —r
t1 — 1o

The principle described above applies to both 2D and 3D image sequences.
The technique was initially proposed in the early 1970s® (named «a class of

‘A’<r7X7 t()ytl) =

(11)
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Figure 12: 2D velocity vector estimation by speckle tracking. Left: tracking
the speckle pattern directly in the beam data of a sector scan; right: tracking the
pattern in data sampled on a Cartesian grid (i.e. scan-converted data).

algorithms for translational image registrationy). The first applications in ul-
trasonic imaging were described a decade later, both utilized for optimal image
compounding %® and for 2D blood velocity vector estimation %6.

There are various aspects to consider when implementing the velocity estima-
tor (11):

Kernel metric Different criteria for kernel matching have been evaluated 38,
including the sum of square differences, the sum of absolute differences
(SAD) and correlation coefficient. SAD is commonly used due to simpler
computations.

Image representation The image data undergo a number of processing steps
during imaging, and several of the intermediate representation forms may
be used for the speckle tracking search: RF cross correlation, beam space
amplitude data, scan converted amplitude data, gray-scale pixel values.
Figure 12 shows the different setup of beam data tracking and Cartesian
data tracking. In paper A we utilized a SAD algorithm performed on up-
sampled beam data.

Kernel size The size of the kernel impacts not only the computation time, but
the estimator accuracy as well: If the kernel is too small, the SNR of the

23



Introduction

cost function will be higher than necessary, implying a high SNR also for the
tracking result. A too large kernel size will, if the motion is non-uniform,
include locations with different velocity in the matching and may thus give
incorrect results.

Search area The search area must be large enough to cover the maximal dis-
placement |r’ —r| anticipated for the motion of the target in the time from t
to t1. On the other hand, a too large search area causes slower computation
of the velocity estimate and, if the image noise or the image decorrelation is
large, it is more likely to find the minimum of (10) in an incorrect location.
The lower the frame rate/volume rate, the larger the search area needs to
be.

Spatial resolution of the image: The spatial resolution of the velocity estimate
depends on the resolution of the image itself. The displacement estimate
(10) can in good cases have one pixel or better accuracy °*%9. However, since
a neighborhood of the considered location r is used in the SAD calculation,
the estimate has inherent spatial averaging and, consequently, the resolution
of the velocity field estimate corresponding to independent sampling will
generally have lower resolution than the image. Note also that the spatial
sampling rate of the image data should preferably not be lower than the rate
corresponding resolution given by the PSF (if not, the pattern of a given
anatomical location in frame Xg might look differently from the pattern in
frame X1, leading to an increased minimal cost and greater possibilities for
«untruey local minima).

Image decorrelation A reliable displacement estimate needs a high local cor-
relation between the neighborhoods of a given anatomical location in suc-
cessive image frames. The main factors decreasing the said correlation are:
i) substantial deformations over distances smaller than the kernel size, i)
target rotation, #¢) ultrasound imaging system is not completely transla-
tional and rotational invariant, iv) thermal noise in the image and finally,
specifically for 2D image data, v) target motion out of the image plane.

Temporal resolution A high temporal resolution of the image data results in
small maximal displacement and thus a small search area. In addition,
there will be less decorrelation between successive images, resulting in a
lower minimum value in (10) and thus a more accurate velocity estimate.
On the other hand, if the temporal resolution is high and the motion small
(e.g., lateral motion less than one beam width), sub sample estimation
errors may occur.

Signal to noise ratio (SNR) An image with a high level of thermal noise (low
SNR) will exhibit decorrelation between successive images and a relatively
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high minimum value in (10). Consequently, decreasing SNR yields reduced
accuracy of the velocity estimate. A way to improve the the SNR for the
SAD calculation is to restrict velocity estimation to points with a strong
echo (a technique often referred to as feature tracking4°).

Image artifacts Artifacts such as static reverberations may give rise to incor-
rect local minima of (10) and can therefore degrade the estimator accuracy.

Computational efficiency The Doppler autocorrelation in (6) is very effective
- O(Npuises) where Npyises < 5 is the number of pulse firings in each beam
direction. Clutter rejection may come in addition. Speckle tracking has
algorithmic complexity O(Nsearch Neernet ), where Nyegren is the number of
image samples in the 2D search area/3D search volume, and Nyepne s the
number of image samples in the kernel matching area/volume. Moderate
values in practical searches are Nyeqren ~ 100 / Niepner ~ 25 for 2D tracking
and (suggestively) Nseqren ~ 1000 / Ngerner ~ 100 for 3D tracking. Both
Doppler estimates and speckle tracking estimates normally utilize spatial
averaging after the local estimation.

4 Summary of papers

This thesis describes techniques that may provide increased temporal and spatial
resolution when ultrasound systems capture or present volumetric echocardio-
graphic data sets. FEach of the four papers that constitute the thesis are self-
contained, and they are presented exactly as published.

Two different techniques have been investigated: temporal morphing (paper
A) and gated acquisition with stitching (papers B to D).

In a real-time volumetric scan of the full LV, the data acquisition rate can
become very low - maybe as low as 10 volumes/s il a high spatial resolution
is required. Temporal morphing, i.e. smooth, continuous transitions between
successive frames, is a technique to improve the presentation of data with low
acquisition rate. Paper A shows how velocity data, either obtained from the im-
age data by speckle tracking or acquired in an extra tissue Doppler data stream,
can be utilized for calculation of morphed image data with any frame rate. The
technique applies to both two-dimensional and three-dimensional data. The algo-
rithm was tested on temporally decimated B-mode data, thus morphed B-mode
images were created and compared qualitatively and quantitatively to the original
images. Four different velocity field estimates were evaluated: two local velocity
field estimates and two estimates comprising a model fit and a global velocity
estimate. One of the model based estimates, the myocardium field estimate, was
the one yielding the best image quality of morphed images.
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A novel estimator for tissue velocity vectors was introduced: Doppler aided
speckle tracking (DAST). The estimated 2D or 3D velocity vector was obtained
by combining a Doppler autocorrelation estimate along the beam with a speckle
tracking estimate transverse to the beam. The DAST velocity estimates were
utilized in the morphing calculations.

A test of the diagnostic value of the morphed images was performed. A blinded
wall motion scoring test was conducted using data from 20 patients picked ran-
domly from a large data base. Pathological classification of myocardial segments
was performed twice (based on original B-mode cine-loops and on decimated and
morphed cine-loops). The test showed a relatively good match between the re-
sults in the two cases, even though the morphed cine-loops had frame rates as
low as 12-18 fr/s.

Original contributions from paper A: Introduction of the DAST estimator for velocity

estimation. Description and implementation of image morphing, i.e temporal interpolation in
Lagrange coordinates, utilizing DAST velocity estimation in B-mode ultrasound images.

Paper B demonstrates multicycle stitching of ultrasound data in real time. A
computer program for real-time stitching was implemented, running integrated
with the scanner control software on a Vivid 7 ultrasound scanner. The concept
of geometrical distortion due to tissue motion was formalized and a quantitative
measure for the distortion was proposed. By simulating 3D ultrasound scans in
a kinematic model of the left ventricle, the reduction of distortion obtained by
multicycle stitching was quantified: For a typical, fixed scan setup of a full LV
scan, the peak distortion was reduced from 9 mm for an unstitched scan to below
2 mm for a stitched scan acquired over 6 or 8 cardiac cycles (utilizing a constant
heart rate of 59 beats/min and identical scan setups for the stitched and the
unstitched scans).

A clinical test was performed, where two kinds of stitched volume acquisition
were compared: Stitching with real-time display and post-processed stitching.
Even though the operator found the real-time display useful for better control
of stitching artifacts, neither reduced examination time nor increased quality of
the stitched data sets was found for the real-time method compared with the

post-processed method.

Original contributions from paper B: Real-time stitching and presentation of volumetric
ultrasound data from several consecutive cardiac cycles was described and implemented. The
concept of geometrical distortion was formalized, and the amount of distortion was quantified
through simulations based on o kinematic model of the left ventricle.

Paper C introduces a novel technique for synchronization of ultrasound data:
Tissue Doppler gating (TDOG). Due to lack of an ECG signal for gating, 3D
ultrasound images of the fetal heart have traditionally been cumbersome to re-
construct. Even though the existsing spatio-temporal image correlation (STIC)
technique is commercially available, it only provides 3D reconstruction as a post-
processing step. When using TDOG gating, extra frames with two-dimensional
tissue Doppler data were acquired together with the B-mode frames, and the
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Doppler data were transformed to a synchronization signal (the TDOG signal).
To test the technique, data were acquired from eight different fetuses with gesta-
tional age from 20-24 weeks. A manual sweep was performed in each recording,
ensuring that the recorded B-mode sequence covered the entire fetal heart. Spa-
tially averaged tissue Doppler signals were calculated and the resulting TDOG
trace was shown to exhibit strong peaks caused by the rapid relaxation of the
myocardium. The time points of the peaks were detected and used to create
gated, four-dimensional (three spatial dimensions and time) data sets covering
the entire fetal heart. Successful visualizations were obtained for four of the fe-
tuses, and 2D cine-loops from the eight standard views of the fetal heart were

successfully extracted from one single 4D data block.

Original contributions in paper C: Description and implementation of TDOG as a new
technique for cardiac gating. Successful application of TDOG in fetal echocardiography, ezam-
ple images presented.

To test how TDOG could perform as a clinical tool, a prototype with real-
time TDOG signal processing was implemented. In paper D it is demonstrated
that a TDOG signal can be calculated in real-time, and that it is feasible to
use the TDOG signal as a replacement for ECG when doing stitched, volumetric
scanning of the fetal heart. Thus, the techniques of paper C and paper B were
combined, and the TDOG technique provided instant visualization of the three-
dimensional fetal heart scans at 60 volumes per second. However, the utilized
probe had too low resolution for high-quality fetal heart imaging, and the image
quality obtained was not sufficient for clinical use. If a matrix probe optimized
for resolution at 5-8 cm depth becomes available, the method may provide the

best known gating technique in the future.

Original contributions in paper D: A prototype real-time implementation of the the tissue
Doppler gating technique was made. In-vivo fetal cardiac data were acquired acquired and
presented.

5 Discussion

The ultimate goal when constructing 3D echocadiographic systems is to provide
both high spatial resolution and high temporal resolution in real time, with an
acquisition volume large enough to cover the full left ventricle (LV). Implementing
a high degree of parallel beam processing is a good step towards this goal, but
it is unrealistic to achieve both high frame rates and full cardiac coverage by
parallel processing alone (see section 2.1). As transducer technology continues
to progress, it is likely that the spatial resolution will improve due to increased
number of elements and support for higher frequencies, and consequently more
beams are required to cover the LV in one scan. Therefore, to be able to acquire
and present 3D data at both high spatial and high temporal resolution in the
future, the techniques presented in this thesis will still be relevant.
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The morphing technique in paper A was shown to reduce image smoothing
artifacts due to temporal up-sampling for ultrasonic images with low frame rate
(10-20 frames/s). Image morphing relies on a velocity field estimate for the im-
aged region in each frame, with the extra condition that the integrated velocity of
the whole cardiac cycle should vanish. In paper A a simple scheme for drift com-
pensation was used (A.18), distributing the error accumulated over the cardiac
cycle evenly on all frame-to-frame estimators. This approach has a disadvan-
tage: if a large error occurs in a position in one frame while the other frames
has accurate velocity estimators at that point, this single estimation error de-
grades the compensated velocity estimator (and thus the morphed images) in the
whole cycle. Several different approaches to error corrections exist and should be
considered when refining the morphing implementation presented in paper A:

o Two-way tracking: If each frame-to-frame displacement was tracked both
fowards and backwards in time, the mean of the two displacement vectors
could have given a more reliable result than just using one of them. Also, a
large difference between these two vectors would have indicated inaccurate
tracking.

e One could use dynamic programming for finding the most plausible dis-
tribution of the error term in (A.18) among the frames. In frames with
a low correlation coefficient between the best match kernels, a large drift
compensation could be allowed.

e Spatial processing for selection of the statistically «best» estimate in a
region (e.g. the mean of the vector estimates in the regian, the median of
each component the vector estimates or a least square error estimate).

e Feature tracking, i.e. restricting start points for the displacement search to
locations with a strong echo4°.

In paper A, we found that the two model-based velocity field estimates performed
far better than the purely local ones when utilized for image morphing. However,
the extra step with model extraction implies an additional risk, since the model
may not be correctly fitted to the data. If a model used for image morphing
is unable to handle motion patterns present in a pathological case, then the
morphed data would show artifacts in the pathological region and therefore not
be very helpful for the sonographer.

However, even with this potential drawback, the wall motion scoring evalua-
tion showed that the morphed images were still carrying most of the information
needed for classification of the myocardial segments.

As seen in paper A, the morphings with the best image quality utilized semi-
automatic model fitting when calculating the myocardum field estimate for the
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velocity field. In a clinical setting, the need for manual assistance would be a
major drawback of the method. For a method involving model fitting to be
practically usable, it should utilize a fully automatic LV shape detection with
both radial and lateral displacement estimates. Hence, combining deformable
contour tracking, e.g. as described by Orderud?”, with a 3D-implementation
of the morphing algorithm in paper A, could provide a practical way of image
quality improvement, for low volume-rate 3D data.

The other approach to increase temporal resolution, presented in papers B
and D of this thesis, utilized cardiac gating of a 3D volume partitioned into a
fixed number of sub-volumes. The assembled volumes were merged and volume
rendered in real-time, thus providing immediate display of cardiac 3D data with
e.g. four times higher temporal resolution than was possible without gating. Even
though progress is made by the ultrasound imaging industry towards fully usable
real-time 3D scanners for cardiac examination, there will still be circumstances
where gating as presented in papers B will significantly improve the results:

e Second harmonic imaging is more challenging for massive parallel beam
processing, since the mechanical index (MI) needs to be higher than in
fundamental frequency imaging. Transmitting wide beams with high power
easily overheats the probe surface. In a gated scan, one could use a narrower
transmit beam and still cover the full LV.

e When acquiring 3D color Doppler data or 3D tissue Doppler data, the ac-
quisition rate demand is even tougher than for 3D gray-scale images. Thus,
the volume stitching principle will continue to be useful for 4D hemody-
namic analysis of the cardiac cavities, and for 4D analysis of myocardial
tissue viability.

e For a detailed 3D morphological study of the valve motion one would need a
particular high temporal resolution, since some of the valve motion exhibit
high velocity and high acceleration.

However, it can be very difficult to apply the stitching technique on some patients.
The two main problem areas being heart rate variations and respirational motion.
For patients with constantly varying heart cycle length, there will frequently be no
acquired subvolumes that can be well aligned, giving stripe artifacts in the images
due to the misalignment. Likewise, if the general condition of the patient is so
weak that breath-hold is not possible, the probe often gets displaced relative to
the myocardium due the respirational motion of the chest. This gives misaligned
subvolumes, too. The main rationale for the real-time stitching mode presented
in paper B was to eliminate stripe artefacts by letting the sonographer monitor
the stitching quality during acquisition. Disappointingly, no significant stitching
quality improvement could be proved by the conducted clinical test.
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Paper C and D outline a technique for data acquisition of 3D fetal heart
data corresponding to the one for transthoracic imaging introduced in paper B.
As was shown in paper C, a successful TDOG recording could provide a 4D
data block from which 2D cine-loops of all classical views of the fetal heart were
extracted. However, as the TDOG gating signal was derived from Doppler shifts,
only motion along the beam was intercepted and the method did not work well
for subcostal insonation (only 2 of 5 fetuses presented in paper D had an adequate
gating signal). A combination of the TDOG signal with image based analysis,
e.g. spatiotemporal image correlation (STIC), could potentially provide robust
real-time gating, even when only subcostal insonation is possible.

In fetal cardiac imaging, the scan angle is smaller (= 30°) than in transtho-
racic imaging (=~ 65°), thus the availible cardiac matrix probes can be set up
to yield a higher temporal resolution for fetal heart applications than for adult
hearts. However, fetal heart imaging is demanding both regarding spatial res-
olution, due to small size, and temporal resolution, due to high heart rate. A
dedicated matrix transducer for transabdominal imaging of the fetal heart should
therefore have larger aperture and higher frequency, thereby effectively increasing
the spatial resolution.

How would an ideal transducer for fetal heart imaging be? The challenges
are substatial when designing a probe with sufficient element count and a beam
forming system with high enough processing capacity: Since the scan angle need
not exceed 30°, an element pitch of A would be sufficient. If the aperture was
increased from the current ~ 15 mm to 20mm in a square transducer, and the
frequency was increased to 5 MHz transmit 10 MHz receive, we would get a wave
length of A = 0.15 mm, an element count of more than 17000. At 5 cm depth, the
beam with would be fyA ~ 0.4 mm, thus 68 beams would be needed in each scan
direction and over 4500 beams required for a full volume scan. The propagation
time for one single pulse at 8cm scan depth would be about 0.5 s, and 50 parallel
beam processing channels would give a temporal resolution of 100 fr/s (which
typically gives 40 frames per cardiac cycle). The massive parallel processing
would require wide transmit beams, giving a relatively high side lobe level and
consequently a low SNR. Such an imaging system might become available in the
future, but does not seem realistic for the time being.

