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Partly adapted from:
c© 2003 Krenning et al.. Reprinted, with permission, from: Krenning, B.J.,
M.M. Voormolen and J.R.T.C. Roelandt. Assessment of Left Ventricular
Function by Three-Dimensional Echocardiography. Cardiovascular Ultrasound,
1(1):12, 2003.
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i.1 From Echo to Harmonic Echocardiography

The principle of echography From an experiment performed in a mountain-
ous environment or well, we all know that the sound of our voice is reflected
from a hard surface and returned to us as an echo. The same principle is
exploited by echography or ultrasound imaging. Sound or pressure waves
are transmitted into a medium and scattered by inhomogeneities or refracted
and reflected at the interface of different acoustic media. By detecting these
echoes the distance to a reflecting object can be deduced from their arrival
times, when the propagation speed of the medium is known.

For echography an ultrasonic pulse is transmitted in a narrow beam result-
ing in echoes from a tubular region of the insonified medium. The received
echoes, the so called radio frequency (RF) signal, represents the scatterers
density in the region as function of depth. Plotting the RF signals of multiple
transmissions as function of time gives us an impression of the dynamics in
the region. By assigning a gray scale value to the envelope of the RF signals
we obtain a so called M-mode image. In the same way a cross-sectional image
of the scanned medium is obtained by steering the acoustic beam in different
directions. The resulting two-dimensional gray scale image is also known as
B-mode image.

Echocardiography Among others, like the abdominal organs and the brain,
echography is very suitable for diagnostic imaging of the heart. Especially
transthoracic echocardiography, which is the subject of this dissertation, has
important advantages over alternative non-invasive techniques as computed
tomography (CT) and magnetic resonance imaging (MRI). Echography does
not make use of ionizing radiation which allows repetitive monitoring of a
patient’s progress in contrast with CT. Compared to MRI, echography is very
cost effective, it does not exclude patients with magnetic prostheses and it
can be performed at bedside (see chapter 7). The image resolution of all
three techniques are of the same order. However, echocardiographic images
often possess an inhomogeneous echo distribution or even drop-out. This
makes the images less intuitive to interpret and can be seen as the biggest
drawback of echocardiography. An very important general advantage of
diagnostic ultrasound is its harmless nature. No negative biological effect has
been reported from, as long as the current guidelines for the use of diagnostic
ultrasound are respected [Barnett 2000].

The resolution of an echographic image is mainly determined by the fre-
quency of the transmitted pulse. Increasing the frequency seems therefore

3
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the ideal way to increase the resolution. Higher frequencies however, suffer
from an increased attenuation of the ultrasonic wave. The attenuation limits
the depth from which echoes can be detected and the imaging frequency is
therefore a tradeoff between penetration depth and image resolution. Typical
values for adult echocardiography are a transmit frequency of 2–4 MHz and
a penetration depth of 10–15 cm.

Harmonic echocardiography An imaging modality that emerged in the late
90’s is tissue harmonic imaging, or shortly harmonic imaging [Ward 1997,
Spencer 1998, Tranquart 1999]. In a relatively short time this image modality
has become the most frequently used imaging modality for diagnostic ultra-
sound. Harmonic imaging is based on the nonlinear relation between pressure
and density in biological tissue and most other media. This nonlinear relation
results in an increased propagation speed for the compressional part of the
pressure wave and a decreased propagation speed for rarefactional part. As
the sound wave propagates through the medium a progressive distortion is
observed. The distortion manifests itself as harmonics of the fundamental
(transmitted) signal. Standard harmonic imaging utilizes the second har-
monic component in the received RF signals.

The popularity of harmonic imaging is the result of a number of advantages
over fundamental imaging [Humphrey 2000, Duck 2002]:

a. Narrower beam width - The narrower width of the harmonic beam results
in a higher lateral resolution (see chapter 1 and 2).

b. Reduced side lobes - Next to the main lobe, side lobes are present, which can
give rise to image artifacts or additional clutter. A reduced side lobe level
will therefore result in a clearer image (see chapter 1 and 2).

c. Reduced reverberation - Multiple reflections from the surface layers of the
thorax result in secondary echoes. For fundamental imaging these echoes
give rise to additional clutter in the first part of the image. Due to the low
amplitude of these secondary echoes no significant harmonic generation is
obtained. The secondary echoes are therefore not present in the harmonic
B-mode image.

d. Reduced grating lobes - Grating lobes are generated by arrays and result in
ghost images of structures at a different location than the region of interest.
In harmonic imaging, the lower amplitude of these grating lobes will result
in suppression of the artifacts (see chapter 2).

4
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e. Reduced aberration - Inhomogeneities in the surface layers of the thorax
may effect the integrity of the transmitted pressure field and the resulting
acoustic beam. At lower frequencies the aberration of the transmitted
field is usually smaller. For harmonic imaging, the transmit frequency is
two times lower than the imaging frequency, which can be used to reduce
aberration.

f. Increased dynamic range - The harmonic beam has a faster lateral decay.
With sufficient signal-to-noise ratio in the received RF signals this results
in a larger dynamic range of the harmonic B-mode image.

The harmonic component of the received RF signal has a lower amplitude
than the fundamental component. The technological challenge of harmonic
imaging is therefore the construction of transducers with high sensitivity that
exhibit a sufficient signal-to-noise ratio. In addition, a large bandwidth is
required, which includes the transmit and receive frequency bands.

i.2 Three Dimensional Echocardiography

Although the first clinical three dimensional (3D) echographic recordings
were already made in the 50’s, it took until the beginning of the twenty-
first century before 3D echocardiographic systems were used for the daily
clinical practice [Howry 1956]. Various techniques have been proposed for the
acquisition of temporal and 3D positional image data: the use of positional
locators (freehand scanning), stepwise displacement, continuous (uniform
and oscillatory) motion and (real-time) volumetric imaging. Most of these
methods require additional intervention for respiratory gating and off-line
post-processing of the recorded data using specific software. This has been
the main limitation for routine application in clinical practice. All methods
need a stable cardiac rhythm and constant cardiac function during image
acquisition.

Freehand scanning (random imaging) Different devices have been devel-
oped for locating the ultrasound transducer and the imaging planes through
the heart [Gopal 1992, Handschumacher 1993]. These devices allow free
movement of the transducer at one acoustic window or at different acoustic
windows.

5
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linear fan−like rotational (stepwise)

real−time

Figure i.1: Different methods of data acquisition for transthoracic 3D-echocardiography. Con-
tinuous rotation results, unlike stepwise rotational scanning, in a curved shape of the original
images. Real-time imaging provides a pyramidal dataset.

Stepwise displacement and continuous motion techniques

a. Linear acquisition - Parallel imaging can be performed by computer-con-
trolled movement of the ultrasound transducer in a linear direction (see
figure i.1). Both a transthoracic and transoesophageal approach were
evaluated for this mode of data acquisition.

b. Fan-like scanning - A pyramidal dataset can be obtained by moving the
ultrasound transducer in a fan-like arc at prescribed angles (see figure
i.1). This is accomplished by computer-controlled motors adapted to the
transthoracic or transoesophageal transducer [Delabays 1995].

c. Stepwise rotational scanning - With this approach, the transducer is rotated
around its central axis, resulting in a conical volume data set (see figure
i.1). Different algorithms have been developed for computer controlled
sequential image collection of the heart [Pandian 1994].

6
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Figure i.2: Construction of the fast rotating ultrasound transducer, second prototype.

d. Continuous rotational scanning - Various acquisition methods based on con-
tinuous rotation with an internally rotating array are reported [Canals
1999, Belohlavek 2001]. Some models require periodic inversion of the
rotation because of cable torsion, thereby making the acquisition less ef-
ficient and the reconstruction of data sets more complex. A continuous
uniform motion approach is presented in this dissertation (see figure i.2).
Initial experience indicates that this approach is an alternative to real-time
volumetric systems for global volume and regional wall motion analysis
of the left ventricle (see chapter 4 and 9).

Real-time imaging The first real-time 3D system has been developed at
Duke University (Durham, North Carolina, USA) [Sheikh 1991]. This system
makes use of a sparse matrix phased array transducer of 512 elements to scan a
60◦×60◦ pyramidal tissue volume using parallel processing technology. More
recently, Philips Medical Systems has introduced its live 3D system using
a matrix array transducer with 3000 elements. In this transducer, multiple
recordings are automatically performed to cover the full left ventricle in a so
called full volume scan (see also chapter 3).

In general 3D echocardiography has a great potential for the assessment
of LV function in various clinical scenarios including stress echocardiography
and during interventional procedures.

7
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i.3 Outline of this Dissertation

The aim of the project described in this dissertation is the development and
clinical validation of a new concept for harmonic 3D echocardiography. Fol-
lowing the above introduction the remaining chapters of this dissertation can
be divided in three parts:

I. Harmonic transducer design and implementation - Chapter 1 describes the
development of an simulation tool for steered nonlinear acoustic beams
from medical transducers, assisting their design. This simulation tool is
then experimentally validated in chapter 2 after which our fast rotating
ultrasound (FRU) transducer is introduced in chapter 3.

II. Basic application: Left ventricular volume quantification - In chapter 4 the
suitability of the FRU-transducer for LV volume quantification is tested.
An alternative approach to LV volume quantification with the FRU-
transducer is validated in chapter 5 and a method to increase the effi-
ciency of LV volume quantification is presented in chapter 6.

III. Advanced applications - Advanced applications of harmonic 3D echocar-
diography are presented in chapter 7 to 9. In an attempt to demonstrate
the flexible application of 3D echocardiography, the possibilities of LV
volume determination during hemodialysis treatment is investigated in
chapter 7. The feasibility of 3D contrast harmonic imaging is explored in
chapter 8. Ultimately, regional LV wall motion analysis is used to asses
the efficiency of LV pacing in chapter 9.

8
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F an efficient development of new medical transducers it is desirable to
simulate the propagation of nonlinear acoustic beams from apertures with

arbitrary geometry. We developed a two-stage numerical solution to compute
steered nonlinear pressure fields from such sources. For this purpose the KZK
equation is numerically solved in time domain.

Limited off-axis validity of the parabolic approximation, used to derive
the KZK equation, does not allow the simulation of steered beams without
additional measures. To overcome this limitation, we propose a method where
Field II is used to calculate the pressure distribution close to the transducer’s
surface, at a plane perpendicular to the direction of interest. The source plane
is then propagated with our KZK solution.

To validate our method results are compared with linear and nonlinear
algorithms that do not employ the parabolic approximation. The comparison
shows the feasibility of simulated steered harmonic beams from phased array
transducers using the KZK equation.