Even a real-time system with a 3D image quality comparable to the one
demonstrated in paper C, where a receive frequency of 5 MHz was utilized for a
gated recording with ~ 100 frames/s, would be very challenging to construct. A
matrix transducer similar to the 3V probe utilized in paper D, but with higher
frequency to increase spatial resolution, would need a form of gated acquisition to
match the frame rate at a full cardiac scan. Such a high quality imaging system
may be realizable in a shorter time frame, and the technique of paper D should
be of high relevance for a high frame rate set-up.
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6 Conclusion

The challenges of achieving high frame rate in 3D ultrasound imaging, imposed by
the restrictions given by the speed of sound, make special techniques for boosting
the frame rate relevant also in the future. The two approaches investigated in
this thesis, morphing and sub-volume stitching, are practical solutions to this
challenge and are potential building blocks of commercial ultrasound systems.

The morphing technique, though having limitations due to noisy velocity field
estimates, provides means for increasing the display update rate in data streams
with as low acquisition rate as 10-15 frames/s. For example, 3D tissue Doppler
imaging is an imaging modality where high frame rate simulation through mor-
phing has a potential benefit.

The stitching technique is already present in some commercial products, but
might lose relevance as processing hardware for parallel beams improves. How-
ever, when maximal temporal and spatial resolution is desired, cardiac gating
will probably continue to play a role, and one might anticipate that the real-time,
stitched scanning mode will be present in future systems as well. In particular in
fetal cardiac imaging, when the heart rate is high and a high spatial resolution
is needed, robust and automatic means for image stitching can become valuable.
When dedicated matrix probes for high-resolution 3D fetal imaging become avail-
able, the real-time TDOG technique will give an opportunity for optimizing both
spatial and temporal resolution.
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PAPER A

Increasing frame rate in ultrasound
imaging by temporal morphing using
tissue Doppler

Svein Brekke, Charlotte B. Ingul, Svein A. Aase and Hans G. Torp
Dept. of Circulation and Medical Imaging, NTNU, Trondheim, Norway

Abstract

The diagnostic value of echocardiographic images seems to diminish when the frame rate
is low. In this work, morphing based on velocity information was utilized to improve
the perceived smoothness of B-mode cine-loops with low frame rate. Based on an
estimate of the velocity field calculated from B-mode speckle tracking and tissue Doppler
measurements, morphed cine-loops with arbitrarily high frame rate were created.

Morphing was applied to cardiac ultrasound cine-loops with apical insonation. The
quality of the morphed data was evaluated by removing frames from duplex B-mode
and tissue Doppler recordings, then replacing the removed B-mode frames with morphed
ones. The decimated and morphed sequences were compared to the original ones.

Wall motion scoring, a subjective evaluation technique for regional viability of the
myocardium, was applied to data from 20 patients with varying pathology. 60 cine-loops
were scored twice, first with original data and later with morphed data. The results
were compared for each recording, and the scorings were identical in the two cases for
94% of the segments.

We conclude that much of the diagnostic value is retained in recordings with 15
frames per second when temporal morphing is applied.

IEEE Trans UFFC, vol. 53, no. 5, pp. 936-946, May 2006.
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1 Introduction

In ultrasonic imaging of the human heart, one always has to find a compromise
between image quality and frame rate, in particular when doing color Doppler or
tissue Doppler imaging. When acquiring real-time 3D cardiac ultrasound data,
this compromise becomes even harder. However, there are techniques to enhance
the display of ultrasound data when the frame rate is low.

When the data rate of an ultrasound scan is below the screen refresh rate,
a common way to make the motion look smoother is to interpolate the data
at a given screen refresh time as a linear combination of the previous and next
ultrasound data available. (This is possible if the display lags 1 frame behind
the data acquisition.) If the target of the image is moving or deforming, such
interpolation creates artefacts, and when in cardiac imaging the frame rate gets
below 20, smoothing artefacts become severe.

There are however other methods for creating intermediate frames that bet-
ter preserve structure. An image metamorphosis, or a morphing for short, is a
continuous, smooth transformation from one digital image to another 7. In this
work, tissue velocity data were utilized to create morphed frames in echocardio-
graphic image sequences, and a specific clinical context was considered: Stress
echo examinations of the adult left ventricle (LV).

In this application area, the patient’s heart rate is high and thus high frame
rate is required. Furthermore, simultaneous recording of 2D tissue Doppler and
B-mode images are often advantageous, and it is even possible to record tissue
Doppler data at a higher frame rate than the B-mode data'?. In addition, with
a 2D array probe, simultaneous tissue Doppler recording in two or three imaging
planes has become feasible, which further reduces the achievable frame rate. A
typical setup on a Vivid 7 system from GE Healthcare can be at least 50 frames
per second in tissue Doppler and 10 frames per second for B-mode in each of three
image planes. With real time 3D tissue Doppler imaging of the left ventricle,
acquisition rates will become even lower - probably below 10 gray-scale volumes
per second. Adequate algorithms for morphing 3D gray-scale images will then be
helpful when striving to sustain B-mode image quality.

To calculate a continuous morphing from one frame X (t,) into a successive
one X (1), the velocity field in the entire image is required. Two different sources
of information are commonly used to estimate velocities of human tissue by ul-
trasound: Doppler autocorrelation and speckle tracking.

Tissue Doppler

Since the 1980s, ultrasound scanners have used Doppler autocorrelation tech-
niques to measure the blood velocity field in B-mode images '*. The velocity field
is usually presented to the operator as a colour overlay to the B-mode image.
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The same technique was also proved to work for tissue velocity measurement and
display 122, The radial velocity component of the muscle may be estimated from
Doppler shifts measured in the myocardium, but the lateral velocity remains un-
known, often referred to as angle-dependency of the method ?*. (Directions are
specified relative to the ultrasound beam: Radial direction is along the ultrasound
beam and lateral direction is perpendicular to the beam.) Another limitation by
the Doppler approach is the aliasing problem: The measured radial velocity is
correct only if the Doppler shift does not exceed half the pulse repetition fre-
quency?.

Despite of the limitations, tissue Doppler has proved to be a useful tool for
assessment of myocardial ischemia?’. A recent step forward towards automatic
quantification of left ventricular function is auto-detection of apex and the atri-
oventricular plane (AV-plane) by tissue Doppler, demonstrated in Torp et al. 23.

Speckle tracking

In ultrasonic as well of other types of backscatter imaging, the relative position
of scatterers within a region creates an interference pattern in the image. The
pattern in a given position remains relatively unchanged from frame to frame in
an image sequence, even though the structures in the image moves or deforms 6.
This fact can be utilized to calculate the displacement of the tissue in a specific
location r from one frame to the next, by searching for the speckle pattern sur-
rounding r in different but nearby positions. Performing speckle tracking from
one frame to the next in every point in an image results in an estimate &,J 2 cAl(r,L«j)
of the tissue displacement between the two time points. However, the spatial res-
olution in the derived displacement field is lower than that of the image itself,
since neighbouring resolution estimates are strongly correlated. The mean veloc-
ities in the image between the two frames X (to) and X (t1) may be estimated by
¥ = d/At. Early work on speckle tracking include Barnea and Silverman 2 (a
generic formulation of pattern tracking using sum of absolute differences, SAD),
Trahey et al.?* (using the displacement field for enhanced compound imaging)
and Bohs and Trahey?; Trahey et al.?® (using it to estimate magnitude and di-
rection of blood flow). Speckle tracking used to generate images of the elastic
properties of human tissue has also been investigated by numerous contributors,
e.g. O’Donnell et al.'7; Ophir et al.'®; Varghese and Ophir?®. Recently, speckle
tracking has been used for both strain rate imaging and anatomic tracking of re-
gions in the myocardium®. Furthermore, warping (nonrigid mappings from one
image into another) derived from tracking of larger blocks, has been used for
image quality improvements in compound ultrasound imaging %13,

This work shows how velocity estimates obtained by speckle tracking and
tissue Doppler may improve image quality through morphing of B-mode data
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with low frame rate, and the diagnostic value of B-mode data with different
frame rates has been evaluated. The text continues with five parts: A theory
section with description of concepts and notation, a section describing the method
and material used in the experiments, a section presenting the results of the
experiments, a section with discussion of the results and finally a conclusion.

2 Theory

2.1 Tracking motion in deforming bodies

Ignoring, for a moment, that an ultrasound image is a discreet representation of
a continuously moving body, a 2-dimensional moving image can be described as
a continuous function of time and space.

X(r,t); with X : D x [0,T] - R (A1)

The domain D of the image mapping X may either be a part of a 2-D plane
(usually a sector or a rectangle), or of 3-D space (e.g. a pyramidal volume), and
the mapping is defined for all spatial coordinates r € D. Our goal is to find an
estimate X for the intermediate mappings X (r,t) given two “frames”, i.e. given
the full image at two specific moments in time:

X(r,t]to, t1, X(r,t0), X (r,t1)) (A.2)

A simple estimate for the intermediate sequence can be written

X(r,t) = (1 —a)X(r,t0) + aX(r,t). (A.3)
In each point, this is a linear combination of the images values in the two sampled
frames. The ratio a = £=% runs from 0 to 1 as £ runs from g to ¢;. Interpolation

in a coordinate system that is fixed in space is often referred to as interpolation
in Buler coordinates, see figure A.1.

When imaging the myocardium with inter-frame delay t; — tg equal to 50 ms
or more, the values X(r,t) and X(r,¢;) will be sampled from different locations
that may be as much as 5-10 mm apart '°. Thus, the estimate in (A.3) degrades
as frame rate decreases. A possible way to enhance the estimate in (A.3) is to
follow myocardial motion in the interpolation: If for any ry in the first given
frame X (r,ty), the position of the same scatterer in the second frame X(r, ;) is
denoted by rp, then for the location t at time ¢ € (to, 1) on the particle path, an
enhanced estimate could be written

X(f‘, t) = (1 — OC)X(I'(), to) + OéX(I‘l, tl) (A4)
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a6 06

Frame ! ——» Frame?2 Frame | ——» Frame 2

Figure A.1: Left panel: Interpolation in Euler coordinates, summing the echoes
from two different material points. Right panel: Interpolation in a Lagrange-
coordinates, summing the echoes from the same material point.

which is a linear combination of two echoes reflected by the same scatterer, with
I being the position of the actual scatterer at time ¢. Coordinates that follow the
particle path in each location is referred to as Lagrange coordinates, see figures
A1l and A.2. If the velocity field v(r,t) was completely known and a particle
was located at ro at time %, the path r(¢) of this particle may be calculated
numerically for any ¢t > ¢, from

t
F(t) =rg +/ v(F(r), T)dr. (A.5)
to
The only inaccuracy of the estimator in (A.4) would then be the sampling error
in obtaining the two images. However, available velocity estimates are neither

very accurate, nor very densely sampled in space.

Now, let X (¢) & X(r;;,t) = {&;(t)} be an ultrasound B-mode image sampled
at time f, where &; are the individual gain-compensated and log-compressed
image samples. The indexes i € {1,---,5} and 5 € {1,---, B} denote sample
number in radial and lateral direction and spans a grid that may be of sector type
or linear type, S being number of samples per beam and B the number of beams
in the grid. (Generalization to 3-D is straight forward with points r;;, € R?; one
index for each dimension). Let X (¢p) and X (t;) be two successive ultrasound
frames, and assume that a velocity estimate V(7) £ {¥;(T,)} is sampled on
the same spatial grid as X, but on different time points 7 £ {T,,}{’ satisfying
To <ty <T) and Ty_1 < t; < Ty. The aim is to find a smooth transition of
the image X (to) into X (¢;) defined for all intermediate times ¢ between ¢y and
t1, i.e. an estimate of the form

X(tIto, t1, X (t0), X (t1), V(T)). (A.6)
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A

(ri,n)
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>

Figure A.2: A possible path r(t) of one anatomical location in the image.

Interpolated frames in a fixed coordinate system (Fuler coordinates) are cal-
culated by applying (A.3) to each sample r;;, causing many of the estimated
samples éu (t) to be a weighed sum of echoes from different material points. The
result for the whole image is smearing or duplication of small structures. One
way to reduce the artefacts is to use an approximation to the true Lagrange in-
terpolation in (A.5). Consider a grid point r;; for which a good estimate &;;(¢)
is required, and let the points ry, in X (tg) and r.q in X (¢1) be chosen so that a
particle path from rg, to req passes through r;;, as in figure A.2: An enhanced
estimator for the morphed pixel can then be written as a linear interpolation
between the pixel values:

Ei5(t) = (1 — @)éup(to) + aualts) (A7)

When calculating the mophed images presented in this work, the velocity
was assumed not to change much between ¢y and ¢y, justifying that the particle
motion from ryy to r.g was approximately constant. Thus, each morphed image
sample was calculated by setting

ri; —avy (1) - to)
rij + (1 — a)¥y(T7) (6 — to)

Tap
Ted

(A.8)

Q

in (A.7), with integer indexes a, b, ¢ and d. The utilized velocity ¥;;(1"), T’

being the acquisition time of the tissue Doppler frame closest to %(to + t1), was

the velocity estimate closest in space and time to the morphed image sample.
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Though not investigated in detail in this study, one should be aware there are
other and possibly better ways than (A.8) to calculate rg, and rqg based on V:

1. If any one of the velocity gradients

av(r) vy %
G é:{gﬁ: & (A.9)
dy Jy

is large, then V., (7") may differ substantially from v.4(T"), and it would be
appropriate to incorporate both in the estimator, e.g. by using the mean
of these two velocities: Find points ry, and r.q satisfying VAL = r.q — rop
where v = 2 (Vo (T") + Veq (1)) and ri; = rq, + ov. Additionally, the path
with constant velocity v from rg, to rog must pass through r;; at time £,
which gives condition (A.8) with ¥;;(T") replaced with v.

2. If the acceleration is high, ¥;;(tg) may differ substantially from ¥;;(t1),
and (A.8) may be enhanced by using v = #; :01 9(¥i;(T), t)dt instead of
V5 (T"), where the function g is any function that interpolates the sequence
V,;(T) at time ¢, e.g. linear interpolation or spline interpolation.

3. The most accurate, but also the most computationally expensive approx-
imation to ry, and r.g would be to calculate the exact solution (A.5) nu-

merically:
Ar(r) =[] V(ry + Ar(t), ¢)dt’
Tab ~ ri; + Ar(to) (AlO)
Teq ~ rij + Ar(tl)

This would allow for interpolation of locations along a curve rather than
a straight line. By increasing the spatial resolution of the velocity field \Y%
by e.g. spline-interpolated prior to integration, the integral even could be
evaluated at higher spatial resolution than the sampling grid of the image.

The estimators 2 and 3 above may be computed readily from X (), X(¢1) and
V(T), while the estimator 1 involves searching after valid solutions in each grid
point r;;, and there may be points with zero, one or several solutions.

2.2 Impact of the velocity field estimate on morphed im-
ages

The morphing algorithm in (A.7) utilizes the velocity estimate locally to create

intermediate frames. Each coordinate r € D is morphed along the path F(%)

given by (A.5), thus transforming the initial domain D of the image mapping
to a different shape D(t). By replacing the true velocity v by the spatial and
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temporal sampled estimate V, we get an approximation ﬁ(t) of this transform.
For a morphing to be physically correct, each D(t) should constitute an elastic
deformation of D, which specifically implies that no morphing paths of different
location should cross each other, and that all points in D(t;) should be the
destination of a morphing path starting in D(tg).

When measuring velocity in a practical measurement system, velocities are
available only in a limited number of points in space, and the number of velocity
samples in ultrasonic images generally is lower than the number of B-mode sam-
ples. Hence, to achieve a velocity estimate in each point of the B-mode image,
one needs to interpolate the velocity measurements to a higher spatial resolu-
tion. In section 3, two different strategies for up-interpolation are investigated:
1) measure the velocity in fixed spatial grid and thereafter do linear interpolation
between grid points and 2) measure the velocity in certain anatomical landmarks
in the image and then extend these velocities to the entire image.

To avoid crossing morphing paths, large spatial gradients in the velocity field
estimate should be avoided. In regions with intra-cardiac blood flow, the true ve-
locity field frequently has large gradients due to turbulence and is thus unrealistic
to capture accurately. Additionally, tissue Doppler velocity estimates in blood
flow regions are characterized by high variance and aliasing. In contrast, the
myocardium itself is characterized by relatively low strain from frame to frame,
implying limited velocity gradients. Thus, one could expect that a velocity field
estimate that suppresses velocity measurements from blood flow exhibit fewer
artefacts when utilized for morphing of B-mode images.

3 Method and material

3.1 Speckle tracking

Tracking the speckle pattern in one location from one frame to the next is per-
formed in two steps: Searching and matching. The matching criterion may use
the radio frequency echo signal (RF signal) where both amplitude and phase of
the backscattered pulse contributes to the cost function, or it may use detected
echo data, discarding the phase information and only using the amplitude *. For
matching done on detected data, both maximizing the cross-correlation and min-
imizing the sum of absolute difference have been investigated.

The accuracy of estimated displacement vector is better in radial direction
than in the lateral %1%, because the spatial resolution is lower in the lateral direc-
tion. To enhance the lateral resolution, one commonly interpolate the image, e.g.
with a factor of two, doubling the number of beams in the search. More advanced
techniques for getting sub-sample accuracy in the lateral direction have been sug-
gested: Grid-slopes” and synthetic lateral phase®. Calculating time lag in the
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Figure A.3: Left panel: Traditional speckle tracking in a two-dimensional sector
scan, with realistic search region size, kernel size and scan geometry. Right panel:
Doppler aided speckle tracking may use much smaller search region.

RF signal gives the best result for small displacements in the radial direction,
while in the lateral direction, RF signal matching performs well only if the lat-
eral sampling distance is very small. However, in myocardial cine-loops with low
frame rate, the maximal displacements are substantial and the lateral sampling
distance is relatively large. Hence, according to Bohs et al.*, one can expect that
searching in the detected signals yields the best result in the myocardium, and
the tracking performed in this work was calculated with this method.

3.2 Local velocity estimator

A new technique for local tissue velocity estimation is proposed: Doppler aided
speckle tracking (DAST). The technique is only applicable when B-mode and
tissue Doppler data is acquired simultaneously. Calculation of ¥(r;;) for any
location r;; in the acquisition grid consists of two steps, see figure A.3:

1. Radial displacement is calculated from the tissue Doppler data: dr;; =
Atvpe;, where e; is a unit vector directed from the probe along beam
number j, and vp = vp(r;;, T") is the radial velocity estimate calculated
from the tissue Doppler frame at time 7" succeeding to. The vector dr;; is
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shown in figure A.3 and corresponds to a displacement of
ip = vpAt/Ar (A.11)
samples along the beam, with Ar denoting the radial sampling distance.

2. A speckle tracking search is performed, with the search region centered
in riy;, ;. In each location ry in the search region, a sum of absolute
differences is calculated:

M N
SAD(k,lrijip) = Y. > |X(i+m,j+nto)
m=—Mn=—N
~ X(@i+m+k+ip,jrnt+lt)], (A12)

where the kernel size is (2M + 1,2N + 1). Finally, the SAD function is
calculated for each shift (k,!) within a predefined search region, and the
displacement of r;; from X (to) to X(¢1) is estimated as the distance from
r;; to the search location with the minimal sum, say £ = K and [ = L:

di;(to,t1) = Piviptr,j+L = Tij (A.13)

From (A.13) the local velocity estimator is calculated as

oilto + 1) = Zuloha) (A14)
The SAD function was either calculated directly from the B-mode frames, or
calculated from frames that were up-sampled by a factor R, with a polynomial
low-pass filter in the lateral direction. In the latter case, the points r, in (A.13)
denote grid points in a grid more densely sampled than the original frame.

In tissue Doppler imaging the Doppler data may be acquired at higher frame
rate than the B-mode data!?. For recordings with N times higher tissue Doppler
frame rate than B-mode frame rate, the speckle tracking start displacement ip is
calculated from a weighed sum over the available tissue Doppler velocity estimates
by replacing vp in (A.11) by:

N
1
7= —x anvD(Tn), (A.15)
D1 wa
where the intermediate weights ws, - -+, wn—1 has value 1, and the start- and end

weight w; = B2 and wy = T&ZH are smaller than unity. Thus, (A.15) is an
approximation to the “true” Doppler mean velocity

Lo vp(t)dt. (A.16)
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From the local displacement estimator in (A.13), the particle path from loca-
tion ry; is calculated for a cine-loop with frame times {¢, QZ’O by

f‘(t()) = I‘,L']'

F(tn—l—lae) = f'(tn) +a(tn>tn+1) +e (A17)

The drift compensation term e ensures that the start point and end point in the
cine-loop is the same:

€ = _N—f? [f‘(t]\/f7|e:0) —I'»L‘j:l . (A18)
This compensation is based on the assumption that the state of the myocardium
is the same in the first and the last frame in the cine-loop.

3.3 Velocity curves and anatomical tracking

Radial and lateral displacement tracked with the DAST estimator was investi-
gated in-vivo on cine-loops showing apical views of the left ventricle of healthy
adults. Displacements curves and derived velocity curves were compared to corre-
sponding results of pure speckle tracking and pure tissue Doppler tracking applied
to each recording. A lateral interpolation factor Ry, of 2 was applied, and the
size of the search region for pure speckle tracking was derived from maximal al-
lowed velocities: 13 c¢m/s in radial direction and 10 cm/s in lateral direction, see
figure A.3. In the speckle tracking step in the combined estimator, the search
region size corresponded to 1.5 cm/s radially and 10 cm/s laterally.

We present curves derived from one example recording, a four-chamber apical
view with duration 1.2 seconds, B-mode frame rate of 40 frames per second and
tissue Doppler frame rate of 120 frames per second. Both a location showing
agreement as well as one showing disagreement between the three calculation
methods are presented.

3.4 Velocity field estimates

Aiming to interpolate subsequent ultrasound frames in true Lagrange coordinates,
it is essential to have an adequate velocity estimate in every image location. Un-
fortunately, available local estimators tend to be too noisy to yield good results
when used in morphing calculations. Different velocity field estimates were com-
bined with the morphing estimator (A.7) to calculate morphed cine-loops from
in-vivo B-mode frame sequences. Images considered were from three specific car-
diac views: Apical four chamber, apical two chamber and apical long axis. In
these views, the motion of the LV walls is principally along the ultrasound beams.
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Four different velocity field estimators for morphing calculations were exam-
ined. The two first were purely local, while the two last, aiming to control the
spatial gradients in the resulting velocity field, were extensions of velocity mea-
surements from certain locations in the myocardium to a field estimate for the
entire image:

1. Doppler field estimate. Tissue Doppler velocity measurements in the en-
tire image: Velocities were calculated beam- and sample wise from tissue
Doppler data and interpolated to the resolution of the B-mode image.

2. Doppler field estimate with smoothing. Same as 1., but with an additional
2-dimensional average filter applied, using a window size of 18 samples in
the radial direction and 3 beams in the lateral direction (approximately 5
by 5 mm at the focal depth).

3. Myocardium field estimate. Using the DAST velocity estimator introduced
in section 3.2: The user specified a curve through the center of the my-
ocardium. Seven control points were positioned in the first frame of a
cine-loop, and the motion of these points (except for the point in the LV
apex, which was assumed to have zero velocity) was tracked throughout
the cycle utilizing the estimator in section 3.2. By linear interpolation be-
tween the control points, the velocity estimate was extended to the entire
ventricular wall, and by linear interpolation in the lateral direction on each
sample depth in the image, the velocity estimate was extended to the whole
ventricle. At the left and right side of the myocardium curve, the velocity
vector was assumed to be constant at each sample depth.

4. AV-plane field estimate. The positions of the ventricular apex and the
AV-plane may be detected and tracked automatically by tissue Doppler 23.
Applying this method gave an estimate for the radial displacement, and
hence the radial velocity of the ventricular apex and the two AV-knots.
Velocities in the entire frame was calculated from these three velocities by
bi-linear interpolation in polar coordinates.

In the latter two algorithms, the velocity was assumed to decrease linearly
from the AV-plane to zero in the cardiac base. The position of the cardiac base,
being outside the imaged region, was rudimentary estimated to be on depth
1.7 * 74y, where 14y was the distance from the probe to the AV-plane at the
start of the cine-loop. The rationale for the factor 1.7 was that the length of the
atria normally are approximately 70% of the length of the ventricles in a dilated
myocardium.
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3.5 Morphed cine-loops

The morphing calculations were applied to detected B-mode data sampled on a
sector grid. Morphing as described in (A.7) and (A.8) was implemented in MAT-
LAB and tested on various duplex B-mode and tissue Doppler recordings with
apical insonation of the myocardium. Cine-loops created with all four velocity
field estimators in section 3.4 are presented and compared to data created with
linear interpolation (i.e. interpolation in Euler coordinates).

As a measure of morphing estimation error, the root mean square difference
between morphed pixel data and original pixel data was calculated frame-wise
for each morphing method:

€ij(tn) — &ij(tn) ’ (A.19)

D(t )éL ii
" S-B i=1 j=1

The image samples &;; were single byte unsigned integers, i.e. 0 < &;; < 255.

3.6 Test of diagnostic value

Wall motion scoring is a diagnostic technique where local viability of the my-
ocardium is assessed from B-mode ultrasound images!. To score the wall motion
for a patient, cine-loop data must be available from three specific cardiac views:
apical 4-chamber, apical 2-chamber and apical long axis. From the three cine-
loops, 16 different segments of the myocardium are scored based on thickening
and inward motion, and given one of the values 1 (normal), 2 (hypokinesis), 3
(akinesis) and 4 (dyskinesis).

Ultrasound recordings that were previously used for diagnosis by wall motion
scoring, were investigated to evaluate the quality of morphed B-mode data com-
pared to B-mode data with higher frame rate. Each recording was decimated
to a frame rate of approximately 15 frames/sec., and the removed frames were
recreated by temporal morphing. The morphings were calculated by the my-
ocardium velocity field estimate, see section 3.4.3. The morphed data sets were
scored again, blinded and by the same operator as did the initial scoring. The
results of the two scorings were compared, both patient-wise and segment-wise.

Data from 20 patients were examined; 10 healthy individuals with normal
ventricle and 10 patients with myocardial infarction. The recordings consisted
of B-mode cine-loops with 2D tissue Doppler data, and had frame rates between
26 and 126. The patients heart rates varied from 46 to 104, and the number of
frames per cardiac cycle was between 20 and 150.
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Septum LV lat. wall Septum

40 fr/sec 40 fr/sec 10 fr/sec
Tissue Doppler tracking 02/- 04 /- 0.6 / -
Speckle tracking 1.9/20 9.3 /1.0 124 /79
DAST 05/0 2.6 / 3.9 0.3 /2.0

Table A.1: Size of the drift correction terms (A.18) applied to the coordinates of
scatterers tracked throughout the cardiac cycle. Format: Radial correction/lateral
correction in millimeters.

4 Results

This section present curves, images and movies created by the methods presented
in sections 3.2 to 3.6, with only brief textual presentation. Interpretation and
evaluation of the findings are presented in section 4.

4.1 Local velocity estimators

Figure A.4 shows how the tissue displacement and tissue velocity of a scatterer
in the ventricular septum changed over time when estimated by each of the three
local estimators: tissue Doppler tracking (green lines), speckle tracking (red lines)
and finally the DAST estimator proposed in section 3.2 (blue lines). In addition,
the rightmost panel shows the anatomically tracked path of the scatterer, i.e.
displacement coordinates plotted for all time points in the same diagram.

While the velocity vectors in the ventricular septum usually is well aligned
with the imaging plane, velocity vectors in the LV lateral wall frequently has
a substantial component perpendicular to the imaging plane. Velocity and dis-
placement curves measured in the LV lateral wall is shown in figure A.5, the
ultrasound recording being the same as in figure A.4.

Figure A.6 shows the same information as figure A.4, at the same anatomical
location and taken from the same ultrasound recording, but only using 25% of
the recorded data for estimation (i.e. a data decimated by a factor of four).

The drift compensation terms (A.18) applied in the curves shown in figures
A4 to A.6 are listed in table A.1.

The movie in figure A.7 dynamically shows anatomically tracked paths from
figures A4 to A.6 in a side by side display, plotted on-top of the original B-mode
image.
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Figure A.4: Displacement and velocity estimates throughout a cardiac cycle from a material point in the ventricular
septum. Red lines show velocities generated by B-mode speckle tracking, green lines velocities generated by tissue
Doppler and blue lines velocities generated by combined tissue Doppler and B-mode speckle tracking estimation.
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Figure A.6: Displacement and velocity estimates in the ventricular septum. Calculations were based on the same
material point and the same cine-loop as in figure A.4, but with B-mode data decimated from 40 to 13 frames per
second and tissue Doppler data decimated from 120 to 39 frames per second.
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4 Results

Figure A.7: A movie showing the B-mode cine-loop used in figures A.4-A.6. Six
displays are shown synchronized: Original data with 40 frames per second in the
left column and decimated data with 10 frames per second in the right column.
Tracking results are plotted on-top of the ultrasound images for three velocity
estimators: Tissue Doppler (top), speckle tracking (middle) and DAST (bottom).
Thests comment: The movie was part of the published paper and is available at
http://folk.ntnu.no/sveinbr/TviMorphingSamples/Anatomic Tracking.mpg.
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Figure A.8: Velocity field calculations based on tracking of the anatomic struc-
ture. (a) and (b) shows tracked anatomic points in the myocardium at two time
points; the delay from (a) to (b) is 100 ms. Panel (c) shows the myocardium field
estimate, which utilized the velocity vector in all the points marked in (a) and (b).
Panel (d) shows the AV-plane velocity field estimate, which utilized only the radial
displacement of the three points marked with red circles.
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4.2 Velocity field estimates

Displacement fields resulting from the two last field estimates in section 3.4 are
shown in figure A.8. Between the two frames shown in (a) and (b), the entire
left ventricle moved laterally in the image. This motion was captured well by the
myocardium field estimate, in contrast to the AV-plane field estimate, thus illus-
trating how much purely radial velocity measurements may differ from velocity
vector measurements. In other parts of the cardiac cycle the difference between
the two field estimates was less pronounced.

4.3 Image quality of morphed cine-loops

Figure A.9 shows six cine-loops in a synchronized display, all loops presenting the
same recording with different processing. Panel (a) shows the original data at
40 frames per second. In panels (b) to (f), the data was decimasted by a factor 4
and had frames recreated by morphing utilizing the four velocity field estimates
in section 3.4, as well as with plain linear interpolation. The duplication of
the AV-knots (marked AV1 and AV2 in figure A.9) was only severe in the linear
interpolation case; all four morphing algorithms handled this rapid motion better.
Furthermore, on-screen examination of a the slow-motion cine-loop in figure A.9
showed that the lateral motion of the septum was best handled by morphing
calculated from the myocardium field estimate.

The maximal estimation error (A.19) occurred in frame 23 for all the morphing
methods of the images in figure A.9. The maximal errors were: 0.1414 for the
linear interpolation in (b), 0.1443 for the tissue Doppler field estimate in (c),
0.1444 for the tissue Doppler field estimate with smoothing in (d), 0.1283 for the
myocardium field estimate in (e) and 0.1331 for the AV-plane field estimate in

(8).

4.4 Test of diagnostic value

To achieve a frame rate of approximately 15 frames per second with integer
decimation factors, the actual frame rates of the decimated data fell between 12
and 18 frames per second. The resulting decimation factors varied from 2 to 9.
Wall motion scorings performed on the original data and on the morphed data
are listed in table A.2. To summarize:

e 94% of the 320 segments had exactly the same score in the two cases.

o Slightly more recordings were impossible to score in the morphed data
(5.3%) than in the original data (3.4%).

o In the original data, 34 of 320 segments were scored pathological. 25 of
these 34 were scored pathological in the morphed data (74%)
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Figure A.9: A dilating left ventricle of a healthy adult person is shown in (a). A morphed replacement of
this image based on a 50 ms earlier frame and a 50 ms later frame is shown for five different velocity field esti-
mates: (b) No velocity (i.e. linear interpolation), (c) Doppler field estimate (d) Doppler field estimate with smooth-
ing, (e) myocardium field estimate and (f) AV-plane field estimate. The media movie shows these six loop run-
ning slow motion. Thesis comment: The referred movie was published as part of the paper and is available at
http:/ /folk.ntnu.no/sveinbr/TviMorphingSamples/siz_loops_ syncronized.mpyg.
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Score of segments Normal patients Ischemic patients
1. Normal 149/147 126/126

2. Hypokinesis 2/2 14/9

3. Akinesis 0/0 17/19

4. Dyskinesis 0/0 1/0

5. Not possible to score 9/11 2/6

Table A.2: Wall motion score of 16 segments in the myocardium for 10 normal pa-
tients and 10 patients with ischemia. Format: Segments in original data/segments
in morphed data.

e In the morphed data, 30 of 320 segments were scored pathological. 5 of
these 30 were scored normal in the original (17%).

o No patients were scored pathological based on the original data but normal
based on the morphed data, i.e. no false negatives.

o One patient was scored normal based on the original data but pathological
based on the morphed data, i.e. one false positive.

5 Discussion

5.1 Local velocity estimator

Figure A.4 shows how an anatomical location in the ventricular septum was
tracked throughout the cardiac cycle by the three velocity estimators tissue
Doppler tracking, speckle tracking and combined tracking for a recording with
40 B-mode frames per second. The displacements curves show good agreement
in both radial and lateral direction, as does the anatomically tracked path. The
velocity curves shows at which points in time the tracking results separate. The
drift compensation terms (A.18) applied are listed in the first column of table A.1.
This term, being the distance between the start- and end point of the tracked
cycle, is the accumulated estimation error of the frame-to-frame displacement es-
timates. Although being lowest for the tissue Doppler estimate at this location,
it was low (less than 10% of the total span of the path) for all estimators. The
real velocity, however, remains unknown, but examination of the anatomically
tracked path plotted in a running cine-loop display gives an impression of the
accuracy of the estimators. As seen in figure A.7, the accuracy seems to be good.

Figure A.5 shows corresponding curves for a location in the LV lateral wall.
In this region of the myocardium, the real velocity direction normally does not lie
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in the imaging plane, leading us to expect the speckle search to be less accurate
as the scatterers move in and out of the imaging plane. The displacement curve
derived by speckle tracking was evidently different from the tissue Doppler and
DAST curves, and the applied correction term of 9.3 mm indicates inaccurate
tracking. Also a sudden drop in the velocity curve in the middle of the relaxation
phase indicates a large estimation error at that specific frame. Examination of
the tracked location in a cine-loop display (figure A.7) confirmed that the DAST
estimator followed the image better than the speckle tracking did.