Based on:
Voormolen, M.M., N. de Jong and A. Bouakaz. Simulation of steered har-
monic acoustic beams from medical transducers - Part I: Method and bench-
mark. The Journal of the Acoustical Society of America, submitted, 2007.

12
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1.1 Introduction

The theory behind the nonlinear characteristics of intense sound beams in
a thermoviscous fluid from an acoustic aperture of finite size has been in-
vestigated in a considerable number of publications. To this extent an ana-
lytical solutions to the lossless parabolic wave equation has been sought by
Froysa et al. [1996] and Hamilton et al. [1997]. Froysa et al. developed a
solution based on the renormalization of the quasilinear approximation for
Gaussian sources, capable of describing the formation of shock waves and
their early evolution. Hamilton et al. suggested a method based on analyt-
ical techniques used in nonlinear geometrical acoustics, leading to an axial
solution for periodic signals from Gaussian sources in their pre-shock region.

An alternative analytical approach is quasilinear theory which determines
the second harmonic component as a small correction to the linear solution
[Lucas 1983, Saito 1987, Berntsen 1984]. Quasilinear theory is valid for cases
involving weak nonlinear distortion. It does not describe the generation of
higher harmonic components and shock formation.

The lack of analytic solutions of the nonlinear wave equation for trans-
ducers and conditions encountered in medical ultrasound has lead to the use
of numerical approaches. Most of the numerical solutions are based on the
popular Khokhlov-Zabolotskaya-Kuznetsov (KZK) equation [Zabolotskaya
1969, Kuznetsov 1971]. This nonlinear parabolic wave equation is known to
describe consistently the propagation of a finite amplitude sound beam by
accounting for the combined effects of diffraction, absorption, and nonlinear-
ity. The equation was developed for confined acoustic beams and employs
the parabolic approximation. Due to this approximation the validity of the
equation close to the transducer’s surface and outside the paraxial region of
the acoustic beam is limited. A frequency domain implementation, known as
the Bergen code, has been implemented for piston, rectangular and phased ar-
ray transducers with or without focusing and for continuous wave or pulsed
excitation [Aanonsen 1984, Hamilton 1985, Baker 1988, 1995, Averkiou 1995,
Cahill 1998]. Especially for pulsed excitation a time domain implementation,
known as the Texas code, is computationally more efficient [Lee 1995]. This
code has been implemented for plane and focused piston transducers and
recently for rectangular and phased array transducers [Averkiou 1997, Yang
2005, Bouakaz 2003b].

An alternative, combined frequency-time domain approach was devel-
oped by Christopher et al. [1991]. This angular spectrum method (ASM) uses
a spatial Fourier transform for the calculation of the diffraction and does not
make use of the parabolic approximation. The limitations of the parabolic ap-
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proximation therefore, do not apply to their diffraction algorithm. The ASM
was implemented for piston and linear array transducers with continuous
wave or pulsed excitation [Christopher 1991, Zemp 2003]. Very recently the
ASM was extended with a multistage approach to allow for the simulation of
non-planar sources and steered phased array transducers [Christopher 2006].

The advantages of harmonic imaging for diagnostic ultrasound applica-
tions has been well established and investigated [Duck 2002]. As a result
harmonic imaging is commonly used in the daily clinical practice [Spencer
1998, Tranquart 1999, Frinking 2000]. A simulation tool for harmonic B-mode
images based on a focused piston transducer was developed by Li et al. [2000].
Despite its importance, development tools that allow the characterization of
steered beams from phased array or matrix transducers are not yet available.
In this chapter we present a two-stage numerical method, based on the KZK
equation, capable of simulating steered acoustic beams. As our main interest
lies in diagnostic ultrasound applications we used a time-domain solution, in
contrast with Christopher et al. [2006], for the simulation of pulsed acoustic
signals. The presented algorithm is an extension of the method used be Lee et
al. towards apertures with arbitrary geometry [Lee 1995]. Comparison with
non-KZK-equation-based algorithms was made to validate our method.

1.2 Methods

The numerical solution of the KZK equation presented in this chapter is based
on the time domain method developed by Lee et al. [1995]. Their method
considers finite amplitude sound beams in homogeneous, thermoviscous flu-
ids from axisymmetric apertures (i.e. circular transducers). This method is
extended for apertures with arbitrary geometry to allow the simulation of
acoustic beams from phased array or matrix transducers. Sources can be
modeled in two spatial dimensions and time (2D+t). Therefore, our method
is indicated with three dimensional (3D-)KZK solution.

The 3D-KZK solution itself does not allow the simulation of steered beams
due to the parabolic approximation used to obtain the KZK equation. To
simulate steered nonlinear beams an additional initialization stage is used.
This stage can provide appropriate source conditions for the 3D-KZK solution
in case the transducer can not be modeled 2D+t directly, which is the case for
steered beams.

The subsequent subsections deal with the 3D-KZK solution, the two-stage
3D-KZK method and the theoretical benchmark.

14
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1.2.1 3D-KZK

Model Equation

In Cartesian coordinates the integro-differential form of the KZK equation is
given by:

∂p
∂z
=

c0

2

∫ t′

−∞

(
∂2p
∂x2 +

∂2p
∂y2

)
dt′′ +

δ

2c3
0

∂2p
∂t′2
+

β

2ρ0c3
0

∂p2

∂t′
(1.1)

Where p is the sound pressure, z is the range coordinate along which the
acoustic field is calculated, c0 is the small signal ambient sound speed, t′ = t− z

c0
is the retarded time, t is the time, x and y are the transverse coordinates, δ is the
sound diffusivity of a thermoviscous medium, β the coefficient of nonlinearity
and ρ0 the ambient density of the fluid.

To assist the numerical computation, equation (1.1) is transformed into
a dimensionless form. The transformation was also employed by Lee et al.
[1995] and uses the following variables:

P =
p
p0
, χ =

x
r
, ψ =

y
r
, σ =

z
d
, τ = ω0t′ (1.2)

Here p0 is the characteristic pressure, d is the characteristic range length, r is the
characteristic transverse length andω0 is the characteristic angular frequency.

Substitution of equation (1.2) into equation (1.1) yields the following trans-
formed beam equation (TBE):

∂P
∂σ
=

1
4G

∫ τ

−∞

(
∂2P
∂χ2 +

∂2P
∂ψ2

)
dτ′ + A

∂2P
∂τ2 +NP

∂P
∂τ

(1.3)

From which the dimensionless coefficients are defined as:

G =
z0

d
, A = α0d , N =

d
z

(1.4)

Where z0 =
ω0r2

2c0
is the Rayleigh distance, α0 =

δω2
0

2c3
0

is the thermoviscous ab-

sorption coefficient and z =
ρ0c3

0
βω0p0

is the plane wave shock formation distance.
The ratio N

A , known as the Gol’dberg number, signifies the importance of the
nonlinearity relative to the absorption.

Source Condition

The source condition defines the time waveform for the transverse plane at
σ = 0. In general the source condition is expressed in the following form:
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p = p0 f (t)g(x, y) (1.5)

Where f (t) is the source wave form and g(x, y) the amplitude dependence in
the transverse direction.

A typical source condition is a focused rectangular aperture for which case
can be written:

p = p0 f
(
t +

x2

2c0dx
+

y2

2c0dy

)
g(x, y) (1.6)

Where dx and dy are the focussing distances in the transmission and elevation
direction respectively and g(x, y) is equal to the two dimensional top-hat or
rectangular function.

In dimensionless form equation (1.6) becomes:

P = f
(
τ +

G d χ2

dx
+

G d ψ2

dy

)
g(χ,ψ) (1.7)

And g(χ,ψ) is defined by:

g(χ,ψ) =

1, −1 ≤ χ ≤ 1 & − 1 ≤ ψ ≤ 1
0, −1 > χ > 1 & − 1 > ψ > 1

(1.8)

The above is just an example of a possible source condition since the method
allows an arbitrary pulse excitation.

Boundary Conditions

For the numerical computation both the transverse directions and the time
domain need to be bounded. Therefore the following limits and boundary
conditions are set:

P(σ, τmin, χ, ψ) = 0, P(σ, τmax, χ, ψ) = 0 (1.9)

P(σ, τ, χmin, ψ) = 0, P(σ, τ, χmax, ψ) = 0 (1.10)

P(σ, τ, χ, ψmin) = 0, P(σ, τ, χ, ψmax) = 0 (1.11)

The zero boundary conditions used can result in reflections when the simu-
lated pressure field encounters them. Therefore the boundaries have to be
chosen with care to prevent these reflections to interfere with the signals of
interest.
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Discretization

Both the transverse directions and the time domain are uniformly discretized.
For the discretized pressure the following notation is chosen:

Pk
q,i, j ≡ P

(
σk, τmin + q∆τ, χmin + i∆χ,ψmin + j∆ψ

)
(1.12)

To increase the efficiency of the calculation a non-uniform discretization of
the dimensionless range coordinate σ is used. A dense sampling is needed in
the near field, where the pressure varies fast, and a coarse sampling can be
used in the far field, where the pressure varies slowly. This is achieved with
the following definition of the step size:

∆σk = (1 + σk)2∆σ0 (1.13)

Where ∆σ0 is the given initial spacing of the dimensionless range coordinate.
As a consequence the discretized dimensionless range coordinate σk and

its step size ∆σk are related in the following way:

σk =

k−1∑
m=0

∆σm (1.14)

σ0 is given by the source condition and σ1 is equal to ∆σ0.

Numerical Approach

Equation (1.3) is numerically solved with the use of the operator splitting
approach [Ames 1992]. With sufficiently small steps for the range coordinate
this approach assumes that the effects of diffraction, absorption and nonlin-
earity are independent. For each step in the range coordinate the effects are
accounted for sequentially.

In general the source conditions are modeled with the use of the Heaviside
step function. The resulting discontinuities in the source conditions can lead
to numerical instability. Therefore the absorption and diffraction in first part
of the near field is calculated with use of the implicit backward finite difference
(IBFD) method. This method is more effective in damping possible numerical
oscillations but has less accuracy. Beyond the oscillatory range the more
accurate alternating direction implicit (ADI) method is used allowing for a
larger step size.

As the numerical solutions of the absorption and nonlinearity term are
identical to those developed by Lee et al. [1995] we will only address the
numerical solution of the diffraction term in the subsequent paragraphs. For
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a detailed description of the numerical solutions of the absorption and non-
linearity term we refer to the dissertation of Lee [1993].