Figure A.6 shows the same location as figure A.4, but with only every fourth
frame used for tracking in all the estimates. In this case, it is reasonable to use
the curves obtained at higher frame rates as a “correct result”, and the radial
displacement and velocity curves for the DAST estimator was evidently more
accurate than that of the speckle tracking curves. In the lateral direction, both
speckle tracking and the DAST estimator showed similar behaviour, not very
different from the case with higher frame rate. It was not unexpected that pure
speckle tracking had large estimation error when the frame rate got very low,
because lower frame rate in the contraction and relaxation phase of the cardiac
cycle implies larger deformations of the myocardium from frame to frame, and
deformations may change the speckle pattern at the considered anatomical loca-
tion.

A lateral up-sampling rate of Rj,; = 2 was used in the calculation of the
presented curves. However, experiments with rates equal to 1, 2, 3, 4 and 5 were
conducted with similar results.

The conducted experiments suggest that the DAST estimator should be cho-
sen over pure speckle tracking when calculating estimates for the velocity vector
based on ultrasound recordings with low frame rate. For use in real-time 3D tis-
sue Doppler imaging, the available acquisition rate will be in the range of those
used in figure A.6, thus the DAST estimator should be a candidate for both
regional analysis and image morphing.

5.2 Image quality of morphed images

In panel (c¢) and (d) of figure A.9, local velocity estimates from tissue Doppler
measurements were utilized. On-screen examination of the running loops showed
a “restless” or “turbulent” image of the myocardium, indicating that this type of
velocity field estimate is not smooth enough to create valid morphings.

In panel (e) and (f) of figure A.9, velocity estimates from selected anatomical
points were interpolated to a velocity field estimate for the entire frame, shown
in figure A.8 at a specific frame. The interpolation between few points ensured
that the velocity gradients were well controlled. Examination of the movie in
figure A.9 confirmed that overall performance, when considering both radial and
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lateral movements in the image, was best for the myocardium field estimate.
This conclusion was also supported by the mean square error calculations, where
the myocardium field estimate had lower error than the other methods. The fact
that both the smoothed and non-smoothed local Doppler estimates yielded higher
mean square error than plain linear interpolation (0.144 vs. 0.141) justifies the
claim that the velocity gradients of the Doppler velocity estimate was too large
to create useful morphings.

In the myocardium field estimate, seven control points were used to position
the myocardium curve in the initial frame. The choice of the number seven cor-
responds to the division of the myocardium into six segments, a subdivision used
in each cardiac view during wall motion scoring. More control points would have
allowed for higher local variations of the velocity estimate along the myocardium
curve, while fewer control points would make the calculation more computa-
tionally effective. If a small area with myocardial pathology is present, higher
spatial resolution of the velocity field estimate could be required, and increasing
the number of tracked control points then might be necessary to create helpful
morphings.

Even though the myocardium field estimate yielded the best results in the
experiments, a combination of this and the automatic AV-plane method should
be feasible. One could use the detected AV-plane and apex locations to automat-
ically position a number of control points in the first frame of the cine-loop, and
secondly use anatomical tracking as described in section 3.4.3, thereby getting a
fully automatic morphing algorithm which handles well both lateral and radial
motion of the LV walls.

In recordings with high tissue Doppler frame rate compared to B-mode frame
rate and the local velocity estimator is calculated by (A.15), the radial component
of the velocity field estimate is of type 2) stated in section 2.1. Hence we expect
that high accelerations in the radial direction are handled well. However, if
the optimum morphed image quality is to be investigated, an implementation of
(A.10) should be considered.

5.3 Test of diagnostic value

The overall repeatability of test conducted was 94%, which is similar to reported
result for WMS experiments '4. More discouraging was the poor repeatability of
64% for the hypokinetic segments (only 9 of 14 had identical scores), and that
three times more recordings were impossible to score (6 rather than 2). However,
since the number of observations was low, these result may be due to statistical
incidence. It is possible, though, that applying the optimal velocity estimator
(A.10) could have improved the overall repeatability.
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5.4 Future work

Although outside the scope of this study, the following experiments, utilizing
the methods presented in here, could provide valuable information about the
performance of the methods:

e Simulation study in 2 and 3 spatial dimensions: How do the different local
velocity estimators match the original velocity in a simulated ultrasound
recording with gray-scale and tissue Doppler data?

e Morphing cine-loops by integrating the particle path as in (A.10), which is
assumed to yield the best possible morphing given the velocity field esti-
mate.

6 Conclusion

The visual quality of B-mode ultrasound cine-loops with low frame rate was im-
proved by temporal morphing using the velocity field in the image. Two adequate
estimators for the velocity field were demonstrated for apical view cardiac images:
One combined tissue Doppler and speckle tracking method and one pure tissue
Doppler method. Both methods gave substantial improvement in visual quality
compared to standard interpolation methods. The combined method performed
better for lateral motion, but was dependent on operator input, in contrast to
the fully automatic tissue Doppler method.

A blinded, repeated wall motion score study showed that much of the diag-
nostic value was retained in decimated and morphed data, even with frame rates
as low as 12-18 frames/sec. The morphing algorithm applied in this study was
semi-automatic, but with potential to be extended to a fully automatic method.
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Volume stitching in three-dimensional
echocardiography: Distortion analysis and
extension to real-time
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Abstract

Three-dimensional (3D) echocardiography is challenging due to limitation of the data
acquisition rate caused by the speed of sound. ECG-gated stitching of data from several
cardiac cycles is a possible technique to achieve higher resolution.

The aim of this work is two-fold: it is, firstly, to provide a method for real-time
presentation of stitched echocardiographic images acquired over several cardiac cycles
and, secondly, to demonstrate that the geometrical distortion of the images is decreased
when stitching is applied to 3D ultrasonic data of the left ventricle (LV).

We present a volume stitching algorithm that merges data from N consecutive heart
cycles into an assembled data volume. The assembly is performed in real-time, making
immediate volume rendering of the full volume possible. In-vivo images acquired with
this technique are presented.

Through simulations with a kinematic model of the LV wall, geometrical distortion
and volume estimation errors due to long image capture time was quantified for 3D
recordings of the LV. Curves showing the variation throughout the cardiac cycle of the
maximal geometrical distortion in the LV walls are presented, as well as curves showing
the volume estimates compared with the true LV volume of the model.

We conclude that real-time display of stitched 3D ultrasound data is feasible and
that it is an adequate technique for increasing the volume acquisition rate at a given
spatial resolution. Furthermore, the geometrical distortion decreases substantially for
data with higher volume rate and, for a full scan of the LV, stitching over at least four
cycles is recommended. (E-mail: svein.brekke@ntnu.no)

Ultrasound Med Biol vol. 33 no 5 pp. 782-796, Apr 2007
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1 Introduction

Real-time acquisition of three-dimensional (3D) ultrasound data has been an
aspired goal among echocardiographers since the early 1990s. Reconstructed,
non-real-time 3D echocardiography (3DE) has proved to be a clinically useful
technique in estimation of volume and mass of the left ventricle (LV) 318 and
regional motion analysis of the myocardium 42! and for helping in assessment of
various kinds of heart diseases'®. However, since the acquisition of reconstructed
3D data is time-consuming and the resulting images are not immediately avail-
able, the clinical use of this technique has been limited.

As the speed of sound in human tissue is close to 1540 m/s and each pulse has
to propagate approximately 0.25 m of tissue in transthoracic echocardiography
(when maximal depth is 12.5 cm), at most 1540/0.25=6160 pulses may be fired
each second, making only 205 pulses available for each data volume if a volume
rate of 30 is to be achieved. Thus, such a volume would only contain 15 beams
in each direction, which can be somewhat increased by parallel beam processing
(e.g., 21 beams in each direction by processing two parallel beams). This illus-
trates that a tough compromise between spatial and temporal resolution must be
done in real-time 3DE and gated acquisition may be imperative.

Early attempts to create 3D ultrasonic images were made over 30 years ago ®.
The strategy was to create dynamic 3D cardiac data with a conventional ultra-
sound scanner by combining B-mode cine-loops from several different positions.
Numerous contributions have later refined this technique®. The temporal and
spatial coordinates of the different B-mode frames were used to position the
frames in a four-dimensional (4D) space (time and three spatial dimensions) and
a scanning scheme was applied so that the data from a sequence of cine-loops
spanned a 4D region in an adequate way. The position of the B-mode frames
at different times could be steered by a motor %' or decided freely by the sono-
grapher!; the latter technique requires a probe position registration system for
optimal results. This form of 3D data acquisition can be called reconstruction
and it suffers from several disadvantages: These are 1) inaccuracy of measured or
calculated position of the B-mode frame in the 3D volume may create artifacts,
2) for a phased array transducer, the resolution in the elevation direction is lower
than the resolution the azimuth direction, 3) heart rate variation may cause ar-
tifacts due to inaccurate synchronization between loops, 4) motion of the patient
due to respiration will distort the reconstructed image, 5) long acquisition time
makes the recording procedure cumbersome and vulnerable and 6) it is difficult
to visualize the reconstructed data during the acquisition.

The first system capable of acquiring and displaying 3D ultrasound data in
real-time was built at Duke University around 19901719, This first generation
3D ultrasound scanner utilized a 20 x 20 elements 2D matrix transducer and
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could, with its large processing capacity, process eight receive beams in parallel.
In 1997, Volumetrics Medical Imaging introduced a commercial scanner with a
sparsely sampled 2D matrix based on the research at Duke University 1.

Achieving sufficiently high volume acquisition rate and image quality is par-
ticularly difficult for 3D ultrasound scans covering the entire LV. Reconstructive
techniques have the possibility to obtain the same combination of B-mode im-
age quality and frame rate as two-dimensional echocardiography (2DE) and 100
frames/s is easily achievable. However, to get an acceptable out-of-plane resolu-
tion, one will have to gather a large number of cine-loops, making problems with
patient motion and heart-rate variability more likely to occur.

The initial second-generation real-time 3D scanner (SONOS 7500 by Philips
Medical Systems; available from 2002) utilized a fully sampled transducer array
and exhibited substantially improved image quality compared with the Volumet-
rics scanner. The SONOS 7500 also made it possible to combine 3D data from
four to seven consecutive cycles into one wide-angle pyramidal volume 2°. The
data acquisition was done without visual feed-back to the operator; both the pa-
tient and the transducer position were supposed to be fixed as the scan set-up ran
through a series of subvolumes, and the full data set was assembled as postpro-
cessing in the scanner after the recording was completed. On-line visualization
during acquisition of stitched volume data could potentially enhance the image
acquisition process through better quality control and lower time consumption.

Echocardiographic images in general have a certain amount of geometrical
distortion, caused by the motion of the cardiac structures during the acquisition
of each single scan. The amount of geometrical distortion depends on the location
within the scanned beam sequence and on the velocity of the myocardium at the
specific time and location. At a fixed spatial resolution, stitched reconstructed
ultrasound recordings exhibit higher temporal resolution than do true real-time
3D recordings. Thus, the time interval used to acquire each single subvolume is
shortened and the total distance of myocardial motion during the same interval
is smaller, implying that the geometrical distortion, too, is smaller. The amount
of distortion present in 3D echocardiographic scans is still unexplored.

The aim of this work was, firstly, to demonstrate stitched, 3D ultrasound
recordings with volume assembly and on-screen presentation performed real-time
and, secondly, to present simulations that quantify the decrease of geometrical
distortion and the increase in accuracy of volume measurements, caused by the
higher frame rate in stitched compared with nonstitched 3D ultrasound record-
ings.

The text continues with four sections. The following section describes the ex-
perimental set-up, with the first part showing how stitching is applied to in-vivo
data acquired with a matrix probe and the second part describing simulations
aiming to quantify geometrical distortion present in 3D echocardiographic data.
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The two subsequent sections present the results of the experiments and discusses
the experimental results. Finally, the last section contains the authors’ conclu-

sions.

Notation

A brief description of the notation used in sections 2 and 3 follows.

Ni,N;,Ni Number of ranges, azimuth beams and elevation beams in a 3D scan-

0,5,k
r
Tijk

Lk

trn; m

n; N

ning grid.

Range, azimuth and elevation index in a 3D scanning grid.
Arbitrary 3D position.

A 3D position in the scanning grid.

The time-gain compensated echo amplitude value at r;;g.

Acquisition time, with ¢ = 0 corresponding to the first pulse firing
time of the 3D scan.

Acquisition time of the mth 3D volume is ¢,,.

Cardiac cycle number and number of cycles in a recording. n €
{1,2,---,N}.

QRS trigger times, n € {0,1,--+,N}.
Relative cycle time. 7 & (t—Ty,_1)/(Tn —Tp—1), with Ty, <t < T5,.
The number of volumes acquired in cycle number n.

The frame number in cycle number n which corresponds to frame
number m in the last cycle.

Local stitching cost: high cost implies poor match between two spe-
cific stitched subvolumes.

Global stitching cost: high cost implies that some of the stitched
subvolumes in a recording had a poor match.
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[

Figure B.1: Data from different scanning volumes and different cardiac cycles
are assembled into a bigger, reconstructed 3D data-set.

2 Methods

2.1 Data acquisition

In the following, assembled data acquired over seperate cycles will be termed
“stitched ultrasound data” (although the stitching process, in contrast to auto-
matic creation of stitched panoramic photographs, does not include image regis-
tration in overlapping regions).

The volume to be scanned was divided into NV disjointed subvolumes, IV taking
values between 2 and 8. One subvolume was scanned at the time and the active
subvolume was changed upon QRS triggering. The geometry of the subvolumes
were organized in “pyramidal slices”, as shown in figure B.1, such that the union
of the scanned regions constituted a symmetric pyramidal scan. Typical example
was four subvolumes with an azimuth angle of 65° and an elevation angle of 16°,
yielding a pyramidal volume with 65° angle in both directions. After scanning
the NV subvolumes during N cardiac cycles, the scanning immediately continued
in the first subvolume.

The experiments were conducted with a Vivid 7 ultrasound system from GE
Healthcare, utilizing the 3V matrix probe with a frequency range of 2 to 5 MHz.
The volume assembly algorithm was implemented as a C++ program that ran
concurrently with the scanner control program during live scanning. The operator
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Figure B.2: One frame in each of the first four cycles of a real-time stitched scan
with four subvolumes.

could enter V-cycle stitching mode with a button on the front panel of the scanner
and the entire pyramidal scan volume was filled with data during the first N
cycles, with N default set to 4 but being adjustable. During the first loop after
entering stitching mode, the first subvolume was filled by data while the remaining
N — 1 subvolumes contained black/transparent data. After N full cycles, the
entire pyramidal volume was completed, as shown in figure B.2 for a scan with
four subvolumes.

Only the unstitched subvolume data were stored in the cine-loop buffer of the
scanner; thus, the amount of data needed to be stored each second was the same
for stitched as it was for unstitched data acquisition, making the duration of the
retrospective cine-loop memory equal for the two modes.

2.2 Stitched cine-loop playback

A complete, stitched cine-loop consisted of IV separate cardiac cycles, as described
above. The ordered time points of the nth cycle are denoted t, 1, -,y as,, all
ty.m Within a cycle [T,.1,T5), where {Tn}é\] are successive QRS-trigger times
defining cycles of length AT, = T, — T},,_1. When cycle lengths varied with n,
the number M, of frames sometimes differed from loop to loop.

Cine-loop playback was performed by sequentially visualizing assembled vol-
umes at the times {¢tn ,,} of the last recorded cardiac cycle.

To assemble a volume at a specific time ty ,,, volume times &, ,,, for n =
1,---, N — 1 needed to be determined. The following two algorithms for time
alignment were implemented.

1. Stretched time, stretching the diastolic part of the time axis of each cardiac
cycle. According to Mor-Avi et al. ', the duration of the systole empirically
is approximately Th, = VAT - 0.343s, where AT is the length in seconds
of the cardiac cycle. The normalized time {yorm,»n corresponding to ¢ €
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Figure B.3: Two different algorithms for temporal alignment of subvolumes when
stitching cardiac cycles with different heart rate. (a) Stretched time alignment,
implying that both frames 7 and 8 in loop 2 are aligned with frame 7 in loop 2, as
indicated by the two arrows. (b) Abbreviated time, implying that the last frame
of loop 1 is never shown (marked with an arrow).

[T),—1,T) in the cycle n is calculated by

0.343 - =7/, < T
tnorm n(t) - Tes r—T Tt (Bl)
with 7 = ¢t — T),,_1 being time relative to start of the cycle, ensuring

that tnorm,»(t) runs from 0 to 0.343 in the systole and from 0.343 to 1
in the diastole of the nth cardiac cycle. The subvolume in cycle n was
picked at the index m,, which had stretched time r,, (£, ., ) closest to the
stretched time ry (ty,m ) of the last cycle, i.e., the time ¢, ,,,, that minimized

|tno7‘m,N(tN,7n) - tnorm,n(tn,mn”

2. Abbreviated time, using only the time interval of the shortest cardiac cycle
for play-back. Cine-loop display was performed by running through the
times tx 1, ,tN,min M, @0d, when presenting the volume at ¢y ,,, setting
m, =minall cyclesn=1,---,N.

Figure B.3 shows an example of how stretched and abbreviated alignment may
differ for cine-loops with different durations.
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Upon presentation of a volume at time ¢ ,,, the N subvolume memory blocks
were copied into a larger memory block and the assembled volume data were sent
to .the scanner software for presentation. Thus, the volume rendering and 2D-
slice displays followed the same layout and could be customized by the operator
in the same manner as with ordinary 3D data.