Implicit backward finite difference method To employ the implicit back-
ward finite difference (IBFD) method the χ andψ component of the diffraction
term from equation (1.3) are separated:

∂P
∂σ
=

1
4G

∫ τ

−∞

∂2P
∂χ2 dτ′,

∂P
∂σ
=

1
4G

∫ τ

−∞

∂2P
∂ψ2 dτ′ (1.15)

The IBFD method solves the diffraction in the x and y direction sequentially.
As the solutions of both directions are identical we will only consider the x di-
rection from this point on. The numerically approximations of the derivatives
in equation (1.15) for the IBFD method are the following [Carnahan 1969]:

∂P
∂σ

→

Pk+1
q,i, j − Pk

q,i, j

∆σk
(1.16)

∂2P
∂χ2 →

Pk+1
q,i+1, j − 2Pk+1

q,i, j + Pk+1
q,i−1, j

∆χ2 (1.17)

The integral is approximated with the trapezoidal rule which reads as follows,
after replacing the lower limit by τmin:∫ τ

τmin

f (τ′) dτ′ → ∆τ

 q−1∑
m=1

fm +
f0 + fq

2

 (1.18)

As a result of the boundary conditions f0 can be eliminated since Pk
0,i, j=0.

By combining equation (1.17) and (1.18) we find for the right hand side of
equation (1.15):

1
4G

∫ τ

−∞

∂2P
∂χ2 dτ′ →

∆τ
4G∆χ2

( q−1∑
m=1

(
Pk+1

m,i+1, j − 2Pk+1
m,i, j + Pk+1

m,i−1, j

)
+

1
2

(
Pk+1

q,i+1, j − 2Pk+1
q,i, j + Pk+1

q,i−1, j

) )
(1.19)

Substitution of equation (1.16) and (1.19) into equation (1.15) yields the desired
finite difference equation:

−
1
8

Pk+1
q,i+1, j +

( 1
R
+

1
4

)
Pk+1

q,i, j −
1
8

Pk+1
q,i−1, j =

1
4

q−1∑
m=1

(
Pk+1

m,i+1, j − 2Pk+1
m,i, j + Pk+1

m,i−1, j

)
+

1
R

Pk
q,i, j (1.20)
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Where R is given by:

R =
∆τ∆σk

G∆χ2 (1.21)

For the x direction coordinate index 1 ≤ i ≤ imax − 1 equation (1.20) forms a
tridiagonal system with the unknown terms in P on the left hand side and
the known terms in P on the right hand side. The system can be solved
using the Gaussian elimination method [Carnahan 1969]. For each y direction
coordinate index 1 ≤ j ≤ jmax − 1 and for each time index 1 ≤ q ≤ qmax − 1
a tridiagonal system of imax − 1 equations needs to be solved to calculate the
pressure field at the next step in the z direction.

Alternating direction implicit method In contrast with the IBFD method
the alternating direction method (ADI) solves the diffraction term of equation
(1.3) directly [Carnahan 1969].

∂P
∂σ
=

1
4G

∫ τ

−∞

(
∂2P
∂χ2 +

∂2P
∂ψ2

)
dτ′ (1.22)

This is achieved by solving two dimensional Laplacian over two half steps.
First the diffraction is determined implicitly in the x direction and explicitly
in the y direction which is then alternated for the second half step.

The numerical approximation of the derivatives of the diffraction term of
equation (1.3) for the x direction are given by:

∂P
∂σ

→

P∗q,i, j − Pk
q,i, j

1
2∆σk

(1.23)

∂2P
∂χ2 +

∂2P
∂ψ2 →

P∗q,i+1, j − 2P∗q,i, j + P∗q,i−1, j

∆χ2 +
Pk

q,i, j+1 − 2Pk
q,i, j + Pk

q,i, j−1

∆ψ2 (1.24)

Where P∗ is the intermediate pressure value after the first half step. The
integral is again approximated by the trapezoid rule.

In analog with the IBFD method, substitution of equation (1.24), (1.18) and
(1.23) in equation (1.22) yields the following finite difference equation:
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−
1

16
P∗q,i+1, j +

(
1 +

R
8

)
P∗q,i, j −

1
16

P∗q,i−1, j

=
R
8

q−1∑
m=1

(
P∗m,i+1, j − 2P∗m,i, j + P∗m,i−1, j + Pk

m,i, j+1 − 2Pk
m,i, j + Pk

m,i, j−1

)
+

1
16

Pk
q,i, j+1 +

(
1 −

R
8

)
Pk

q,i, j +
1

16
Pk

q,i, j−1 (1.25)

Where ∆χ=∆ψ and R is given by equation (1.21).
For the x direction coordinate index 1 ≤ i ≤ imax − 1 equation (1.25) again

forms a tridiagonal system which can be solved using the Gaussian elimina-
tion method.

The numerical approximation of the derivatives for the y direction are:

∂P
∂σ

→

Pk+1
q,i, j − P∗q,i, j

1
2∆σk

(1.26)

∂2P
∂χ2 +

∂2P
∂ψ2 →

P∗q,i+1, j − 2P∗q,i, j + P∗q,i−1, j

∆χ2 +
Pk+1

q,i, j+1 − 2Pk+1
q,i, j + Pk+1

q,i, j−1

∆ψ2 (1.27)

Which leads to the finite difference equation:

−
1

16
Pk+1

q,i, j+1 +
(
1 +

R
8

)
Pk+1

q,i, j −
1

16
Pk+1

q,i, j−1

=
R
8

q−1∑
m=1

(
P∗m,i+1, j − 2P∗m,i, j + P∗m,i−1, j + Pk+1

m,i, j+1 − 2Pk+1
m,i, j + Pk+1

m,i, j−1

)
+

1
16

P∗q,i+1, j +
(
1 −

R
8

)
P∗q,i, j +

1
16

P∗q,i−1, j (1.28)

Solving the tridiagonal system for the y direction index 1 ≤ j ≤ jmax − 1 yields
the pressure at the next step in the z direction for the current time index. This
has to be repeated for each time index 1 ≤ q ≤ qmax − 1 to obtain the entire
pressure field at the next step in the z direction.

1.2.2 Two-stage 3D-KZK

The method described in the previous subsection does not allow the simu-
lation of steered beams. To use our 3D-KZK solution for steered beams an
alterative source plane is defined using a coordinate transformation.
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Figure 1.1: Coordinate systems used for the simulation of steered nonlinear acoustic beams.
A. Coordinate system of the transducer. B. Coordinate system of the 3D-KZK solution, dKZK

denotes the offset between the two coordinate systems. C. Source plane (grey plane) for the
3D-KZK solution.

Figure 1.1 shows the coordinate system of the transducer, the coordinate
system of the 3D-KZK solution and the source plane. The coordinate trans-
formation between the two systems is defined as follows:


xKZK

yKZK

zKZK

1

 =


cos
(
θy

)
0 − sin

(
θy

)
0

sin (θx) sin
(
θy

)
cos (θx) sin (θx) cos

(
θy

)
0

cos (θx) sin
(
θy

)
− sin (θx) cos (θx) cos

(
θy

)
−dKZK

0 0 0 1



x
y
z
1

 (1.29)

The source field can be calculated using a linear propagation algorithm [Jensen
1992]. Subsequent nonlinear propagation of this source field, using our 3D-
KZK solution, results in a two-stage method for simulating nonlinear steered
acoustic beams.

Although the offset between the coordinate systems dKZK is generally small,
the use of linear acoustic theory over this distance could potentially lead to
an under estimation of the harmonic generation. It should also be noted that
the orientation of the source plane can be freely chosen using the azimuth θy
and elevation θx angles. This gives the opportunity to explore other parts of
the acoustic beam, such as grating lobes, using θSim

x ,θ
Steer
x and / or θSim

y ,θ
Steer
y .

1.2.3 Theoretical Benchmark

Results from our method are compared with other numerical and analytical
solutions. This theoretical benchmark is performed in three steps.
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1. The diffraction algorithm is validated using a piston transducer with a
7 mm radius. The result from our solution are compared with those from
the axisymmetric code and the analytical solution of equation (1.22) [Lee
1995, Stepanishen 1971]. With the source conditions defined by equation
(1.5) the analytical solution reads as follows:

p
p0
= f (t′) − f

t′ −

√

r2 + z2 − z
c0

 , x = 0, y = 0 (1.30)

2. The combined effect of diffraction and absorption is compared with results
from Field II [Jensen 1992]. For this comparison a concave transducer with
a radius of 7 mm and a geometric focus of 60 mm is used.

3. The full two-stage 3D-KZK method is compared with the angular spectrum
method (ASM) [Zemp 2003]. For this purpose a 64 element phased array
transducer with a pitch of 300 µm, a kerf of 50 µm and an elevation and
transmission focus of 60 mm is used.

As excitation signal a Gaussian pulse of the following from is used:

f (t) = e−
(
ω0 t
πn

)2m

sin(ω0t) (1.31)

Where n is the number of cycles and m the envelope exponent which must
be set to 1 for a Gaussian envelope. The medium is set for water at 20 ◦C:
c0=1482.3 m/s, α=25 mNeper/m/MHz2 (with α0=α f 2

0 ), β=3.48 and ρ0=998.2
kg/m3 [Duck 1990].

As mentioned before, the spatial and temporal limits have to be chosen
with care to prevent reflections from the boundary to interfere with the pres-
sure signals in the region of interest. For a focusing transducer 3 or 4 times
the aperture size is usually enough for a simulation up to a range of about 5
times the aperture size. For the moderate focusing gains (<10) that are consid-
ered here, a time window of 7n or 8n cycles (at the characteristic frequency)
suffices. From the time window 4n cycles should be used for the trailing
edge of the pressure pulse. Depending on the pressure level (i.e. the amount
of nonlinearity) 60 to 120 samples per cycle should be used for an accurate
estimation up to the third harmonic.

Beam profiles are presented as the envelope amplitude of the time signal,
unless otherwise indicated. Harmonic profiles are obtained with an 8th order
Butterworth filter. The first three harmonics are shown (including the fun-
damental component). To simplify the presentation, the axial profile always
originates from the center of the transducer and is aligned with the axis of the
acoustic beam.
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Figure 1.2: Profiles (spectral amplitude) and time signals from a piston transducer, calculating
diffraction only. A. - - - axisymmetric solution, — 3D-KZK solution. B–D. · · · analytical
solution, - - - axisymmetric solution, — two-stage 3D-KZK method. Simulation settings:
dKZK=2 mm, ∆τ=0.16, ∆χ=∆ψ=0.020, ∆σIBFD

0 =0.001, ∆σADI
0 =0.002, f0=1.5 MHz and n=1.

1.3 Results

Figure 1.2 shows the benchmark results of the diffraction algorithm. In panel
A the axisymmetric and 3D-KZK solution are compared using a single cycle
Gaussian excitation pulse. The differences in the sampling of the transverse
plane between both methods result in a minimal deviation very close to the
aperture. For distances larger than 8 mm the two methods result in identical
on axis values. Panel B shows the results of the analytical solution, the ax-
isymmetric solution and the two-stage 3D-KZK method. Due to the parabolic
approximation used for the KZK equation both the arrival time and ampli-
tude of the edge wave is underestimated (see also panel C and D). This is
clearly depicted by the axisymmetric profile. The two stage 3D-KZK method
seems to do much better in this respect since the source field is provided by
Field II, which estimates the edge wave correctly. However, during the first
few millimeters the deviation between the analytical solution and the two-
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Figure 1.3: Linear acoustic profiles from a concave transducer. - - - Field II, — two-stage 3D-
KZK method. Simulation settings: dKZK=2 mm, ∆τ=0.16, ∆χ=∆ψ=0.020, ∆σIBFD

0 =0.001,
∆σADI

0 =0.002, f0=1.5 MHz, n=3 and α=0.025 and 4 Neper/m/MHz2.

stage 3D-KZK method is increasing. Both numerical methods give a good
agreement at a little bit less than 20 mm (see also panel C and D).

When both absorption and diffraction are taken into account our two-
stage 3D-KZK is in agreement with results from Field II as is depicted in
figure 1.3. Axial profiles for two attenuation values are shown in figure 1.3:
25 mNeper/m/MHz2, which is equal to the attenuation value of water at 20 ◦C,
and 4 Neper/m/MHz2 (not a physical value). The radial profiles give insight
in the off-axis validity of the two-stage 3D-KZK method. Identical results are
shown up to about 25◦ off-axis after which a very small overestimation can be
seen. An off-axis validity boundary of 25◦ is beyond what is expected from
the parabolic approximation.

Harmonic beam profiles from a non-steered 64 element phased array are
shown in figure 1.4. Except for a small underestimation of the harmonic
generation in the near field, good agreement is obtained between the two-
stage 3D-KZK method and the ASM. The underestimation is a known side
effect from the numerical solution of the KZK equation and is partly related
to the axial step size [Baker 1995]. However, this has no consequences for the
results in the focal region and the far field.

In the transverse profiles of figure 1.4 we see a difference arising between
the two methods at about the second side lobe in the second harmonic profile.
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Figure 1.4: Harmonic profiles from a 64 element phased array transducer. - - - angu-
lar spectrum method, — two-stage 3D-KZK method. Simulation settings: dKZK=2 mm,
∆τ=0.08, ∆χ=∆ψ=0.011, ∆σIBFD
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It is unclear where this difference originates from. With the off-axis validity
results of figure 1.3 it is unlikely resulting from the break down of the parabolic
approximation.

To investigate the influence of the offset dKZK, which defines the range over
which the propagation is simulated linearly, simulations for offsets of 2, 4, 8
and 16 mm were performed (see figure 1.5). Up to an offset of 8 mm negligible
differences between the result of the 3D-KZK solution and the two-stage 3D-
KZK method are observed in the focal region of the second harmonic profile.
For an offset of 16 mm, however, a significant difference of about 1 dB has
been reached. With a minimal distance between the transducer’s surface and
the source field of 1 mm and a steering angle of 30◦, the offset dKZK for our
phased array transducer is about 6 mm.

An example of a simulated steered acoustic beam is given in figure 1.6.
The comparison with non-steered results show the lower amplitude in the
focal region, the lower slope of the axial profiles in the far field, the larger
beam width and the asymmetric side lobes of the steered beam.

The non-linear propagation of the source field took 1.5 hours on a 3 GHz
processor with 1 GB of RAM. Unfortunately, it takes Field II 3 hours to calculate
the source field resulting in a total simulation time of 4.5 hours for the profiles
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Figure 1.6: Harmonic profiles from a 64 element phased array transducer. - - - θSim
y =θ

Steer
y =0◦,

— θSim
y =θ

Steer
y =30◦. Simulation settings: dKZK=2 and 5.8 mm, ∆τ=0.08, ∆χ=∆ψ=0.022,

∆σIBFD
0 =0.001, ∆σADI

0 =0.002, p0=267 kPa, f0=2 MHz and n=3.

shown in figure 1.6.
By using a different angle for the simulation θSim

y and the steering θSteer
y

of the acoustic beam we can investigate other regions of the acoustic field.
Figure 1.7 gives an example of an acoustic beam steered under an angle of
30◦ and simulated with an angle of 30, 15 and 0◦. For simulation angles of
15 and 0◦ the beam is not well diffracted in the lateral direction due to the
parabolic approximation. However, when we use the valid parts from the
three simulation results we can compose a beam profile over an view angle of
70◦ as is shown in figure 1.7.

1.4 Discussion

This chapter describes a simulation method for steered harmonic acoustic
beams from phased array transducers. The algorithm used is a numerical
solution of the KZK equation. Good agreement is shown with linear and
nonlinear algorithms that do not originate from the KZK equation.

The limitations of the KZK equation resulting from the employed parabolic
approximation has been investigated in several publications. For a baffled
piston Tjotta et al. [1980] derived that the range of validity is given by
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Figure 1.7: Harmonic radial profiles from a 64 element phased array transducer simulated
at three different angles, with a fixed steering angle. Thin lines: — θSim

y =30◦, - - - θSim
y =15◦,

- · - θSim
y =0◦, · · · Field II. Thick line: — composite profile, composed from range a, b and

c. Simulation settings: dKZK=5.8, 4.5 and 2 mm, ∆τ=0.08, ∆χ=∆ψ=0.022, ∆σIBFD
0 =0.001,

∆σADI
0 =0.002, p0=267 kPa, f0=2 MHz, n=3 and θSteer

y =30◦.

z > a(ka)
1
3 , where k the wave number. This result was obtained for a well

defined beams, which is ensured when ka � 1 (i.e. when the size of the
aperture is many times larger than the wave length). Subsequent comparison
with experimental results by Garrett et al. [1982] showed excellent agreement
up to an off-axis angle of 20◦ in the post-focal region. For concave transducers

Tjotta et al. [1991] derived a validity range of z > d
ka

(
d
a

) 1
3 with the additional

criteria d
a � 1 to ensure validity in the focal region. By comparing results from

the linearized parabolic equation and the Helmholtz equation Tjotta et al.
found that the parabolic approximation was good for value of d

a down to
3.5 (i.e. a half aperture angle sin−1

(
d
a

)
of about 16◦ or less). It was also

mentioned that for cases involving apodization the domain of validity could
be larger than predicted by these criteria. The above criteria were obtained
for monochromatic sources.

Froysa et al. [1993] obtained similar criteria for pulsed concave transduc-
ers, by comparing results from the linearized parabolic equation and the full
wave equation. Excellent agreement was obtained in the focal region for half
aperture angles up to 16◦ at a fixed focusing gain of 10 and ka ≥ 100. By
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analogy of Tjotta et al. [1980] Kamakura et al. [1992] derived a validity range
for rectangular transducers:

z >
√

S
2

(
k
√

S
2

) 1
3

(1.32)

Where S is the surface of the aperture. As this criteria does not depend on the
aspect ratio of the aperture it was mentioned that for aspect ratios beyond 5
a more precise expression for the acoustic beam would be preferable. Using
a similar comparison as Tjotta et al. [1980] Baker et al. [1995] concluded that
the errors introduced by the parabolic approximation are less important for
rectangular than for circular apertures. Contradicting with Kamakura et al. it
was also stated that more elongated apertures give better results. However,
Kamakura et al. came to their conclusion comparing constant surface aper-
tures while Baker et al. bisected a square transducer into 1

2 and 1
4 apertures.

While the corners of the aperture for increasing aspect ratio are moving away
from the propagation axis for Kamakura et al., the opposite is happening for
Baker et al.. Instead of the geometric mean, as used by Kamakura et al., it
might be better to use the quadratic mean for the validity range:

z >

√
a2 + b2

2

k

√
a2 + b2

2


1
3

=

√
S
(

1
A + A

)
8

k

√
S
(

1
A + A

)
8


1
3

(1.33)

Where 2a and 2b are the dimensions of the rectangular aperture and A is the
aspect ratio. In relation with Kamakura et al. this means that S is corrected by

a factor
1
A+A

2 which is 1 for a square aperture but increases with an increasing
aspect ratio resulting in an increasing validity boundary.

Confirming the result of Garrett et al. for rectangular transducers,
Baker et al. obtained identical results in comparison with their analytical
solutions up to an off-axis angle of about 20◦ in the focal region. By compar-
ing the directivity function for the parabolic approximation of a baffled piston
transducer with the exact solution Hamilton et al. [1998] came to the same
validity boundary for the off-axis angle of about 20◦ in the far field.

As no thorough assessment of the range of validity has been made for
phased array transducers we can only estimate it from the validity results
for other transducer geometries. Using the criteria of Kamakura et al. the
validity range boundary for our transducer is 30.3 mm and with the proposed
correction 32.5 mm. For a focused piston transducer with equal surface the
validity range boundary would be much smaller, namely 15.9 mm. The
additional condition of the half aperture angle is also well within range with
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8.2◦. From these results and the comparison with the ASM, presented in
this chapter, it is safe to say that the parabolic approximation is valid in and
beyond the focal region for our transducer. In general diagnostic ultrasound
transducers for adult cardiac imaging exhibit dimensions and focal distances
that allows the parabolic approximation to be made.

The off-axis validity boundary has been intuitively explored by comparing
results from the linearized two-stage 3D-KZK method and Field II. Judging
from the results an off-axis validity boundary of 20◦, as found by several
investigators, seems to be a conservative value.

In addition it has been anticipated that our two-stage algorithm does
not significantly effect the harmonic levels in and beyond the focal region for
steering angles up to 30◦. Experimental validation of this finding is the subject
of a chapter 2.

In a recent publication by Yang et al. [2005] a time domain algorithm for
rectangular transducers was implemented for both the Crank-Nicolson finite
difference (CNFD) method and the ADI method. The methods showed equal
results but their ADI implementation needed double memory and 10 % more
processor time. The memory demand of our 3D-KZK solution is equal to the
size of the pressure matrix P with a negligible amount of overhead. As this is
the minimal amount of memory needed to run a time-domain algorithm it is
unlikely that the ADI method is less efficient than the CNFD method.