Stitching artifacts were measured by the cost function C(t) = {¢,(¢)}, where,
for a particular time ¢ and subvolume number n € {1,---, N — 1}, ¢,, measured
the stitching artifact between subvolumes n and n + 1 by calculating the two-
dimensional correlation between neighbouring image planes. Let ¢ be given and
p(¢x) be the correlation between the sequences {I..,} and {I.. 11}

o(dr) = Z Liindijes1/ Z L Z 12 i (B.2)
5,4 ) 4,7

¢ being any elevation plane angle in a stitched acquisition volume, 1 < k < Ny.
For an angle ¢ at the seam between subvolumes, one would expect p(¢’) to be
significantly lower than p(¢ # ¢') if the match between the subvolumes was poor.
The stitching cost used in each seam was therefore chosen to be

en = (p(¢r) = P)/o(p), (B.3)

where p and o(p) are the mean and standard deviation of p(¢) taken over the
subvolumes n and n+1. Different volume times ¢ gave different values of ¢,; thus,
the stitching cost was actually a function ¢, (¢) of time. The overall stitching cost
for a cine-loop was calculated by

C= mtax(mgx(cn(t)) (B.4)

Stitching costs were calculated for both stretched time alignment and abbre-
viated time alignment for each cine-loop.

2.3 Real-time stitching

During acquisition of stitched 3D data, subvolume data arriving from the scan-
ner front end were directly transferred to the internal memory of the scanner.
Each time a new subvolume was available, the stitching application created an
assembled volume for the same time point and the assembled volume was passed
to the scanner software in the same manner as described above for cine-loop dis-
play. Hence, the layout and tuning of the visualized image was controlled by the
operator through the user interface of the scanner.

Both alignment-algorithms presented in section 2.2 were implemented for live
scanning, too, but with minor modifications as follows.
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1. Stretched time. Since the length of the current cardiac cycle was unknown
during scanning, we assumed ATy = ATy_1.

2. Abbreviated time. When scanning a subvolume at time ¢y ,, it was aligned
with the subvolume at ¢, ,, in each of the cycles n =1,---, N — 1. If any
cycle had fewer subvolumes than m, the last time stamp t,, »,, was used,
i.e. setting m,, = min(M,,, m).

In both algorithms, any missing data due to insufficient scan time were filled with
black. Hence, when scanning was started, the first cycle showed an image with
only a fraction 1/N of the total volume filled with data..

Data assembly was performed as the initial step in the rendering operation
and only unstitched data were stored in the cine-memory of the scanner. It was
thus possible retrospectively to visualize any scanning state in the entire recording
interval, i.e, the replay memory worked in the same manner in stitching mode as
in unstitched real-time 3D mode.

2.4 Experiment A: Examination efficiency

The real-time stitching method lets the operator observe image quality and pos-
sible artifacts during live scanning, contrary to a non-real-time stitching mode.
We assumed that the flexibility of arbitrary scroll-back combined with the imme-
diate data presentation would reduce the time required to achieve a full volume
scan without stitching artifacts when examining patients, particularly in difficult
cases with low image quality, frequent respiration artifacts or uneven heart rate.

The examination efficiency was measured on a group of 12 patients partici-
pating in a training program after heart failure. The echocardiographic exami-
nations were approved by the ethical committee of the hospital. The age of the
four women and eight men was 74 £ 7.8 years, four had atrial fibrillation and one
had a pacemaker. The recordings were performed without breath-hold.

Two different examination methods were compared: these were post-processed
stitching and real-time stitching, denoted PP-stitching and RT-stitching, respec-
tively. RT-stitching was performed as described in section 2.3. PP-stitching
could be carried out on the same system as well: when a dedicated button was
pressed, the scanner entered real-time stitching mode, but with the real-time dis-
play turned off. After N+1 cycles of scanning, the scanner automatically entered
cine-loop mode and stored the resulting recording.

Both examination methods were conducted on each patient and the time to
achieve recordings with good image quality was measured for the two methods.
The echocardiographer decided when the image quality of recordings was suffi-
ciently high, concidering the general image quality obtained for the patient and
the patient’s physical condition. The order of the methods was altered for each
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patient, ensuring that six patients were examined with RT-stitching first, then
PP-stitching, while the other six patients were examined with PP-stitching first,
then RT-stitching.

2.5 Experiment B: Simulations based on a kinematic model

A kinematic model 'S of the LV was used to generate synthetic data. The model
consisted of two confocal semiellipsoids defining the outer and inner walls of the
LV. The model described the 3D deformation of the myocardium throughout a
cardiac cycle as a continuous function of time. The deformation of the model at
a specific time ¢ was the sum of two different deformation modes, deformation of
shape, S, and twist, 7. (Both longitudinal deformation, radial deformation and
circumferential deformation were incorporated in S.) Starting with a point r(tp)
at QRS trigger, the location to that point can be tracked forward at any time
t > 1p:

r(t) = T(Si(x(to))) (B.5)

Both deformation modes were 1-1 mappings; thus, the location r(t) could be
tracked backward as well by

r(to) = S; (T, (x(t)))- (B.6)

The deformation modes were furthermore periodic, with the period Ti,0qe; cOrTE-
sponding to the length of the cardiac cycle; r(¢t+ Tinoaer) = r(t). The calculations
of §; and 7; for a given location were performed in the prolate spheroidal coor-
dinate system: see Rabben et al.'® for details. The parameter values of these
transforms were adapted to a large number of semiautomatically generated con-
tours in M-mode images 5.

An artificial 3D ultrasonic scan was generated by simulating beam propaga-
tion in a realistic volumetric scan pattern. The echo-values along each single
beam were calculated by intersecting the simulated beam with the kinematic
model, as shown in figure B.4. One volumetric scan consisted of Ny scan planes,
each with N; beams sampled in N; locations along the beam. The N; N beams
of the scan were assigned individual pulse firing times {tm,jk} with interpulse
delay Tp = 2D/c, where D = 12.5 cm was the depth of the simulated scan and
¢ = 1540 m/s was the speed of sound, yielding an upper limit of 1/7p = 6160
Hz for the pulse repetition frequency. Each simulated data volume was scanned
plane-by-plane, corresponding to the following sequence of indices (4, k):
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Figure B.4: Simulating an ultrasound scan by sampling individual beams from
a kinematic model. (a) A slice of the pyramidal volume constituting one azimuth
scan plane. (b) A magnified segment of (a). The gray-scale value I(r,t) sampled
at time ¢ in a point r(¢) was calculated in two steps: 1) tracking r(t) backwards
to r(to) and 2) sampling a static model consisting of two confocal ellipsoids at
the position r(tg). The volume lying between the ellipsoids is marked white and

models the LV wall.

e Azimuth
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The resulting data volume was tagged with time ¢,, = mean;;(¢m jz), the mean

pulse firing time of the transmitted beams.
Each 3D location ry; in the acquisition grid was tracked backwards from the

beam time t,, ;5 using (B.6), resulting in a point r,, ;;+ in the model space. The
simulated echo value I;;4(t,,) was assigned a value depending on the position of
'm.qijk Telative to the model (corresponding to r(tp) in figure B.4):

e 0 if outside the outer ellipsoid or below the center of the ellipsoids;

e 1 if inside the inner ellipsoid and above the center of the ellipsoids, i.e.,
inside the LV;
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Scanned cycles Planes in subvolume Sequence length  Volumes/s

1 36 210 ms 4.8
2 18 105 ms 9.5
3 12 70 ms 14
4 9 53 ms 19
6 6 35 ms 29
8 4.5 26 ms 38

Table B.1: Resulting acquisition rate for a volumetric scan for different stitching
configurations, using a volumetric scan with 36 by 36 transmitted beams.

o Gray-scale value between 2 and 255 if between the ellipsoids and above the
center of the ellipsoids, i.e., in the left ventricular wall. The gray-scale value
was chosen from a 3D texture similar to a speckle pattern.

After completing the scan of one data block, the scan of the next block was
started immediately; thus, ¢, 4111 = tm,n;, v, + T

Synthetic data corresponding to a full volumetric scan of the LV was generated
for six different configurations listed in table B.1. All simulations used a scan
depth of 12.5 cm, yielding 6160 pulse firing per second, and a scan grid of 36
by 36 transmitted beams was utilized (assuming that adequate combinations of
higher beam density and parallel beam processing would give similar results).

2.6 Volume measurements

The volume of the LV cavity in the simulated data sets described in section 2.5
was calculated by summing the volume elements corresponding to each sample
position in the scan

N
‘Z}(L’U(Tﬂb) = Z Z V(I‘), (B7)

n=1r&l(tn,m)

where I(t, ) was the set of points r;;, of the subvolume scan-grid at time £, ,
lying inside the LV cavity (l.e., in the gray area of figure B.4) and V(r) was
calculated as shown in the Appendix.

The volumes V.4, calculated by (B.7) and thus resulting from a realistic scan-
pattern were compared by the true LV cavity volume curve of the model: V,,, =
1. 27a;i(t)?b;(t). The semiaxes a;(t) and b;(t) corresponded to the inner radius
of the atrioventricular annulus and the distance from the AV-plane to the inner

LV wall at apex.
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2.7 Geometrical distortion

When scanning volumetric ultrasound data, the acquisition time of each volume
generally is higher than in B-mode scanning. The on-screen presentation of one
acquired volume normally neglects the time difference between individual beams
within the scan. Thus, the shape of the imaged object as it appears on the screen
is not exactly equal to the true shape, since the different beams were captured at
different times, a phenomenon we call “geometrical distortion” of the image. The
amount of geometrical distortion strongly depends on the amount of time used
to acquire a single subvolume, and is thus lower for stitched ultrasound volumes
than for volumes obtained in real-time by scanning the same spatial grid.

In simulated volumetric scans performed as in section 2.5, the geometrical
distortion may be calculated in each image location. The simulated echo [;;x(t)
appearing in the image to be sampled in location ry;;, at time ¢,, is really sampled
in that location at time ¢, ji. If we let £(¢) be the path of a scatterer in the target,
passing through r;, at the time &, ji so that F(tm jx) = rik, then &;x(ty) is
the simulated echo of this scatterer. At the time t,, that was assigned to the
data volume, the same scatterer was at a different position #{¢,,). The vector

d(tm, tiji) = T(tm) — Tiji (B.8)

thus represents the difference between the position where ;;; was captured and
the position where it was presented. Hence, the maximal relative displacement
of any two locations in the LV wall can be measured by

Amaz(tm) = max  |d(tm, 1) — d(t,, ). (B.9)

r/€J(tm)

The maximum was taken over all pairs of points being the set J(¢,,) of grid
points lying inside the LV walls (i.e., the white area in figure B.4). The quantity
dmaz (tm ) was used as a measure of the geometrical distortion of a volume acquired
at relative time t,,.

In a stitched scan, we still define dyq. by (B.9), but with the maximum taken
over J(7y) £ UL J(tnm), i-e., all grid points in the assembled volume lying
inside the LV walls. Thus, the geometrical distortion at relative cycle time 7, in
a stitched scan was measured as the maximal difference between local distortion
vectors in any two LV locations in the assembled data volume.

Even though the times 7, for which d,,4, are defined in a real scan would be
restricted to the volume acquisition times in the scan, the value dy,q,(7) obtained
in a simulation could be calculated for arbitrary 7 € [0, Tioe1), by adding an
initial delay A7 before the first pulse firing in each subvolume.

B-13
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Figure B.5: A stitched scan acquired over four cycles presented in two ways. At
full resolution (left) and decimated by a factor two in both azimuth and eleva-
tion direction (right). The decimated image would be possible to acquire without
stitching.

3 Results

3.1 Real-time stitching and cine-loop display

The gain in spatial resolution for stitched over unstitched images was evident.
Figure B.5 shows the impact of stitching on the spatial resolution, the scan region
and volume acquisition rate being held constant. The left image in figure B.5 is
a 63° x 63° stitched scan acquired over four cycles with 19 volumes per second.
In the right image, the data were down-sampled with a factor two in each scan
direction, thus resulting in a data set that would be possible to acquire in real
time.

Image artifacts were likely to occur in some patients, while other patients
hardly showed artifacts at all. Artifacts were readily visible to the sonographer
as misalignments in the B-mode view, see figure B.6 and figure B.7, and were
mainly of two kinds as follows. 1) Respirational artifacts. Some patients were
not able to hold their breath and most respirations lead to artifacts. Figure
B.6 shows a four-cycle stitched recording with evident respiration artifact in the
systole. 2) Uneven heart rate. Recordings with large difference Thaw — Tonin
between the longest and shortest cardiac cycle showed artifacts. Reconstructed
with abbreviated time alignment, the last frames were likely to be hidden for
some of the subvolumes, while reconstructed with stretched time, one or more
frames in the diastole were likely to be misaligned. Figure B.7 presents a four-
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3 Results

Figure B.6: A four-cycle stitched cine-loop with a stitching artifact in the middle
seen due to respiration. The same artifact is marked with an arrow in both the
elevation slice-view (lower left) and the volume rendering (right). Movie available
at http://folk.ntnu.no/sveinbr/StitchingSamples/StitchingResp Artefact. mpg.



Paper B: Volume stitching in 3DE

Figure B.7: A four-cycle stitched cine-loop with artifacts due to uneven
heart rate.  The patient suffered from atrial fibrillation and four consec-
utive cycles that were well aligned were difficult to find. There are ar-
tifacts in all the three seams (marked with arrows). Movie available at
http://folk.ntnu.no/sveinbr/StitchingSamples/StitchingHR Artefact.mpg.
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3 Results

1 2 3 4 5 [ 7 8 9 10 11 12

RT Time [s] 82 T2 54 46 46 69 150 119 195 60 k& 29
Cost C 41.5 13.1 6.7 4.1 21.9 6.1 6.0 8.6 8.9 3.8 25.3 8.4

PP Time [s] 29 180 26 125 30 186 242 136 77 113 83 23
Cost C 18.6 6.1 6.1 7.8 27.3 4.8 18.7 3.2 14.3 6.6 18.0 12.0

Order R,P P,R R,P PR R,P PR R,P PR R,P P,R PR R,P

Table B.2: Examination time and the resulting stitching cost for two different
stitching methods, real-time stitching (RT) and postprocessed stitching (PP). Or-
der P,R means that postprocessed stitching was performed first; R,P means that
real-time stitching was performed first.

cycle stitched recording, showing artifacts due to uneven heart rate, with M,
varying from 22 to 30.

Alignment artifacts were more readily visible in a dynamic computer display
than in printed images. Movies showing the cine-loops of figure B.6 and figure
B.7 are available on-line2.

The local stitching cost function c¢,(t) and the overall stitching cost C as
defined in (B.3) and (B.4) were calculated for all recordings. A high value of
¢n(t) indicates a poor match between subvolumes from loops 7 and n -+ 1 when
assembling volume data for time ¢. The calculation of ¢, (¢) from p(¢) is illustrated
in the left columns in figure B.8, where p(¢) is plotted as a function of elevation
angle ¢ for a single frame in three different cases: These were no visible stitching
artifacts, small but visible stitching artifacts and severe stitching artifacts. The
elevation angle at the stitches are marked with vertical lines and one can, in
the two lower rows of figure B.8, see that a substantial drop in p was present
when the assembled volume had a stitching artifact. Careful examination of 3D
images and their corresponding p-curves confirmed that drops in p(¢) generally
coincided with visible stitching artifacts. Letting ¢, (¢) be the number of standard
deviations of the p-drop at the seam of subvolumes n and n + 1, the amount of
stitching artifacts throughout a cine-loop can be plotted, as shown in the right
column of figure B.8. The local cost functions resulting from both stretched time
alignment (solid lines) and abbreviated time alignment (dashed lines) are shown
and the difference in stitching cost for the two methods was small in these three
cases.

The overall cost C for each recording was assigned the highest maximal value
of the local cost, C' = max; max,, ¢,(t), which was 6.7 for the recording without
artifacts, 14.5 for the one with minor artifacts and 41.5 for the one with severe
artifacts.
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Figure B.8: Correlation plots for three different recordings: No visible stitching artifacts (top row), moderate stitching
artifects (middle row) and severe stitching artifacts (bottom row). The plots on the left side shows cross correlation
p(¢) between neighboring elevation planes as a function of elevation angle ¢, plotted at one single time. The plots on
the right side show local stitching cost ¢, (t) at the joint between subvolumes, shown as a function of time throughout
a cine-loop (solid lines: stretched time alignment; dashed lines: abbreviated time alignment). Each drop in p(¢) in the
left-most plots correspond to a value of ¢, at a specific time point in the right-most plots.
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3 Results

3.2 Experiment A: Examination time

Examination times for the patients are listed in table B.2. Examination time
for real-time stitching was 83 + 48 s and for postprocessed stitching, 105 + 72 s.
One can observe that both the mean and the standard deviation was lowest when
applying real-time stitching, but the mean was not significantly lower (p = 0.2
using a t-test of one-sided larger mean, no assumptions on the two standard
deviations).

The maximal stitching cost C as defined in (B.4) was calculated for each
patient, both from the recording with postprocessed stitching (P-recording) and
the recording with real-time stitching (R-recording). The value of C varied sub-
stantially between recordings, with the mean value of C for the best R-recordings
being slightly higher than that of the best P-recordings, 12.9+11.3 and 12.0+7.4
respectively. The maximal stitching costs for the recordings are listed in table
B.2.

3.3 Experiment B: Simulated ultrasound data

Figure B.9 shows simulated data of relative time 7 = 0.5 s for two different cases:
these are an unstitched scan and a six-cycle stitched scan. The geometrical dis-
tortion due to the long acquisition duration has induced an evident asymmetry
in the unstitched data-set (left panel), while the stitched data-set (right panel)
shows better symmetry and hence better agreement with the model. A synchro-
nized cine-loop display of the data in figure B.9 is available on-line 2.