The 3D-KZK solution presented in this chapter can be readily extended
to include non-frequency squared dependent absorption with a time or fre-
quency domain solution [Yang 2005, Khokhlova 2006]. In addition, a second-
order operator splitting approach could be introduced to further increase the
efficiency the algorithm [Tavakkoli 1998, Zemp 2003].

1.5 Conclusion

Using the presented two-stage 3D-KZK method it is feasible to simulate
steered harmonic beams from phased array transducers. The algorithm is
based on the nonlinear parabolic wave equation. Good agreement is found
between linear and non-linear algorithms that do not make use of the parabolic
approximation.
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Part II: Experimental Validation

Rotterdam, October 27th, 2006: Hydrophone measurement at 0.25 mm from the transducer’s
surface. With the value of only the hydrophone needle (see inset) being e4000 (including a
high accuracy NPL calibration), one should not try this at home.
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T use of a recently developed simulation tool for harmonic medical trans-
ducers is compared with measurements. The employed two-stage 3D-KZK

method allows the simulation of steered harmonic acoustic beams from aper-
tures with arbitrary geometry. A commercially available 64 element phased
array transducer was used to validate the method.

Good agreement is shown between simulations and measurements within
the known limitations of both. The feasibility of harmonic level estimation
in grating lobes is demonstrated and the suppression of grating lobes for
harmonic imaging is shown.

Based on:
Voormolen, M.M., G.M. Matte, N. de Jong and A. Bouakaz. Simulation of
steered harmonic acoustic beams from medical transducers - Part II: Experi-
mental validation. The Journal of the Acoustical Society of America, submitted,
2007.
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2.1 Introduction

From its introduction in the late 90’s, tissue harmonic imaging has become the
most frequently used imaging modality of diagnostic echography [Ward 1997,
Spencer 1998, Tranquart 1999]. The main advantages of harmonic imaging
are: a narrower beam width, resulting in a improved lateral resolution, lower
side lobes and suppressed reverberations in surface layers, both reducing the
clutter [Humphrey 2000]. Designing harmonic medical transducers that fully
exploit these advantages has become obvious since.

To assist an efficient development of new harmonic medical transducers,
it is desirable to simulate the propagation of nonlinear acoustic beams from
apertures with arbitrary geometry. A numerical solution to compute steered
nonlinear pressure fields from such sources has been presented in the previous
article chapter. In this chapter we compare measurements with simulations.

2.2 Methods

The transducer used for the experimental validation, the simulation method
and the measurement set-up are discussed in the following subsections.

2.2.1 Phased Array Transducer

To validate our simulation method we used a GE VingMed Ultrasound (Hor-
ten, Norway) Vivid 5 system with a FPA-2.5MHz-1C transducer (see figure
2.1). The FPA-2.5MHz-1C is a 64 element phased array transducer with a
290 µm pitch and a 50 µm kerf. The height of the aperture is 12.5 mm. The
acoustical lens has a fixed elevation focus of 71 mm and covers 84 % of the
total height (i.e. leaving 1 mm of unfocused aperture on both ends). In
addition some apodization, due to the clamping of the array, was present in
the elevation direction. Therefore, a quadratic apodization down to 1

4 of the
amplitude was set for 1.5 mm at both ends. For the measurements presented
here a 2 MHz excitation pulse with a duration of 2.5 cycles was used. The
transmission focus was set at 62 mm.

2.2.2 Simulation

The simulations were computed with a recently developed two-stage 3D-KZK
method. In short: Field II is used to calculate the pressure distribution close
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Figure 2.1: The FPA-2.5MHz-1C transducer used for the validation of the simulation tool.

to the transducer’s surface, at a plane perpendicular to the direction of in-
terest [Jensen 1992]. The source plane is then propagated with a numerical
solution of the KZK equation. The method allows the simulation of nonlin-
ear steered acoustical beams from apertures with an arbitrary geometry. A
detailed description of the method can be found in chapter 1.

The transducer is excited with a rectangular pulse. A good estimate of the
emitted wave was obtained using a hyper-Gaussian pulse of the following
form:

f (t) = −e−
(
ω0t
πn

)4

cos(ω0t) (2.1)

Where ω0 is the angular frequency of the emitted pressure wave, t is the
time and n is the number of cycles. Remaining simulation settings are: the
offset of the 3D-KZK solution grid dKZK, the resolution of the dimensionless
time variable ∆τ, the resolution of the dimensionless transverse direction co-
ordinates∆χ and∆ψ, the initial spacing of the dimensionless range coordinate
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for the implicit backwards finite difference method ∆σIBFD
0 and the alternating

direction method∆σADI
0 and the characteristic pressure p0 (i.e. source pressure

amplitude). For a detailed description of these parameters we refer to chapter
1.

2.2.3 Measurement Set-up

Hydrophone measurements were performed with a 0.2 mm diameter nee-
dle hydrophone (Precision Acoustics, Dorchester, UK). The hydrophone was
calibrated by the National Physical Laboratory (Teddington, UK) with a re-
maining uncertainty of 9 % in the range of 0.5 to 6 MHz. Pressure signals
were recorded using a LeCroy 9400A oscilloscope (Chestnut Ridge, New
York, USA). The needle hydrophone can be manoeuvered through the wa-
ter tank in which the transducer is mounted using an xyz-system (Time &
Precision Industries, Hampshire, UK). The hydrophone can be moved in all
three perpendicular directions with a minimum step size of 5 µm. Before each
beam profile measurement the tip of the hydrophone is set in the direction
of the acoustic beam. The relatively small directional dependency of the hy-
drophone (1 dB at ±20◦ for 6 MHz) allowed for manual adjustment in this
case. Figure 2.2 shows the hydrophone set up for the measurement of a 30◦

steered acoustic beam.
A calibration routine is used to determine the exact position of the acoustic

beam and the steering plane of the transducer. The accuracy of this routine
is 100 µm. To facilitate the measurement of axial and transverse profiles
with high spatial accuracy, a coordinate system transformation is used (based
on the calibration results) to manoeuvre the hydrophone. The recorded sig-
nals were averaged 30 or 100 times depending on their strength. The water
temperature during the hydrophone measurements was 23◦, resulting in the
following medium parameters for the simulation: a small signal ambient
sound speed c0 of 1491.1 m/s, a thermoviscous absorption coefficient α of
91.5 mNeper/m/MHz, a coefficient of nonlinearity β of 3.52 and a ambient
density ρ0 of 997.6 kg/m3 [Duck 1990]. The source pressure p0 for the various
configurations was determined by matching the fundamental profile of the
measurements and the simulations.

Beam profiles are presented as the envelope amplitude of the time signal.
The harmonic profiles are obtained with an 8th order Butterworth filter. The
first three harmonics are shown (including the fundamental component), un-
less otherwise indicated. To simplify the presentation, the axial profile always
originates from the center of the transducer and is aligned with the axis of the
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Figure 2.2: Measurement set-up for a 30◦ steered acoustic beam.

acoustic beam or grating lobe.

2.3 Results

Figure 2.3 shows the simulation and measurement results for a non-steered
acoustic beam at low source pressure (34.2 kPa). Most noticeable is the mod-
erate underestimation of the harmonic levels (about 3 dB in the focal area for
the second harmonic). With the hydrophone as major source of errors the
accuracy of the measurement is about 1 dB. The significant underestimation
in figure 2.3 is most likely due to an underestimation of the emitted harmonic
frequency components in the source field. With a signal-to-noise ratio of ap-
proximately 50 dB, figure 2.3 also shows that a source pressure of about 35 kPa
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Table 2.1: Beam with and side lobe levels from fundamental and second harmonic lateral
profiles for a non-steered and a 30◦ steered beam at a depth of 66 and 63 mm respectively.

steering angle beam width (mm) side lobe level (dB)
measurement simulation measurement simulation

0◦ fundamental 3.2 3.1 13.9 14.9
2nd harmonic 2.0 1.9 16.3 18.0

30◦ fundamental 3.5 3.3 13.4 14.2
2nd harmonic 2.1 2.1 16.1 18.0

is the lower limit for our experimental set-up. Lower source pressures will not
allow the measurement of a full axial beam profile for the second harmonic.

Figure 2.4 shows that for higher source pressures (300 kPa), good agree-
ment between simulation and measurement is found in the focal area and far
field of the axial profile. As with the low source pressure profiles (see figure
2.3), the harmonic levels are behind in the near field. However, this has no
consequences for the validity in the focal area and the far field. The shape of
the simulated transverse profiles match well with the measured once. How-
ever, the side lobe levels of the elevation profile is slightly overestimated and
the side lobe levels of the harmonic lateral profiles is slightly underestimated.
Despite the efforts to model the transducer several properties could not be
accounted for, such as: the sensitivity variations between the elements, ir-
regularities in the backing, matching layer(s) and / or acoustic lens (or their
bonding) and side effects from the housing. The suboptimal fit of the funda-
mental component in the pre-focal area is also an indication for discrepancies
between the transducer / excitation model and the FPA-2.5MHz-1C transducer
[Kamakura 1992].

The time waveform shown in figure 2.4 clearly shows the nonlinear dis-
tortion due to propagation. Good agreement is demonstrated between the
simulated and measured waveform.

The narrower beam width and reduced side lobes of the second harmonic
profiles, in comparison with the fundamental profiles, can be clearly appreci-
ated from figure 2.4 and table 2.1. The beam width and side lobe level values
of the simulation show good agreement with the measurement.

Similar agreement, as with the non-steered acoustic beam, was obtained
for a 30◦ steered beam at high source pressure. Figure 2.5 depicts the sim-
ulation and measurement results. Table 2.1 shows the slightly deteriorated
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Figure 2.3: Profiles of a non-steered acoustic beam at low source pressure. - - - measurement,
— simulation. B and C. For clarity the third harmonic has been excluded. Simulation settings:
dKZK=1 mm,∆τ=0.08,∆χ=∆ψ=0.022,∆σIBFD

0 =0.001,∆σADI
0 =0.002, p0=34.2 kPa and n=2.7.
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Figure 2.4: Profiles and time signals of a non-steered acoustic beam at high source pressure.
- - - measurement, — simulation. Simulation settings: dKZK=1 mm,∆τ=0.08,∆χ=∆ψ=0.022,
∆σIBFD

0 =0.001, ∆σADI
0 =0.002, p0=300 kPa and n=2.7.
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beam width and side lobe levels of the lateral profile, when compared with
the non-steered case. In the focal area of the axial profiles a difference be-
tween simulation and measurements of about 1 dB can be observed for the
fundamental and second harmonic components. The third harmonic has a
somewhat larger difference of about 1.5 dB. As mentioned by Baker et al.
[1995], this can be improved by using a larger temporal resolution at the
expense of a higher memory demand and a longer computation time.

Good agreement between simulation and measurement was again found
when only every third element of the phased array was enabled. The results of
a 30◦ steered acoustic beam in this triple pitch configuration is shown in figure
2.6. Although the profiles are in good agreement, the slope of the simulated
axial profile is slightly higher and the side lobes of the lateral profile are
significantly shifted inwards. This could however be the result of crosstalk
between the elements as two thirds of the elements were simply disabled, not
removed.

The simulation and measurement results of the grating lobe evoked by the
triple pitch configuration is shown in figure 2.7. The angles at which grating
lobes appear can be found with the following equation [Szabo 2004]:

θGrating = ± arcsin
( mλ

dPitch
+ sin (θSteer)

)
, m ∈ {· · · ,−3,−2,−1, 1, 2, 3, · · · } (2.2)

Where θGrating is the grating lobe angle, λ is the wavelength, dPitch is pitch
and θSteer is the steering angle. For m is −1 equation 2.2 predicts a grating lobe
at −20.9◦.

The accuracy of the transducer and / or excitation model, clearly become
more critical for a correct estimation of the harmonic levels in the grating lobe.
Although the harmonic levels are significantly underestimated, the shape of
the grating lobe is well captured. In addition it can be seen from figure
2.6 and 2.7 that the grating lobe is suppressed for harmonic imaging when
compared to fundamental levels [Duck 2002]. While the ratio between main
beam and grating lobe is about 9 dB for the fundamental components, it is
approximately 15 dB for the harmonic components. The simulation results
show a main beam / grating lobe ratio of about 10 and 18 dB for fundamental
and second harmonic components respectively.

To illustrate the capabilities of our simulation tool figure 2.8 combines the
simulation results of figure 2.6 and 2.7. The harmonic profiles of both the
main beam and grating lobe are depicted in a radial profile covering an angle
of 80◦.
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Figure 2.5: Profiles of a 30◦ steered acoustic beam at high source pressure. - - - measurement,
— simulation. Simulation settings: dKZK=5.5 mm, ∆τ=0.08, ∆χ=∆ψ=0.023, ∆σIBFD

0 =0.001,
∆σADI

0 =0.002, p0=300 kPa and n=2.7.
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Figure 2.6: Profiles of a 30◦ steered acoustic beam in triple pitch configuration. - - - mea-
surement, — simulation. Simulation settings: dKZK=5.5 mm, ∆τ=0.08, ∆χ=∆ψ=0.023,
∆σIBFD

0 =0.001, ∆σADI
0 =0.002, p0=1.07 MPa and n=5.4.
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Figure 2.7: Profiles of the grating lobe (at ≈−20.9◦) from a 30◦ steered acoustic beam in triple
pitch configuration. - - - measurement, — simulation. Simulation settings: dKZK=5.5 mm,
∆τ=0.16, ∆χ=∆ψ=0.022, ∆σIBFD

0 =0.001, ∆σADI
0 =0.002, p0=1.07 MPa and n=5.4.
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Figure 2.8: Composite radial profile from three separate simulations, showing a 30◦ steered
acoustic beam and its grating lobe in triple pitch configuration. Simulation angle: a. 30◦, b. 5◦

and c. −21.9◦. Simulation settings: dKZK=5.5 mm, ∆τ=0.08, 0.16 and 0.16, ∆χ=∆ψ=0.022,
∆σIBFD

0 =0.001, ∆σADI
0 =0.002, p0=1.07 MPa and n=5.4.

2.4 Discussion

Good agreement is shown between simulated and measured profiles for non-
steered and steered acoustic beams from a phased array transducer. The fea-
sibility of simulating harmonic grating lobes is also demonstrated although
accurate modeling of the transducer and its excitation is believed to be more
critical here. As suggested by Nachef et al. [1995] the underestimation of the
harmonic levels could also be caused by non-negligible amplitude dependent
variations in the parameter of nonlinearity not accounted for in the KZK equa-
tion Nachef et al. [1995]. Given the good agreement with the measurements
for the other high pressure simulations this is however less likely. Better re-
sults could also have been obtained by propagating a measured source field
very close to the transducer’s surface as used by Cahill et al. [1998]. However,
this is not the intended application of the simulation tool since this requires an
existing transducer while the two-stage 3D-KZK simulator is meant to assist
the design of new transducers, before prototyping.

Although simulations could take days, the first algorithm for the simu-
lation of array transducers was developed by Cahill et al. [1998]. This is
also one of the two publication in which simulation results are experimentally
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validated with measurements from a phased array transducer. Reasonable
agreement was achieved with their frequency domain solution for a small 8
element phased array transducer. The other experimental validated solution
for array transducer simulations was developed by Bouakaz et al. [2003b].
This time domain solution showed good agreement with a 64 element phased
array transducer. A combined frequency-time domain solution to simulate
array transducers was developed by Zemp et al. [2003]. Good agreement was
found in a comparison with piston and concave transducers. On a 533 MHz
processor with 512 MB of random access memory (RAM) the harmonic field
from a 64 element phased array up to a range of 60 mm could be simulated in
5 hours. More recently a time domain and a frequency-time domain method
were presented by Yang et al. [2005] and Khokhlova et al. [2006] respectively.
Although capable of simulating array transducers only results from rectangu-
lar transducers are shown. On a 1.5GHz processor the field from a rectangular
transducer could be simulated up to a range of 100 mm in 9 hours with the
method of Yang et al. [2005].

The above methods do not allow the simulation steered harmonic acoustic
beams. Very recently however, Christopher et al. [2006] proposed a multi-
stage method, as an extension to the solution developed by Zemp et al. [2003],
to allow the simulation of steered beams. Steered axial beam profiles from a
64 element phased array are shown and could be calculated up to a range of
90 mm in 1.5 hours on a 1.2 GHz processor. The non-linear propagation of the
initial field up to 100 mm for the results shown in figure 2.5 took 1.5 hours on
a 3 GHz processor with 1 GB of RAM. Unfortunately, it takes Field II 3 hours
to calculate the initial field. Calculating the initial field with a more dedicated
algorithm will drastically reduce the total computation time.

2.5 Conclusion

The two-stage 3D-KZK method accurately predicts harmonic levels of non-
steered and steered acoustic beams from a phased array transducer. The
feasibility of simulating harmonic grating lobes is demonstrated and the sup-
pression of grating lobes for harmonic imaging is shown.
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A the advantages of three dimensional (3D) echocardiography have
been acknowledged, its application for routine diagnosis is still very lim-

ited. This is mainly due to the relatively long acquisition time. Only recently
has this problem been addressed with the introduction of new real-time 3D
echo systems. This chapter describes the design, characteristics, and capabil-
ities of an alternative concept for rapid 3D echocardiographic recordings.

The presented fast-rotating ultrasound (FRU)-transducer is based on a 64-
element phased array that rotates with a maximum speed of 8 Hz (480 rpm).
The large bandwidth of the FRU-transducer makes it highly suitable for tissue
and contrast harmonic imaging. The transducer presents itself as a conven-
tional phased-array transducer; therefore, it is easily implemented on existing
2D echo systems, without additional interfacing.

The capabilities of the FRU-transducer are illustrated with in-vitro volume
measurements, harmonic imaging in combination with a contrast agent, and
a preliminary clinical study.

Based on:
c© 2006 IEEE. Reprinted, with permission, from: Voormolen, M.M., B.J. Kren-
ning, C.T. Lancée, F.J. ten Cate, J.R.T.C. Roelandt, A.F.W. van der Steen and
N. de Jong. Harmonic 3D Echocardiography with a Fast-Rotating Ultrasound
Transducer. IEEE Transactions on Ultrasonics, Ferroelectrics and Frequency Con-
trol, 53(10):1739–1748, 2006.
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3.1 Introduction

Over the last 20 years the application of three dimensional (3D) echocadiog-
raphy has been explored extensively. The reconstruction of unconventional
2D views from a 3D dataset has been seen as a welcome addition to the
possibilities of echocardiography [Pandian 1994]. Also, the examination of
volume-rendered 3D recordings, the so-called surgical view, has proven very
useful for the preparation of surgical interventions [Roelandt 2000]. In ad-
dition, many studies have validated the increased accuracy obtained with
the quantification of cardiac structures from 3D data as compared to 2D data
[Krenning 2003].

In spite of its advantages, 3D echocardiography is still mainly used for
research purposes. Most 3D echocardiographic techniques developed in the
past are based on the stepwise displacement of a phased array [Delabays
1995, Roelandt 1995, Papavassiliou 1998]. With these techniques, only one
position is covered during a cardiac cycle. The subsequent cycle then is
used to move to the next location. This relatively slow process prolongs the
acquisition time beyond the feasible duration of a single breath hold, which in
turn calls for respiratory and electrocardiogram (ECG) gating. For a densely
sampled 3D recording, the process described above requires an acquisition
time of several minutes. The recordings often suffer from motion artefacts
as a result of the lengthy acquisition time. Although the acquisition of a
3D dataset does not consume more time than alternative techniques, such as
magnetic resonance imaging (MRI), it is still considered a drawback. As long
as standard 2D examinations are performed in the same amount of time as
a single 3D recording, it will not likely be widely accepted in daily clinical
practice.

Real-time 3D echocardiography solves the problem of lengthy acquisi-
tion times; however, first-generation realtime 3D echo systems suffered from
insufficient image quality [Sheikh 1991]. The recently introduced second-
generation systems from Philips Medical Systems (Best, The Netherlands)
and General Electric (Milwaukee, Wisconsin, USA) possess an improved im-
age quality. These commercially available systems have resulted in the in-
creased use of 3D echocardiography for routine diagnosis [Von Bardeleben
2004].

State-of-the-art 2D echo systems cover two spatial dimensions and time
with sufficient spatial and temporal resolution. Therefore, the key to fast ac-
quisition of a 3D dataset is an effective coverage of the third spatial dimension.
With stepwise, displaced phased arrays, more frames are discarded during
motion and gating than used for the actual 3D dataset. However, a phased
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array moved in a continuous, uniform motion would be able to make use
of the full frame rate. This chapter describes the design, characteristics, and
capabilities of a continuous, rotating, phased-array transducer intended for
rapid 3D echocardiographic recordings.

3.2 Materials and Methods

In the first subsection, the transducers design and its consequences for the
acquisition morphology will be described. The rotation speed of the trans-
ducer is not stored with the echo data but is extracted from it. The technique
to recover the rotation speed from the data is explained in a subsequent sub-
section. The process needed for the reconstruction and quantification of a
scanned volume will be discussed. The optimization of the rotation speed for
the clinical setting is described.