3.4 Volume measurements

Automatic volume measurements were performed for all the scan-configurations
listed in table B.1. During the experiments, it became evident that the results
of the volume measurements depended on the orientation of the scanning region
relative to the simulation model. Therefore, results from two different orientations
are presented: these were LV axis parallel to the probe direction and LV axis
deviating 20° from the probe axis. The development throughout the cardiac
cycle of the true LV cavity volume V4, and the measured LV cavity volume Vaw
calculated by (B.7) for an unstitched scan and a four-cycle stitched scan is shown
in figure B.10 for both on-axis scanning and 20° off-axis scanning,.

Table B.3 lists the peak deviation of ffcav from V., for an on-axis scan using
all the scan configurations in table B.1. We see that the average estimation error
is small in all the listed cases.
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Figure B.9: Simulated ultrasonic images of the left ventricle, using a volumetric
scan with 36 by 36 transmitted beams. Left panel: real-time scan. Right panel: six-
cycle, stitched scan. The model used in the simulations was perfectly symmetric,
while the elevation slice of the simulated images were asymmetric due to geomet-
rical distortion (the arrows show locations with a large distortion vector). Movie
available at http://folk.ntnu.no/sveinbr/StitchingSamples/StitchingSimDual.mpg.

Figure B.10: Curves showing the development of LV cavity volume V., (red
lines), Vg resulting from an unstitched scan (blue lines) and Veaw resulting from
a four-cycle stitched scan (green lines). Left panel shows results obtained when LV
axis were parallel to the probe axis; right panel, when LV axis had angle 20° to

the probe axis.
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3 Resujts

Number of cycles | Mean + std Min Max
1 03+£1.9 -4.3 4.6
2 0.1 £0.6 -1.6 1.3
3 0.0+£0.3 -0.9 07
4 0.0£0.2 0.6 0.5
6 0.0+0.1 -0.3 03
8 0.0£0.1 0.3 04

Table B.3: Mean, standard deviation and peak deviation within the cardiac cycle
of the fractional difference between estimated LV cavity volumeVeq, (i.e., measured
by accumulating volume elements in a simulated on-axis scan of the LV cavity) and
the true model cavity volume V., of the model presented in 2.5. The numbers
show estimation error in percent of true value.

Figure B.11: Maximal geometrical distortion dmas(7) for the six different con-
figurations of table B.1. Left panel: LV axis parallel to the probe axis; right panel:

LV axis had 20° angle to the probe axis.
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3.5 Geometrical distortion

The geometrical distortion d,,..(7), see (B.8), was measured in the same two
cases for model orientation as the volume measurements in section 3.4: These
were LV axis parallel to the probe axis and LV axis having angle 20° to the
probe axis. Curves showing the d,,,, development through the cardiac cycle
for all the scan-configurations in table B.1 are shown in figure B.11. We see
that the geometrical distortion is similar for the two different LV-axis angles,
though slightly higher for off-axis scanning. The peak values in all cases were
in the dilatation phase of the diastole, being substantial only in low volume-rate
scanning (8.0 mm at 4.8 volumes/s and 5.0 mm at 9.6 volumes/s), but noticeable
(> 1 mm) also in the the other cases (14-38 volumes/s).

4 Discussion

4.1 Cine-loop display with stitched images

Figure B.3 shows the subvolume alignment of a two-cycle, stitched scan with
nonconstant heart rate. In this example, both the alignment schemes described
in the experimental set-up lead to artifacts in the assembled volume data. When
displayed with stretched time alignment, subvolume number 7 of loop 2 will be
presented two successive times in the cine-loop (both when frame 7 and frame
8 of loop 1 are presented); thus, only half the image changes when stepping
from frame 7 to 8. When abbreviated time is applied to the same sequence,
the last subvolume of loop 1 is never displayed and the diastole is presented as
having shorter duration than in reality. Side-by-side display of an in-vivo cine-
loop, presented with both alignment-schemes, is available on-line2. Note that,
in either alignment scheme, the synchronization is best at the first frame and
degrades towards the end of the cycle.

4.2 Real-time stitching

The ability to display the stitched 3D data during the data acquisition, with
both 2D slice display and volume rendering, proved to be a valuable tool for the
sonographer. By examining the elevation B-mode view (e.g., bottom left image
in figure B.7), artifacts could be monitored during live scanning. Also, during
probe motion or probe positioning, the sonographer could control the artifacts
by monitoring the elevation B-mode view.

In cases where the patient had arrhythmias during the image acquisition, the
assembled cine-loops always showed major stitching artifacts. Thus, stitching is
not an adequate technique for investigation of arrhythmias.
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4 Discussion

Due to to the long aquisition time of a full assembled data set, respiration
artifacts were more likely to occur in stitched cine-loops than in unstitched cine-
loops. Therefore, the gain in spatial and temporal resolution achieved by stitching
should, in each recording situation, be weighed against the difficulty of capturing
artifact-free data.

4.3 Experiment A: Examination efficiency

There was no significant trend showing improved performance of RT-stitching
over PP-stitching, either of lower time consumption or of lower stitching cost
(see figure B.8 and table B.2). Reasons for this could be that image quality
and heart rate variability were very different among the 12 patients and that
the recording conditions could vary distinctively from time to time, even within
the examination period of one patient. Furthermore, with RT-stitching, more
data were available for the examiner when deciding which cine-loop to archive,
implying that more time was needed for review of the available loops. This extra
time consumption might (or might not) balance the benefit of real-time quality
control.

Table B.2 shows that, for all patients except patient number 7, the latter
examination method was performed in shorter time than the former, suggesting
that the echocardiographer “learned” the patient during the first examination,
thus making the second examination more effective. Prior to the experiments,
we were concerned that a learning effect might take place and, therefore, the
echocardiographer was instructed to move the arm completely away from the
patient between the two examinations. To cancel the learning effect from this
experiment, either only one examination method should have been applied to
each patient (implying the need for recruitment of more patients) or, alternatively,
different echocardiographers should have performed the two examinations of each
patient.

With a larger examined population, significant improvements of attained im-
age quality and/or examination efficiency might have been possible to achieve.

4.4 Experiment B: Volume measurements and geometrical
distortion

Increased accuracy for LV volume measurements with 3DE over 2DE has been
demonstrated in several studies %1918 and the fact that no assumption about
LV shape has to be taken in 3DE has been assumed to be the reason for this
improvement?. The results of the simulations listed in table B.3, showing good
agreement (2%) between true LV volume V,,, of the model and LV volume Viuw
calculated from simulated 3D data, are thus consistent with earlier work.
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When recording volumetric data of the LV with a volume acquisition time of
T,or =100 ms or more, the performed simulations indicated a substantial geomet-
rical distortion of the captured volume data compared with the imaged object.
Although the distortion was slightly larger for a 20° off-axis scan than for an
on-axis scan, the difference was not large, as was shown in figure B.11. Despite
the geometrical distortion, volume measurements of the LV cavity were almost
identical to the true cavity volume of the model when scanning on-axis. On
the contrary, when scanning off-axis at low volume rate, the true and measured
volume curves were not well aligned: the curve for the low volume rate scan
was shifted by about 60 ms towards the left on the time axis. The reason for
the better match in the on-axis scan may be that the symmetry ensures that
geometrical distortion vectors d as defined in (B.8) has opposite directions for
positive and negative time lags t,, — ¢, ;;, while, in the off-axis scan, the lack of
symmetry prevents the distortion vectors to add up to zero. In a real in-vivo
scan, the perfect symmetry of the LV model will not be present and we could
expect poorer agreement, between measured and true LV cavity volume than was
shown in figure B.10, left panel. This result indicates that special care should be
taken to ensure on-axis scanning when recording 3DE data at low volume rate.

Several other factors than the investigated ones (volume acquisition time and
LV axis angle relative to probe axis) may influence the resulting volume mea-
surements and geometrical distortion as well. It is likely that, when the following
factors may change, worst-case scenarios would yield considerably more distortion
than in the presented simulations.

1. Asymmetric ventricle. As dysfunctional regions of the myocardium may
imply asymmetric motion, the good match between Vi, () and Vg, ()
seen in the left panel of figure B.10 may be unrealistic in many pathological
cases. Hence, volume measurements based on recordings with low volume
rate may imply larger estimation error than indicated even for on-axis scan-
ning.

2. Heart rate variability. In the simulations, a fixed heart rate of 59 beats/min
was used. Thus, extra geometrical distortion due to an additional per-
volume delay of cycles 1 to N — 1 would be present if the heart rate was
allowed to vary between the loops.

3. Overall heart rate. A higher rate than 59 beats/min would of course de-
crease the number of data-volumes per cardiac cycle, but also increase ge-
ometrical distortion, since the tissue would have moved faster.

A factor that could improve the overall results is the geometric layout of the
scan. Dividing the full volume into subvolumes in different ways (e.g., four or nine
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5 Conclusion

symmetric subpyramids), or changing the beam sequence within each subvolume,
could influence the measured volumes and/or the geometrical distortion.

5 Conclusion

Real-time display of 3D volumes assembled from data captured in several con-
secutive cardiac cycles has been demonstrated on an ultrasound system utilizing
a 2D matrix transducer. The data were presented to the operator in the same
manner as nonassembled real-time cardiac data, defaulting with two perpendic-
ular 2D planes and a shaded volume rendering. The data from the different
scanning regions were synchronized by the ECG signal. The visual feedback to
the operator and the possibility retrospectively to review the entire recorded se-
quence and to pick N arbitrary consecutive cycles gives the echocardiographer
a versatile examination tool. In addition to making subjective judgement of the
stitching result possible in real-time, we propose a stitching cost function which
can be used for automatic evaluation of stitching quality. These two techniques
could potentially help the echocardiographer to achieve better stitched images in
a shorter time, even though no significant improvement was found in a group of
12 patents with cardiac disease, compared with a system applying blind volume
stitching.

A method for quantification of geometrical distortion is proposed and the
amount of geometrical distortion in both stitched and unstitched scan config-
urations has been investigated for synthetic data generated from a kinematic
model of the left ventricle (LV). For low volume-rate scanning, the geometrical
distortion was readily visible in the images and it attained values as high as 9
mm. Volume measurements performed on the synthetic data showed that the
estimated LV cavity volume could differ substantially from the true LV volume
of the model, in particular when the volume rate was low and the LV axis was
not well aligned with the scan direction. Scanning with less than 20 volumes/s is
not recommended for full scans of the LV and at least four-cycle stitching should
be applied.

The increased spatial and/or temporal resolution obtained by volume assemn-
bly may increase the 4D usability in many clinical applications.

Appendix

In the following, we show how the volume element size V(r) used in (B.7) was
calculated. Consider a volumetric scanning grid formed by tilting a planar sector
B-mode scan around an axis through the sector apex point. A point ry;z in the
scanning grid may be indexed by the discrete spherical coordinates (74, 6;, ¢x),
where 7; is the range of the sample, §; is the azimuth angle and ¢y, is the elevation
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angle. Using the notation r;_ = r; — %Ar and rjp =7r; + %A?‘ (and correspond-
ingly for the angles 6, and ¢;), the volume element V(r;;x) in the acquisition
grid was spanned by a line segment at depth [r;_, r;4], rotated in the azimuth
plane from 6;_ to 6,4, then rotated from ¢5_ to ¢, around the tilt-axis of the
scan (i.e., the axis perpendicular to the probe direction in the azimuth plane).
The size of this volume element was calculated by

Ph+ b5+ it
Vrie) = / / / (r cos 8d¢) (rdd)dr
br~ /O Ti—
Lo 3

-

(), =70 )(sinb;y —sin6;_)($rs — dr—)- (B.10)

3

References

1. S. Berg, H. Torp, D. Martens, E. Steen, S. Samstad, I. Hgyvik, and B. Ol-
stad. Dynamic three-dimensional freehand echocardiography using raw
digital ultrasound data. Ultrasound Med Biol, 25(5):745-53, Jun 1999.

2. S. Brekke. Image  samples  of  real-time  stitched
4D echocardiographic images, Dec 28th, 2005.
http://www.ntnu.no/ “sveinbr/StitchingSamples/index.html.

3. M. L. Chuang, R. A. Parker, M. F. Riley, M. A. Reilly, R. B. Johnson, V. J.
Korley, A. B. Lerner, and P. S. Douglas. Three-dimensional echocardio-
graphy improves accuracy and compensates for sonographer inexperience
in assessment of left ventricular ejection fraction. J Am Soc Echocardiogr,
12(5):290-299, May 1999.

4. M. Collins, A. Hsieh, C. J. Ohazama, T. Ota, G. Stetten, C. L. Donovan,
J. Kisslo, and T. Ryan. Assessment of regional wall motion abnormalities
with real-time 3-dimensional echocardiography. J Am Soc Echocardiogr,
12(1):7-14, Jan 1999.

5. D. L. Dekker, R. L. Piziali, and E. D. Jr. A system for ultrasonically
imaging the human heart in three dimensions. Comput Biomed Res, 7(6):
544-553, 1974.

6. A. Delabays, N. G. Pandian, Q. L. Cao, L. Sugeng, G. Marx, A. Lu-
domirski, and S. L. Schwartz. Transthoracic real-time three-dimensional
echocardiography using a fan-like scanning approach for data acquisition:

B-26



References

10.

11.

12.

13.

14.

methods, strengths, problems, and initial clinical experience. FEchocardio-
graphy, 12(1):49-59, Jan 1995.

F. M. Y. et.al. Accurate measurement of left ventricular ejection fraction
by three-dimensional echocardiography. a comparison with radionuclide
angiography. Circulation, 94:460-466, August 1996.

E. A. Geiser, M. Ariet, D. A. Conetta, S. M. Lupkiewicz, L. G. C. Jr., and
C. R. Conti. Dynamic three-dimensional echocardiographic reconstruction
of the intact human left ventricle: technique and initial observations in
patients. Am Heart J, 103(6):1056-1065, 1982.

A.S. Gopal, A. M. Keller, R.. Rigling, D. L. K. Jr, and D. L. King. Left ven-
tricular volume and endocardial surface area by three-dimensional echocar-
diography: comparison with two-dimensional echocardiography and nu-
clear magnetic resonance imaging in normal subjects. J Am Coll Cardiol,
22(1):258-270, Jul 1993.

M. G. Hibberd, M. L. Chuang, R. A. Beaudin, M. F. Riley, M. G.
Mooney, J. T. Fearnside, W. J. Manning, and P. S. Douglas. Accuracy of
three-dimensional echocardiography with unrestricted selection of imaging
planes for measurement of left ventricular volumes and ejection fraction.

Am Heart J, 140(3):469-475, Sep 2000.

B. J. Krenning, M. M. Voormolen, and J. R. Roelandt. Assessment of left
ventricular function by three-dimensional echocardiography. Cardiovasc
Ultrasound, 1(1):1-12, Sep 2003.

L. Kupferwasser, S. Mohr-Kahaly, P. Stahr, H. J. Rupprecht, U. Nixdorff,
M. Fenster, T. Voigtlander, R. Erbel, and J. Meyer. Transthoracic three-
dimensional echocardiographic volumetry of distorted left ventricles using
rotational scanning. J Am Soc Echocardiogr, 10(8):840~844, Oct 1997.

A. Lange, P. Palka, D. J. Burstow, and M. J. Godman. Three-dimensional
echocardiography: historical development and current applications. J Am
Soc Echocardiogr, 14(5):403-412, May 2001.

V. Mor-Avi, P. Vignon, R. Koch, L. Weinert, M. J. Garcia, K. T. Spencer,
and R. M. Lang. Segmental analysis of color kinesis images: new method
for quantification of the magnitude and timing of endocardial motion dur-
ing left ventricular systole and diastole. Circulation, 95(8):2082-2097, Apr
1997.

B-27



References

15.

16.

17.

18.

19.

20.

21.

S. I. Rabben, A. H. Torp, A. Stoylen, S. Slordahl, K. Bjornstad, B. O.
Haugen, and B. Angelsen. Semiautomatic contour detection in ultrasound
m-mode images. Ultrasound Med Biol, 26(2):287-296, Feb 2000.

S. I. Rabben, A. L. Haukanes, and F. Irgens. A kinematic model for simu-
lating physiological left ventricular deformation patterns - a tool for eval-
uation of myocardial strain imaging. Proc IEEE Ultrasonic Symposium,
pages 134-137, 2003.

O. T. V. Ramm, S. W. Smith, and H. G. P. Jr. High-speed ultrasound
volumetric imaging system - part II: Parallel processing and image display.
IEEE Trans Ultrason Ferroelectr Freq Control, 38(2):109-115, Mar 1991.

S. C. Siu, R. A. Levine, J. M. Rivera, S. W. Xie, J. P. Lethor, M. D.
Handschumacher, A. E. Weyman, and M. H. Picard. Three-dimensional
echocardiography improves noninvasive assessment of left ventricular vol-
ume and performance. Am Heart J, 130(4):812-822, Oct 1995.

S. W. Smith, H. G. P. Jr., and O. T. von Ramm. High-speed ultrasound
volumetric imaging system part I: Transducer design and beam steering.
IEEE Trans Ultrason Ferroelectr Freq Control, 38(2):100-108, Mar 1991.

R. S. von Bardeleben, H. P. Kiihi, S. Mohr-Kahaly, and A. Franke. Second-
generation real-time three-dimensional echocardiography. finally on its way
into clinical cardiology? Z Kardiol, 93(Suppl 4):1V/56-1V /64, 2004.