3.2.1 The Fast-Rotating Ultrasound Transducer

The fast-rotating ultrasound (FRU)-transducer consists of three major parts:
a high precision drive, a slip-ring device, and a phased array. Figure 3.1
shows the latest prototype of the transducer [Djoa 2000]. Key features of
the transducer are its wide bandwidth, allowing harmonic imaging, and its
ergonomic design (width: 53 mm, height: 33 mm, length: 147 mm, and
weight: 350 g).

The drive of the transducer consists of a direct current (DC) motor, a gear,
an encoder, and a controller (see figure 3.1). The DC motor, gear, and chain
wheel transmission combination produce a maximum torque of 85 mNm,
which is well above the torque required to drive the slip-ring and the array.
The encoder and controller provide a feedback regulation for a highly con-
stant rotation speed, which can be controlled manually. For the acquisition of
a 3D dataset, the rotation speed is set between 4 and 8 Hz (240 and 480 rpm).
In addition, the array can be positioned at two fixed stationary and perpen-
dicular angles (0◦ and 90◦) that are indicated with LED’s on the housing of the
transducer (see figure 3.1). Using a footswitch, these positions can be alter-
nated for alignment of the transducer prior to the acquisition of a 3D dataset
(e.g., by checking the four and two chamber views before a left ventricular
acquisition).

The slip-ring device is custom made (Kaydon, Reading, Berkshire, UK)
and contains 82 contacts, of which 64 are used for the array elements and 16
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Figure 3.1: The latest prototype of the fast-rotating ultrasound (FRU)-transducer. The upper
panel shows the construction of the transducer with some key components annotated. The
lower panel shows the transducer with its housing. Note the LEDs on the housing, which are
used to indicate whether the phased array is located in one of its two fixed positions (0◦ and
90◦).

as distributed signal ground. No measurable noise generation from the slip-
ring device could be detected within the frequency range used for imaging.

The transducer’s array, custom made by Delft Instruments, Delft, The
Netherlands, contains 64 elements with a pitch of 0.21 mm and is tapered
into an octagonal shape, approximating a circle with a radius of 7 mm. It
has a fractional bandwidth of 86 % with a center frequency of 3.2 MHz (see
figure 3.2A). The fixed focus of the acoustic lens in the elevation direction
is set at 60 mm. Figure 3.2B gives the lateral transmit beam profiles at the
focal distance for an excitation frequency of 1.8 MHz and a pulse length of 2.5
cycles. At −6 dB a fundamental beam width of 3.86 mm and a harmonic beam
width of 2.62 mm were found. The side lobe levels of both the fundamental
and harmonic profile were equal to −18.1 dB.

The transducer is connected to a GE VingMed Ultrasound (Horten, Nor-
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Figure 3.2: A. Shows a normalized fundamental (dashed line) and harmonic (solid line) beam
profiles in lateral direction for an excitation frequency of 1.8 MHz, a pulse length of 2.5 cycles,
and a nonderated mechanical index (MI) of 1.7MI. B. Shows the transmit sensitivity of the
transducer.

way) Vivid 5 system like a conventional phased array, but it could be used
with any scanner as no additional interfacing is required.

3.2.2 Morphology of the Acquisition

The typical acquisition time for a full 3D dataset is approximately 10 seconds,
which allows for a dataset to be recorded within a single breath hold. With
a standard frame rate of about 100 frames per second (fps), a typical dataset
consists of approximately 1000 harmonic B-mode images. The frames are first
stored in the scanner and later transferred to a computer for processing. The
ECG signal is stored with the frames. No ECG gating is used, and exclusion
of irregular cardiac cycles is carried out after the acquisition.

The continuous rotation of the array results in non-uniformly sampled 4D
datasets (three spatial dimensions and time). First, the individual frames of
the recording have a curved morphology in space, as shown in figure 3.3A.
Second, the frames will sample the volume in an interleaved manner. This
is most clearly illustrated in the spherical coordinate system, which is the
native coordinate system of the acquisition (see figure 3.3B). In the spherical
coordinate system, the frames are divided into halves by the imaging (or
rotation) axis of the transducer. By definition, this is a consequence of the
limited range of the elevation angle (− 1

2π to 1
2π rad), which represents the

steering angle of the individual ultrasonic beams in the spherical domain.
When a frame is acquired from right to left, the steering angle from the right
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Figure 3.3: A. Shows a typical 2D image recorded with the FRU-transducer from a cavity
phantom in perspective. The consecutive frames repeat the same image, but each time rotated
60◦ clockwise. The sequence gives a good appreciation of the curved shape of the frame. B. The
first part shows a curved frame and its relation to the spherical and cartesian coordinate system.
The second part depicts the conical shape of the volume sampled by the FRU-transducer and
the position of a C-plane. In addition, it is shown how a frame is divided by the imaging axis
into a left and a right half, indicated with L and R. C. Shows the position of the ultrasonic
beams from a number of frames in the cartesian coordinate system. Beams from the left half of
the frames are indicated with an open dot and those from the right half with a closed dot (see
also panel B). D. Shows the more orderly position of the same beams in the spherical coordinate
system.
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half of the frame will run down. However, for the beams of the left half, the
steering angle will run up. This results in inclined and intersecting rows of
ultrasonic beams from the two frame halves (see figure 3.3D). The intersecting
nature of the frame halves also can be observed in the cartesian coordinate
system, but less clearly due to the curvature of the frames (see figure 3.3C).

From figure 3.3C, it also can be seen that the sample density increases
toward the rotation axis. The uniformity of the sampling could be improved
by optimizing the scanning in the 2D sector. In the cartesian coordinate
system, which is used for visualization, there is no uniform sampling along
any axis (see figure 3.3C). For volume rendered reviewing of recorded datasets,
the data, therefore, are interpolated with the use of a uniform cartesian grid.
Reconstruction can, of course, be performed only with the availability of an
accurately determined rotation speed.

3.2.3 Determination of the Rotation Speed

To avoid additional interfacing between the echo system and the transducer,
the rotation speed is extracted from the recorded harmonic B-mode data in
two steps. A first estimate of the rotation speed is obtained by correlating all
frames of the dataset with an arbitrary reference frame from the same dataset.
The correlation value is calculated as the sum of absolute difference between
the frames. An example of the resulting correlation signal is shown in figure
3.4A. The correlation result reveals a periodic signal with a periodicity related
to the rotation speed. Fourier analysis of the correlation signal gives the first
estimate of the rotation speed.

The accuracy of the first estimate of the rotation speed is limited to ap-
proximately 10 MHz due to noise and the interference of cardiac motion. To
improve this accuracy, the rotation speed is corrected in a second step. End-
diastolic C-planes are reconstructed from each recorded cardiac cycle. The
C-plane of the first cardiac cycle is used as a reference for correlation with the
C-planes of subsequent cycles. By maximizing the correlation between the
planes, by rotating them around the rotation axis, the angular correction for
each C-plane can be found. Figure 3.4B gives an example of the result from a
C-plane correlation.

The correlation result of the C-planes shows a linear increase of the angular
error due to the insufficient accuracy of the first rotation speed estimation.
Using the regression of the C-plane correlation, the accuracy of the rotation
speed can be increased an order of a magnitude beyond the first estimate.
Typically, the residual angular error after the second order rotation speed
estimation is not larger than a few degrees (see figure 3.4B), which is only
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Figure 3.4: A. Shows an example of a normalized frame-to-frame correlation signal r with
the reference frame indicated by the cross on the x-axis. The value at the reference frame is
a linear interpolation of the values of its neighboring frames and, therefore, is not equal to
1. Approximately 50 rotations are shown for a recording that was made with a frame rate
of 106.1 fps. B. An example of the second order rotation speed estimation is shown. The
regression (solid line) of the angular errors ∆θ calculated (solid dots) resulted in a rotation
speed correction of 5.3 MHz. The residual angular error after correction of the rotation speed
also is shown (open dots). C. Shows two reconstructed long axis images of the left ventricular
acquisition in question. For the image on the right, the second order rotation speed correction
was used, but the left image did not use the second order correction. The circled area of the
image on the left clearly shows the artefacts resulting from inaccuracies in the rotation speed
used.
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Figure 3.5: A. The time intervals of four corresponding cardiac segments are indicated when
each cardiac cycle is divided into 12 segments of equal width. B. If only segment a is used for
reconstruction, a sparse sampling of the volume is obtained. Both the sampling of the rotation
angle and the reconstruction of the corresponding C-plane for this case are depicted (z is the
axial direction of the transducer; see also figure 3.3). The individual frames recorded within
the time interval of the segment are indicated with solid lines. C. Shows the same results when
all four segments are used. The denser sampling of the volume and the improved resolution of
reconstructed images clearly can be appreciated.

a fraction of the optimal angular resolution (see also appendix A). Figure
3.4C gives an example of the artefacts resulting from inaccuracies in the first
estimate of the rotation speed. As can be seen from figure 3.4C, the artefacts
are resolved when the second order estimate is used.

3.2.4 Reconstruction

Following the determination of an accurate rotation speed, 4D datasets can be
constructed from the recorded frames. Datasets constructed from an acquisi-
tion of one cardiac cycle result in a sparse sampling of the time-volume space.
To obtain a denser sampling of the time-volume space, a number of cardiac
cycles are fused, which is also referred to as multibeat fusion.

Although the multibeat fusion results in a densely sampled 4D dataset of
the scanned volume, the dataset still has a nonuniform structure. A suitable
interpolation technique is used to resample the data into a uniformly spaced
cartesian grid.

Figure 3.5 gives an example of the above techniques. The improved image
quality obtained with the use of multibeat fusion is clearly depicted in figure
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3.5.

3.2.5 Optimization of the Rotation Speed

For successful reconstruction, the acquired frames should be distributed ade-
quately over the rotation angle. This distribution depends, in the first place,
on the rotation speed and the frame rate. With the use of multibeat fusion,
the distribution also is dependent on the heart rate and the number of car-
diac segments (i.e., the number of time intervals in which the cardiac cycle
is subdivided, typically 16). For a recording of a stationary volume with
an arbitrary rotation speed, the minimum sampling interval of the rotation
angle is the angle between two consecutive frames. For a cardiac recording,
even this minimal resolution is not assured. It is not even unlikely that the
frames from the cardiac segments used will end up in the same quadrant of
the rotation angle. To prevent this from happening, an optimized rotation
speed needs to be used for a given frame rate, heart rate, and number of
cardiac segments. Appendix A gives the details of the calculation of such an
optimized rotation speed. The calculation is based on the use of a candidate
rotation frequency in which the continuity of the frame distribution over the
rotation angle is assured. By correcting this candidate rotation speed toward
an equiangular distribution, an optimized rotation speed is obtained. Table
3.1 gives a number of examples of the calculation for some randomly selected
clinical settings.