J. Yao, Q.-L. Cao, N. Masani, A. Delabays, G. Magni, P. Acar, C. Laskari,
and N. G. Pandian. Three-dimensional echocardiographic estimation of
infarct mass based on quantification of dysfunctional left ventricular mass.
Circulation, 96:1660-1666, 1997.

B-28



PaPER C

Tissue Doppler gated (TDOG) dynamic
3D ultrasound imaging of the fetal heart

Svein Brekke!, Eva Tegnander?, Hans G. Torp!, Sturla H. Eik-Nes?
"Dept. of Circulation and Medical Imaging, NTNU, Trondheim, Norway
2National Center for Fetal Medicine, Trondheim University Hospital, Norway

Abstract

Dynamic three-dimensional (3D) ultrasound imaging of the fetal heart is difficult due
to the absence of an electrocardiogram (ECG) signal for synchronization between loops.
In this study we introduce tissue Doppler gating (TDOG), a technique in which tissue
Doppler data are used to calculate a gating signal. We have applied this cardiac gating
method to dynamic 3D reconstructions of the heart of eight fetuses aged 20-24 weeks.

The gating signal was derived from the amplitude and frequency contents of the tis-
sue Doppler signal. We used this signal as a replacement for ECG in a 3D-volume recon-
struction and visualization, utilizing techniques established in ECG-gated 3D echocar-
diography.

The reliability of the TDOG signal for fetal cardiac cycle detection was experimen-
tally investigated. Simultaneous recordings of tissue Doppler of the heart and continuous
wave (CW) spectral Doppler of the umbilical artery (UA) were performed using two
independent ultrasound systems, and the TDOG signal from one system was compared
to the Doppler spectrum data from the other system. Each recording consisted of a
two-dimensional (2D) sector scan, transabdominally and slowly tilted by the operator,
covering the fetal heart over approximately 40 cardiac cycles. The total angle of the
sweep was estimated by recording a separate loop through the center of the heart, in
the elevation direction of the sweep.

3D reconstruction and visualization were performed with the EchoPAC-3D software
(GE Medical Systems). The 3D data were visualized by showing simultaneous cineloops
of three 2D slices, as well as by volume projections running in cineloop.

Synchronization of B-mode cineloops with the TDOG signal proved to be sufficiently
accurate for reconstruction of high-quality dynamic 3D data. We show one example of a
B-mode recording with a frame rate of 96 frames/s over 20 seconds. The reconstruction
consists of 31 volumes, each with 49 tilted frames. With the fetal heart positioned 5-8
cm from the transducer, the sampling distances were approximately 0.15 mm in the
beam direction, 0.33° ~ 0.37 mm azimuth and 0.45° ~ 0.51 mm elevation. From this
single dataset we were able to generate a complete set of classical 2D views (such as
four-chamber, three-vessel and short-axis views as well as those of the ascending aorta,
aortic and ductal arches and inferior and superior venae cavae) with high image quality
adequate for clinical use.

Ultrasound Obstet Gynecol. 24(2): 192-198, Aug 2004
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1 Introduction

Over the past few years there has been an increasing interest in dynamic three-
dimensional (3D) imaging of the fetal heart. A full B-mode investigation may
be time-consuming, requiring various insonation angles. The possibility of a
retrospective offiine complete analysis of the total heart acquired in a 3D block
would make the evaluation of normal as well as abnormal anatomy easier !'. By
storing 3D ultrasound data from one cardiac cycle, the physician is able to do
analysis offline (without, the presence of the patient).

Different approaches to 3D ultrasound imaging of the fetal heart have previ-
ously been investigated. Using both gated and non-gated B-mode reconstruction
techniques*, as well as real time 3D acquisition using a 2D array transducer .
Several different gating techniques have been studied, including operator input
based on an M-mode display 4, temporal Fourier transforms of the volume data
itself 4, and Doppler spectrum acquisition and analysis performed by an inde-
pendent ultrasound system®?. The spatio-temporal image correlation (STIC)
technique available on the VOLUSON 730 (GE Medical Systems, GE Health-
care, Chalfont St. Giles, UK), was used to produce 3D gray-scale images with the
gating signal automatically detected from the underlying B-mode sequence %15,
3D color Doppler images reconstructed using the STIC technique have also been
presented %, Recently, 3D images of the fetal heart were obtained by free-hand
scanning gated with cardiotocography (CTG) 0.

The current gating techniques have different strengths, but also limitations:
The M-mode technique provides a satisfactory synchronization, but the method
is manual and time-consuming. Fourier methods estimate the main heart rate
well, but do not handle tracking of inter-cycle variations. The use of an addi-
tional recording device, such as the spectral Doppler or CTG technique, provides
a satisfactory synchronization, but it is cumbersome, and acoustic interference
between the transducers may introduce artifacts. However, the double-transducer
approach has the potential for real time gating, which seems difficult to achieve
with all the other methods, including STIC.

A gating signal may be utilized for 3D data reconstruction in different ways:
Building a volume from B-mode slices from consecutive loops makes it possible
to acquire 3D data with a standard phased array probe. Acquiring true 3D data
with a 2D array transducer, assuming that a gating signal is available, makes it
possible to increase the temporal or spatial resolution by grouping sub-volumes
from consecutive loops into larger volumes. Ideally, the gating signal should be
easy to obtain, accurate and technically reliable. In addition, in order to be
clinically applicable, it should be fully automatically generated. In 3D echocar-
diography of children and adults, the electrocardiogram (ECG) is an ideal gating
signal. For fetuses however, ECG is not easily available, and the synchronization
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2 Methods

must be carried out in other ways.

Two-dimensional (2D) tissue Doppler is an ultrasonic mode in which the ve-
locity of the tissue is measured on each point in a sector grid or rectilinear grid.
Tissue Doppler data can be acquired simultaneously and with the same trans-
ducer as the B-mode data, allowing the recording of tissue Doppler data as part of
a gated 3D scan. This would provide additional velocity information that might
be utilized for synchronization.

The aim of this study was to utilize TDOG to create reconstructed, dynamic
3D ultrasound images of the fetal heart, and to evaluate the accuracy of the
TDOG signal by comparing it to Doppler recordings of the umbilical artery.

2 Methods

2.1 Data acquisition

Eight pregnant women were scheduled for a regular cardiac scan, with fetuses
aged 20-24 weeks. The women were informed that additional post processing
would be done to develop a 3D reconstruction of the fetal heart. Several data
sets were acquired for each fetus, and each data set consisted of a duplex sector
scan with B-mode and 2D tissue Doppler. The scan-plane was tilted manually,
making sure the heart was covered during the sweep. All recordings were over a
period of 8 to 20 seconds (20-50 cardiac cycles). The B-mode image was visible
during acquisition of the dataset but the tissue Doppler data was not visible.

The recordings were performed with a Vivid 7 scanner from GE Medical Sys-
tems using a 1.5D probe with a frequency range of 2-5 MHz. To find an adequate
trade-off between frame rate and image quality, different B-mode scanner set-
tings, such as transmit and receive frequencies, inter-beam distance and frame
rate (frames/s), were examined. Based on the initial subjective evaluation of the
clinical data, and utilizing a second harmonic setup with a transmit frequency
of 2.5 MHz and a receive frequency of 5.1 MHz, an inter-beam distance of 0.3°
and a data rate of 96 frames/s were decided upon. The tissue Doppler settings
were adjusted to provide a small bandwidth compared to that of B-mode, but the
frame size and frame rate were the same, with transmit and receive frequencies
of 2.4 MHz and an inter-beam distance of 3.8°. There were three pulse firings in
each beam direction of the tissue Doppler.

The gating signal was derived from clutter-filtered I1Q data (complex demodu-
lated radio frequency data): Firstly, the autocorrelation of lag one was calculated,
then the imaginary part of this was averaged over each frame, before the local
minima were extracted, i.e. the synchronization times were the local temporal
minima of the function

s(t) = Im(mean(R;(r,0,1))), (C.1)
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where the mean value was taken over all grid points (r,0) in one tissue Doppler
frame. The basic signal s is a function of time ¢; its value at a given time is
calculated from the mean Doppler shift measured over one tissue Doppler frame.

The local minima were detected from s(t), vielding the time stamps used
for gating. In the parts of the 2D sequence where s(t) was too weak for local
minimum detection, typically in the beginning and the end of a sweep, new gating
times were added using a cycle length equal to the median of the detected cycles.

2.2 Reconstruction

Reconstruction was performed with the EchoPAC-3D software product (GE Med-
ical Systems). The program converted the B-mode scan lines into a sequence of
voxel data sets, yielding a four-dimensional (4D) data set with temporal resolu-
tion equal to the B-mode frame rate and duration of one cardiac cycle, as has
been done in ECG gated 3D echocardiography '.

Ultimately, the 4D data were visualized by two standard examination tech-
niques for 3D medical imaging:

o 2D slicing: Simultaneous scan conversion of three arbitrary planar intersec-
tions was performed from the volumetric scan-line data, and the intersec-
tions were shown in a synchronized cine-loop display.

e Volume projection: Gray-scale values for each pixel were computed as a
weighted sum of all voxels projected onto each pixel in a rectangular grid,
the weight decreasing with increasing distance to the plane chosen. In order
to display a running loop, projections were precalculated for each frame.

2.3 Gating signal accuracy

To evaluate the accuracy of the TDOG signal, we compared it to continuous wave
(CW) spectral Doppler. CW Doppler and tissue Doppler data were recorded
simultaneously on two different ultrasound systems and compared. One system
recorded CW Doppler data from the UA, and the other recorded B-mode and
tissue Doppler 1Q data from the fetal heart. The recordings were synchronized
for offline analysis by simultaneously recording an independent signal (the ECG
signal from an independent person) on both ultrasound systems.

The two-system recordings were performed, and the cycle lengths from the two
methods were compared. The variation in time delay between upstroke readings
from the spectrum and the TDOG signal was examined.

The usefulness of the tissue Doppler signal for synchronization was evaluated
visually by running side-by-side consecutive cine-loops.
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3 Results and discussion

f=2/4.1 MHz f=25/51MHz
A = 0.55° Af =0.51°
113 fr/s 124 fr/s

f=2/41MHz f=25/5.1MHz
A = 0.36° A0 = 0.33°
87 fr/s 96 fr/s

Figure C.1: B-mode image quality for different frequencies and beam density
settings. All recordings are from the same fetus.

3 Results and discussion

3.1 Image quality

Optimal image quality of the 3D reconstruction was achieved by a compromise
between high B-mode quality and high frame rate. By increasing the frequency
towards the upper part of the frequency range, the lateral resolution was improved
at the cost of reduced echo sensitivity.

Second harmonic imaging gave the highest lateral resolution and was used on
all recordings. Figure C.1 shows how the image quality was affected for some
combinations of frame rate and angular resolution for the system used in this
work. A frequency of 2.5/5.1 MHz and an inter-beam distance of 0.33° produced
a good image quality in the scan plane and a relatively high frame rate at 96
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Figure C.2: The basic signal (continuous line) and the derived gating signal
(circles) are shown. X-axis: time (sec.), y-axis: basic signal. The left panel shows
a fixed apical four-chamber view and the right panel shows the signal for a manual
sweep of 22°,

frames/s. The frame rate would have increased if the scan angle had been further
decreased.

3.2 Gating signal

We recorded 2D tissue Doppler data along with the B-mode frames and calculated
a gating signal based on these. The Doppler data intercepts the radial component
of the motion in a slice surrounding the B-mode scan plane. Using a 1.5D probe
made it possible to reduce the elevational aperture in the tissue Doppler firing,
and hence increase the elevational beam width. Thus, cardiac motion could
positively contribute to the gating signal, even when the motion was not visible
within the B-mode image.

Comments to the choice of the basic signal s, see (C.1), for the tissue Doppler
synchronization signal:

e Considering a set of IQQ samples of Doppler data and the autocorrelation
Ry at lag 1, Im(R;) depends both on the strength of the reflected signal
and the velocity of the signal. Contribution to the mean from blood cells
in s is therefore negligible, since the blood signal is much weaker than the
tissue signal.

o Since s is calculated as a spatial mean value, motion towards the transducer
in one part of the image will compensate motion away from the transducer
in another part. Thus, uniform or massive motion produces a strong signal.

Hence, the basic signal we used emphasized strong echoes and massive motion of
tissue in the ultrasound beam direction. The continuous line in the left panel of
figure C.2 shows the basic signals for a fixed 4 chamber view of a fetus aged 24
weeks. Positive values of s imply that mean motion was towards the transducer,
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Figure C.3: Visual control of gating accuracy: Four different cine-loops from the
same recording are running synchronized, based on the tissue Doppler gating signal.
The snapshot is taken 50 ms after maximal relaxation, as the atrioventricular valves
are closing.

Also the resulting 3D reconstructions would have artifacts if the trigger signal was
very inaccurate, hence the successful reconstructions indicate the trigger signals
usability.

i.e. during contraction of the myocardium. The negative values represent motion
away from the transducer, and the negative peaks show the moments with the
most rapid relaxation of the myocardium. We also see that the negative peaks
were the most explicit events in the signal.

The gating signal was calculated as the set of local minima for s, and is marked
as circles in figure C.2. The right panel shows s and the synchronization times
used for a 3D reconstruction. Read from an apical recording, the minima of s in
figure C.2 occured at times with the highest velocity of the dilating myocardium
in diastole, producing the highest Doppler shift. By examining s immediately
before the various gating times, one could possibly even detect the start of systole
and of diastole from s, but this has not, been addressed further here.

Since the basic signal s at a given time t depends only on the tissue Doppler
frame at that time, the signal s(t) is possible to produce in real time on an
ultrasound system. Such a real-time TDOG signal could be useful both for
workflow improvements in fetal echocardiography, and for real-time display of
reconstructed 3D ultrasound images. Accuracy of the gating signal was evalu-
ated visually by comparing consecutive loops running simultaneously and slowly
side-by-side, as shown in figure C.3.

3.3 Validating tissue Doppler gating signal by comparison
to CW Doppler

In both cases when Doppler CW data and tissue Doppler data were recorded,
the inter-system acoustic noise was visible only if the CW beam intersected the
B-mode sector. By ensuring that the distance between the transducers was not
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Figure C.4: Doppler CW data through the umbilical artery and M-mode data
through the atrioventricular area, as well as the tissue Doppler trigger signal. The
M-mode and the trigger signal were both generated from a B-mode loop with 2D
tissue Doppler. The blue line shows the basic signal from which the trigger signals
(red bars) are automatically generated. The blue bars show time stamps for start
systole, manually selected from the spectrum.

too short, and that the CW Doppler beam did not intersect the B-mode sector,
we could position the CW beam such that the noise was low. Figure C.4 shows
an M-mode along a beam through the atrioventricular plane and a CW Doppler
of the UA in the same time axis. The negative peak of the tissue Doppler basic
signal s occurred at a moment when the atrioventricular plane moved away from
the probe with high velocity.

From the spectrum data we recorded the time at the start of systole as the
moment when the velocity in the UA started to increase. For the recording in
figure C.4, spanning 20 cardiac cycles, we registered systole lengths 410 &+ 9 ms
from the spectrum, and 410 4 8 ms from the tissue Doppler signal. The temporal
resolution (i.e. the time between successive samples of the data) for the data
streams were 4 ms for the spectral Doppler and 10.4 ms for the tissue Doppler,
and hence the variation of the estimated cycle length was in the same order as
the temporal resolution.

To calculate the difference of estimated cycle length between the two methods,
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we had to decide how to align cycles to each other. As seen in figure C.4, the start
of one “tissue Doppler cycle” occurs in the middle of a “spectral Doppler cycle”.
By comparing cycle estimates containing the same diastole for this recording, we
obtained differences 0.3 + 12 ms between the two estimates, whereas comparison
of cycle estimates containing the same systole yielded 0.1410 ms, which indicates
that the estimation difference occurs both in the systole and in the diastole. In
both cases, the standard deviation approximately equals the temporal resolution
of the tissue Doppler.

3.4 3D data acquisition

When acquiring 3D data by sweeping a B-mode scan over the heart, consecutive
cine-loops become neighboring planes in the 3D data set; the number of B-mode
planes in the reconstructed volume for each time step is the same as the number
of cardiac cycles in the sweep. Thus, a long sweep time yields high scan plane
density, but too long a sweep time makes it difficult to perform the sweep with
constant tilt velocity. The usefulness of a recording depended on the following
factors: no obstacles from bones or other structures in front of any part of the
heart; a short distance from the heart to the probe (ideal is less than 6 ¢cm); and
no fetal or respiratory motion during the sweep time.

To cover the fetal heart with maximal diameter 2 cm at depth 5—7 cm, we used
an angle of approximately 25° for both the B-mode sector and the elevational tilt.
The tilt angle was estimated for each recording by comparing a cross-sectional
intersection of the 3D data and a separate B-mode cine-loop scanned in the
direction equal to the 3D tilt direction, see figure C.5 shows that in the presented
example a tilt angle of 22° gave good agreement between the B-mode and a planar
slice.

The image quality from four of the eight fetuses studied was adequate, while
the results for the remaining four were poor or lacking. There were severe motion
artifacts from two of the fetuses, and for the other two there was no adequate
access at all to the four-chamber view during the 30 minutes each subject was
available.

3.5 3D reconstruction

3D reconstructions of data were obtained from 6 fetuses (four adequate recordings
and two recordings with motion artifacts).

The quality of the reconstructions varied between different recordings, mainly
due to the following reasons: (1) fetal position was not suitable for high-quality
B-mode imaging of the fetal heart, (2) fetus was moving during the sweep, and
(3) probe motion was uneven during the sweep.
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Figure C.5: The B-mode image on the left is recorded immediately after the 3D
acquisition, but with the scan plane rotated 90°. The right image shows a planar
intersection from the reconstructed 3D data, where the total tilt angle (input to
the EchoPAC SW) and the image plane were adjusted for a best possible match
between the two images. Thus, the two images show approximately the same view
of the heart.

Reason (3) was not addressed in our experiments. Different methods to con-
trol reconstruction accuracy have been studied in the literature, such as magnetic
position sensors ! or a speckle decorrelation technique!3. Furthermore, errors that
may occur in position sensor systems have been corrected for by image analysis 12,
In our case, the total sweep angle was estimated by comparing the 3D data set
with a separate cross-sectional B-mode recording. Hence, we expect variations in
the sweep velocity to be the main concern regarding accuracy.

One example recording is presented from a fetus (figure C.6). The total
recording time was 20.7 seconds, comprising 49 full cardiac cycles. The total tilt
angle was estimated to 22° (based on the images shown in figure C.3), yielding an
angle of 0.45° between intermediate scan planes. The volume projections shown
in figure C.6 were performed in view directions corresponding to seven classical
B-mode views for a fetal heart examination. Each volume projection was car-
ried out in two steps using the EchoPAC-3D software. Firstly, transforming the
scan-line data into a regular 3D grid in the viewing direction, then performing
a back-to-front accumulation of voxel color with the opacity value depending on
the intensity in each voxel. The software allowed the user to specify any opacity
curve, and different opacity curves resulted in renderings that emphasized differ-
ent aspects of the volume data. The images in figure C.6 were made with uniform
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Figure C.6: Volume projections of the heart of a fetus aged 24 weeks , all im-
ages retrospectively produced from one cine-loop of 3D data, derived by apical
insonation. (a) Apical four-chamber view. (b) Subcostal four-chamber view. (c)
Ascending aorta. (d) Three-vessel view. (e) Short-axis view. (f) Aortic arch. (g)
Ductal arch. (h) Long-axis of inferior and superior vena cavae.
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opacity curve at 75%, which gave images similar to 2D slices, but the summation
of voxels provided better contrast and enhancement of small structures. Images
are clearer on cine-loops running on a screen than on prints 2.

In figure C.6 (a) and (b), it can be seen that apical insonation gives weak
echoes from the atrial and ventricular septae. This effect is due to the nature of
ultrasound backscattering, as the strength of the echoes in the septae depends
both on the resolution in the imaging system and the direction of the tissue
structures. This is analogous to the difference between apical and subcostal
four-chamber views in ultrasound B-mode. Thus, optimal image quality of all
structures cannot be achieved in one single 3D ultrasound recording, regardless
of resolution.

3.6 Alternative approaches

Real time 3D ultrasound with 2D array transducers is the easiest way of ac-
quiring 3D data of the fetal heart, but at the expense of lower temporal and/or
spatial resolution. For high resolution fetal echocardiography, gated techniques
like TDOG and STIC #8%15 deliver spatial and temporal resolutions that almost
correspond to 2D B-mode images, but suffer from more cumbersome acquisition.
Since the gating algorithm of TDOG directly detects events in the basic signal,
this technique may be used to display a partly acquired data volume in real time
during the acquisition phase, which might not be possible with the STIC method.

4 Conclusion

TDOG gave sufficient accurate synchronization of cardiac cycles to be used for
3D reconstruction based on tilted four-chamber view ultragsound B-mode scans.

In a dual system recording spanning 20 cardiac cycles, we found that the
timing accuracy of the tissue Doppler signal was approximately the same as that
of CW spectral Doppler gating, as was used by Deng et al.®.

Free-hand sweep as a method for 3D acquisition is influenced by the operator’s
expertise, so this acquisition mode should be viewed as a test case for other
techniques with higher spatial accuracy, such as position sensor systems or 2D
array transducers. However, as demonstrated, a well performed B-mode sweep
may result in a good dynamic 3D reconstruction, making it possible to obtain
good visualizations of planar intersections and volume projections of the fetal
heart. When performing 3D fetal echocardiography with a 2D array transducer,
TDOG can be used to improve temporal resolution through assembly of sub-
volumes acquired over successive cardiac cycles.

This study demonstrates the feasibility of tissue Doppler gated high frame
rate 3D ultrasound imaging of the fetal heart with currently available ultrasound
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systems. The temporal resolution and image quality of tissue Doppler gated
fetal echocardiography was similar to the STIC method 8. In contrast to STIC
however, TDOG directly detects events in the data stream, and is thus suitable
for real time applications in future ultrasound systems.
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Abstract

Three-dimensional (3D) fetal echocardiography is a promising technique for assessment
of fetal cardiac structure and function, but suffers from lower temporal resolution than
ultrasound imaging in two dimensions. Real-time, ECG-gated volume stitching is a
known method in adult echocardiography, used to increase the spatial and/or temporal
resolution of volumetric cardiac scans. In fetal echocardiography however, stitching has
been impossible due to lack of ECG data for gating.

Method: A real-time gating signal for fetal echocardiography is suggested in this
work. An ultrasound system was set up to acquire 3D gray-scale data and 3D tissue
Doppler data simultaneously, with only the gray-scale data visible to the sonographer.
Derived from the Doppler data, a gating signal, denoted the tissue Doppler gating
(TDOG) signal, was calculated in real-time. The TDOG trigger events were used to
induce changes in the geometry setup of the 3D gray-scale scan, ensuring that data from
consecutive cardiac cycles were captured from separate parts of the total volumetric
scan. A scan setup with six disjoint subvolumes was used, and the system could in
real-time assemble and display volume data sets with data from the six most resent
heart cycles.

Results: In-vivo data ware recorded from 5 pregnant women with fetuses aged 20-24
weeks, utilizing a matrix transducer with a center frequency of 3 MHz. TDOG signals
from several different tissue Doppler scan geometries are presented: 5° and 10° planar
sector scans and 8° x 8° volumetric scans. Volumetric, assembled scans acquired with
TDOG gated stitching are shown, and both good and poor match between subvolumes
are demonstrated.

We conclude that the TDOG technique provides real-time gating of fetal cardiac
cycles and it can be used to acquire stitched, 3D fetal echocardiographic data with high
frame rate.

Proceeding of IEEE Ultrasonic Symposium, Vancouver BC, Oct 2-6, 2006
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1 Introduction

Fetal echocardiography is, in many ways, more challenging than adult echocar-
diography: The dimension of the myocardium is smaller, the heart rate at rest is
higher and abnormal shapes are more likely to occur.

Two-dimensional (2D) ultrasound imaging of the fetal heart is established as
an important tool for prenatal diagnosis of congenital heart disease®. However,
two-dimensional echocardiography (2DE) examinations have limitations. Firstly,
when investigating a malformed myocardium, structural abnormalities may fall
outside the slice-plane of recorded cine-loops and therefore the disorders may
remain undiscovered. Secondly, it requires high skill for the sonographer to find
the correct views when performing a 2D scan and, therefore, the quality of the
recorded data may depend too much on the operator cleverness.

Three-dimensional echocardiography (3DE) applied to the fetal heart promises
to address these limitations of fetal 2DE, by giving the physician full off-line access
to all structures in the myocardium. This distresses the competence requirements
of the sonographer and allows in a better way for second opinion judgements.

Two different data acquisition principles are available in commercial ultra-
sound scanners: reconstructed, 3D cine-loops with cardiac gating and real-time
3D scanning utilizing matrix transducers.

Different techniques for cardiac gating (i.e., registration of the cardiac phase)
have previously been applied for reconstructed, fetal 3DE: Fourier-analysis of
the image data it selves®, spectral Doppler gating?, cardiotocographic gating”,
spatio-temporal image correlation (STIC) ¢ and tissue Doppler gating (TDOG) .
However, none of these methods provide a gating signal that is available in real-
time during scanning, hence the 3D reconstruction can not be performed and the
resulting 3D image cab not be visualized while the data are acquired.

This work extends the TDOG method introduced in Brekke et al. !, making
it possible to perform real-time, stitched scanning in a way similar to what is
available for 3DE examination of the adult heart 2.

2 Methods
2.1 Real-time TDOG signal

The extraction of the gating signals is similar to, but not identical with, the
signal described in Brekke et al.'. A Vivid7 Dimension ultrasound scanner (GE
Medical Systems) was used for the experiments, utilizing a 2D matrix probe with
3 MHz center frequency. Two data streams were recorded simultaneously: 3D
echo amplitude data and 3D tissue Doppler data - the latter was only used to
create a gating signal and was not visible to the user during scanning.
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Figure D.1: Processing chain of the real-time TDOG gating technique.

Complex demodulated tissue Doppler data was recorded at in a 2D sector
or a 3D pyramidal scan with scan depth equal to the tissue scan. Several scan
geometries were tried, such as a 5° 2D scan, a 10° 2D scan, a 8° x 8° 3D scan and
more. The following processing was performed on the 3D IQ data, in real-time
on the scanner (see figure D.1, too):

1. In each spatial position (r,8,¢) of the Doppler scan, the auto correlation
of lag 1 was calculated, yielding R1(r, 0, ¢, ).

2. The mean value of the imaginary part of R; was calculated in each frame,
yielding a complex valued function of time. The imaginary part s of this
function is in the following termed the tissue Doppler trace:

s(t) = Im{mean, g s R1(r, 0, ¢, 1)) (D.1)

It was shown in Brekke et al.! that, for data captured from the fetal my-
ocardium with apical insonation, s(t) exhibited distinct local minima in
each rapid relaxation of the myocardium.

3. Let 5(¢, T) be the sliding mean of s(t) over the interval [t—T, T, and o4(¢t,T')
be the standard deviation over the same interval. The gain-corrected tissue
Doppler trace Sago defined by

s(t) -5t T)

o 6T (D.2)

SAGC (tv T) =
then had an amplitude that scaled with the noise level of s. The thresh-
old signal Sy, (t) was furthermore defined as a binary signal derived from
Sace (ta T)

1 ,when Sagc(t,T) > Cthr

SthT(t){ 0 ,otherwise (D-3)

4. A trigger event time T,, was detected each time the threshold Sip, (T, T)
changed from 0 to 1 (with the additional condition T, > T,,—1 +1/H Rz,
i.e. suppressing multiple peaks corresponding to too high heart rate).
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Paper D: Volume stitching with TDOG

Figure D.2: In TDOG stitched scanning mode, the total scanning volume is di-
vided into subvolumes which are scanned in successive cardiac cycles. The cycles
are detected by the TDOG trigger signal, derived from tissue Doppler data simul-
taneously captured in the center part of the total scanning area (indicated by the
blue cone).

The gain-corrected tissue Doppler trace and the detected trig times were sent
as external traces to the scanner control SW and displayed in real-time as on
the scanner display (being similar to an ECG signal with peaks corresponding to
heart beats).

2.2 Real-time volume stitching

Real-time volume stitching is a method for gated acquisition of echocardiographic
data with real-time volume rendering display?. With this technique, the data
volume to be captured is divided into IV separate subvolumes. One subvolume is
scanned at the time, and QRS events detected from an ECG trace induce a change
of active subvolume, see figure D.2. At screen refresh time during scanning, a full
cardiac volume with NV — 1 seams between subvolumes is assembled and volume-
rendered on the fly.

The same method was in this work applied to cardiac 3D images of the fe-
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3 Results

tal heart. The algorithm described in section 2.1 was implemented as a C++
program running concurrently with the scanner control software in an Vivid 7
scanner from GE Healthcare, and TDOG trigger events were passed to the ac-
quisition setup SW of the scanner inducing the scanning location to be swapped
to the next subvolume.

The scanner was configured to capture two data streams: 1) A volumetric
gray-scale tissue scan with angle 30° x 30°, set up for gated scanning over six
cardiac cycles (utilizing the technique presented in Brekke et al.2). A scan ge-
ometry with six subvolume scans spanning 30° x 5° was applied, but both lower
and higher numbers of subvolume could be configured. 2) A tissue Doppler data
stream spanning a volume with angles 0,40 X @mas - Different combination of
azimuth angular span 0,,,, and elevational angular span ¢4, were tried. The
Doppler data stream was used for gating and was not changed from cycle to cycle.

The transducer operated in second harmonic mode for the capture of gray-
scale data, with a transmit frequency of 2.0 MHz and a receive frequency of
4.1 MHz, and in fundamental mode with frequency 2 MHz for capture of tissue
Doppler data. Two Doppler volumes were captured for each single tissue data
set, thus doubling the temporal resolution of the TDOG signal compared to the
3D volume rate.

3 Results

3.1 Real-time TDOG signal

Figure D.3 shows captured TDOG signal and the derived TDOG trigger times
under different circumstances. We readily see that the waveform of tissue Doppler
trace s differed substantially between the settings. Row one and four showed
a stable tissue Doppler trace with good trigger detection, while row one and
three showed such a small difference in signal amplitude between main peaks and
intermediate peaks that the real-time peak-detection algorithm missed some of
the peaks.

The lowermost trace in figure D.3 shows the tissue Doppler trace derived
from a 2D tissue Doppler scan with a scan angle of 45°, taken from an apical
four-chamber cardiac view. In this case, the peak level was substantially higher
compared to non-significant peaks and noise than in the 3D Doppler scan setup
tested.

3.2 Real time volume stitching

The real-time stitching algorithm described in section 2.2 was applied to to data
captured from fetal hearts of five fetuses with gestational age 20-24 weeks. Figure
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Figure D.3: TDOG signal with trigger times calculated in real-time from 3D
tissue Doppler data from different fetuses. The first and fourth rows show tissue
Doppler traces that were adequate for TDOG gating, while in number two and
three, the TDOG algorithm failed to detect all the heart beats due to a too noisy
trace. The fifth row shows the tissue Doppler trace from a wide angle 2D tissue
Doppler scan from a apical four-chamber cardiac view.

Figure D.4: Three planar slices taken from a 3D cine-loop in a TDOG stitched 4D
scan. The 3D volume was assembled from 6 cardiac cycles, and apical insonation
was applied, yielding a reliable TDOG signal and well-aligned subvolumes. Left:
four-chamber view, middle: ascending aorta, right: short axis view.
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4 Discussion

Figure D.5: Same setup as in figure D.4, but with an irregular TDOG signal due
to weak motion in the image. This caused severe stitching artifacts.

D.4 shows an example of a cine-loop with successful stitching, while figure D.5
shows a cine-loop with evident stitching artefacts.

4 Discussion

4.1 Real-time detection of peaks in the TDOG signal

As illustrated in figure D.3, the regularity of the tissue Doppler trace depended
on both the image contents and the scan setup of the Doppler scan. There were
two reasons for failure of detecting heart beats with TDOG, both due to difficult
position of the fetus: 1) inadequate acoustic access to the fetal heart in general
and 2) low velocity component along the ultrasound beams due to unfavourable
orientation of the fetal heart in the image.

In case 1), 2DE examination, too, would give poor results, thus this case was
not a failure of the TDOG method itself.

Case 2) could be addressed in two ways. Firstly, one could aim at getting
apical insonation angle and let the Doppler scan cover a wide area, thereby get-
ting significant velocity components along the beams in the Doppler scan. This
precaution was taken for the rows 1, 4 and 5 in figure D.3, all of which had sat-
isfactory trigger stability. Secondly, one could use vector velocity estimators as
a supplement to the pure Doppler estimators utilized in the experiment, thereby
getting a velocity trace that better adapts to lateral motion (one could e.g. use a
combined Doppler and speckle tracking estimator as proposed by Brekke et al. ®).

4.2 Volume stitching in-vivo

Although adequate reconstruction were obtained for only two of five fetuses, the
experiments show that the proposed method is a feasible way to increase frame
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5 Conclusion

rate for fetal 3DE.

Fetus motion during data acquisition occurred frequently during all echo ex-
aminations. This caused two problems: 1) false peaks were present in the tissue
Doppler trace and 2) stitching artifacts were visible in the assembled data. Arti-
facts is impossible to eliminate for any gated technique when the fetus is moving.
However, artifacts constitute a smaller problem with volume-stitched reconstruc-
tions than with B-mode reconstruction, since the acquisition time of a full volume
is much smaller (2 s vs. =10 s).

The resolution of the 3D data shown in figure D.4 appears poor compared to
B-mode images recorded with dedicated transducers for fetal echo examinations.
This is due to the low frequency and limited aperture of the applied transducer,
being designed for cardiac imaging of adult persons. An ideal transducer for
acquisition of high-frame rate 3D fetal cardiac images should have larger aperture
and higher frequency and be able to do octave imaging with higher frequency
(e.g., 5 MHz transmit- and 10 MHz receive frequency).

5 Conclusion

Real-time generation of a cardiac gating signal calculated from tissue Doppler
data (the TDOG signal) has been implemented, and a trigger signal coherent
with the cardiac phase was derived from data captured from fetal hearts in-vivo.

Real-time volume stitching triggered by the TDOG signal was successfully
demonstrated and, for a stitched cine-loop acquired over six cardiac cycles, a
volume rate of 67 frames/s was obtained.
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SCREENING IN PREGNANCY — A GEOGRAPHIC BASED POPULATION STUDY
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DYSFUNCTION AND DIABETES IN A LARGE EPIDEMIOLOGICAL STUDY

292.0ttar Bjerkeset: ANXIETY AND DEPRESSION IN THE GENERAL POPULATION: RISK
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