3.2.6 Quantification

Quantification tools are based on manual or semiautomatic tracing of an
anatomical feature in a stack of 2D images. This is necessary due to the fact
that currently there are no fully automatic quantification algorithms available.
In addition, computers are equipped with 2D monitors that essentially can be
used only to view two spatial dimensions plus time. Therefore, the recorded
4D dataset needs to be resliced in order to obtain the 2D image set required
by the selected quantification tool. In the case of left ventricular (LV) volume
measurement this could mean a set of long and / or short axis images.

3.3 Results

The capabilities of the FRU-transducer are illustrated in three examples: in-
vitro volume measurements, harmonic imaging in combination with contrast,
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Figure 3.6: Rendered reconstruction of the LV-shaped agar phantom.

and a preliminary clinical study.

3.3.1 In-Vitro Evaluation

Two geometrical agar units were made with cavities in the shape of a sphere
and a beam. Each unit consisted of two halves. From the units, five different
phantoms were constructed: a sphere, a beam, half a sphere, half a beam
and a mixed combination of half a sphere and half a beam (or ‘mushroom’).
Another agar phantom was made that had a LV shape.

Recordings of the phantoms were made with a rotation speed of 6 Hz
(360 rpm) and a frame rate of 67.5 fps. One to two seconds of each recording
were used to reconstruct the phantoms. After reconstruction, the phantom
cavities were extracted with an advanced threshold-based method. For this
method, depth dependent bimodal histogram thresholding, a closing proce-
dure with a diamond structuring element of size three and volume extraction
using a connectivity of six were used [Sonka 1999]. The extracted volumes
were compared with the actual volume of the phantom cavity.

The result of one of the agar phantom reconstructions is depicted in figure
3.6. The reconstructions of the six different phantoms showed an average
volume error of approximately 1 % (see table 3.2).

3.3.2 Contrast Harmonic Imaging

A commercially available tissue mimicking flow phantom (Model 524, ATS
Laboratories, Bridgeport, Connecticut, USA) was used to explore the har-
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Table 3.2: Results of the in-vitro volume measurement evaluation.

phantom volume (ml) deviation (%)
actual reconstructed

sphere 135.5 136.9 1.0
beam 133 131.5 1.1
1
2 sphere 68.5 67.6 1.3
1
2 beam 63 62.5 0.7
‘mushroom’ 131.5 132 0.4
LV 131 128.7 1.8

monic capabilities of the FRU-transducer in combination with the use of con-
trast agents. Backscatter power spectra from a tissue and a contrast region
of interest (ROI) were calculated from recorded radio frequency data. The
spectra and the extracted contrast to tissue ratio from these spectra were used
to determine the efficacy of harmonic imaging over fundamental imaging
[Voormolen 2004].

The contrast to tissue ratio (CTR) was defined as the ratio of the scattered
power caused by the contrast to that of the tissue. The contrast and tissue
ROI were selected as shown in figure 3.7A. Optison contrast agent (Amer-
sham Health, Princeton, NJ) was used at a dilution of 1 over 2000 in Isoton
II (Beckman Coulter, Fullerton, CA) and was flowing at a constant rate of
90 ml/minute through the phantom. The ROIs were insonified with a pulse
comprising a derated peak negative pressure of 150 kPa, a transmit frequency
of 1.74 MHz, and a pulse length of 2.5 cycles. With these settings, an increase
of more than 8 dB in the CTR was found at the second harmonic compared to
the fundamental frequency (see figures 3.7B and 3.7C).

3.3.3 Clinical Recordings

Figure 3.8 shows a rendered patient recording of the left ventricle. The image
shows the LV cavity, the mitral valve, and the aortic outlet tract. In addition,
two reconstructed 2D images of the LV short and long axis are shown.

From another patient, the LV volume and ejection fraction was determined.
Quantification of the recorded echo data was performed with 4D LV Anal-
ysis software from TomTec Imaging Systems (Unterschleißheim, Germany)
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Figure 3.7: A. A B-mode image from the tissue-mimicking phantom with contrast in the flow
area is shown. The gray and white solid lines indicate the ROI used for the power spectra
calculations. B. The power spectra obtained from the tissue (dashed line) and contrast (solid
line) region at a transmission frequency of 1.74 MHz are depicted. C. The difference of these
power spectra, defined as the CTR, is shown.

featuring a semiautomated border detection algorithm. End diastolic and
end systolic volumes were determined using seven slices per volume with
equiangular intervals. Figure 3.9 shows the analysis result. An end-diastolic
and end-systolic surface rendering of the endocardial border is shown along
with the obtained time-volume curve. From the time-volume curve, an end
diastolic volume of 131 ml, an end-systolic volume of 66 ml, and an ejection
fraction of 50 % were extracted. An MRI recording of the same patient on
the same day resulted in an end-diastolic volume of 131 ml, an end-systolic
volume of 62 ml, and an ejection fraction of 53 %.

3.4 Discussion

A novel transducer design, based on the continuous rotation of a phased
array, for rapid 3D echo has been presented. The short acquisition time, of
approximately 10 seconds, makes it highly suitable for echocardiographic
application and avoids the need for respiratory gating. In addition, its wide
bandwidth allows for tissue and contrast harmonic imaging.

Although the need for fast 3D echocardiography has been widely recog-
nized, only one other research group has reported on a similar concept as
presented here [Canals 1999, Nguyen 2002, 2003]. Their transducer uses a
fast-rotating array that is oscillating within its rotation angle range of 720◦.
Although its rotation speed matches that of the FRU-transducer, the oscilla-

63



i
i

“3DHEpdf” — 2007/10/9 — 0:02 — page 64 — #76 i
i

i
i

i
i

T D H E

Figure 3.8: The upper panel depicts a volume-rendered reconstruction of a left ventricular
patient recording. The two lower panels show a reconstructed long and short axis image,
respectively. The shaded regions in the lower panels annotate the cut away areas of the volume
rendered image in the upper panel. LV: left ventricle; MV: mitral valve; LVOT: left ventricular
outflow tract; SC: sinus coronaries.
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Figure 3.9: The left panel shows an end-diastolic and end-systolic surface rendered tracing
result from a patient recording. The corresponding time-volume curve is shown in the right
panel. From the time-volume curve, the end-diastolic volume (131 ml), the end-systolic volume
(66 ml), and the ejection fraction (50 %) are derived.

tory motion results in an even more complex sampling of the time-volume
space. Studies in which this transducer has been used have been limited to
fundamental imaging, so no record exists on its harmonic imaging capabili-
ties.

Another concept for fast 3D echocardiography is the use of matrix array
transducers, which are currently available with the Philips Sonos 7500 scanner
(Best, The Netherlands) and its x4 xMATRIX transducer as well as the General
Electric Vivid 7 scanner (Milwaukee, Wisconsin, USA) with its 3V transducer.
At the current state-of-the-art, it is very difficult for matrix transducers to both
deal with the complex technology involved and also match the image quality
of contemporary, phased-array transducers. Although it has been reported
that second generation matrix array transducers show a big improvement
of image quality compared to its predecessors [Von Bardeleben 2004, Arai
2004], this relatively young technique still provides suboptimal image quality,
especially when it comes to harmonic imaging [Chan 2004, Schnabel 2005]. In
addition, advanced 2D imaging techniques, such as contrast superharmonic
imaging [Bouakaz 2003a], can be implemented with the FRU-transducer in
a straightforward manner and extended for use in 3D applications.With the
use of multibeat fusion, an acquisition with the FRU-transducer requires 10
seconds maximally. In principal, the matrix approach has the advantage of
real-time acquisition and display; but in clinical practice, the field-of-view of
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real-time scanning is too limited. For a so-called full-volume recording with
the Philips scanner, the acquisition is extended to four cardiac cycles, after
which the data can be viewed and analyzed offline. In this respect, there is no
difference between our approach and matrix-array transducers. Ultimately,
the FRU-transducer also provides a cost-effective alternative to matrix-array
transducers.

Although the results show feasibility of the clinical application of the FRU-
transducer, a full evaluation of its clinical capabilities will be conducted in the
near future. This will include the determination of the LV function compared
with other techniques such as MRI and the use of contrast agents for improved
3D assessment of the heart.

With the availability of fast 3D echocardiographic acquisition, quantifica-
tion of the recorded data has become the most time-consuming element in
the diagnostic use of 3D datasets. This is mainly due to the lack of tracing
algorithms that do not need an expert to initialize the algorithm and review
the tracing result. Improved image quality and border delineation will be
a welcome contribution toward fully automatic quantification tools. The
unique harmonic capabilities of the presented transducer could be beneficial
for this purpose. Therefore, future efforts will be aimed at the use of tissue
and contrast harmonic images from the FRU-transducer for such algorithms.

3.5 Conclusion

A continuous rotating array transducer has been presented suitable for fast
acquisition of 3D datasets within a clinical setting without the use of respi-
ratory or ECG gating. Its harmonic capabilities provide unique possibilities
for tissue and contrast harmonic 3D imaging, which could be beneficial for
quantification algorithms. The concept is easily integrated in state-of-the-art,
2D echo systems due to its innovative and cost-effective design.
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M of left ventricular (LV) volume and function are the most com-
mon clinical referral questions to the echocardiography laboratory. A fast,

practical, and accurate method would offer important advantages to obtain
this important information. To validate a new practical method for rapid
measurement of LV volume and function, we developed a continuous fast-
rotating transducer, with second-harmonic capabilities, for three dimensional
echocardiography (3DE).

Fifteen cardiac patients underwent both 3DE and magnetic resonance
imaging (reference method) on the same day. 3DE image acquisition was per-
formed during a 10 second breath-hold with a frame rate of 100 frames/second
and a rotational speed of 6 rps. The individual images were postprocessed
with Matlab software using multibeat data fusion. Subsequently, with these
images, 12 datasets per cardiac cycle were reconstructed, each comprising
seven equidistant cross-sectional images for analysis in the new TomTec 4D
LV Analysis software, which uses a semi-automated border detection (ABD)
algorithm. The ABD requires an average analysis time of 15 minutes per
patient.

A strong correlation was found between LV end-diastolic volume (r=0.99;
y=0.95x − 1.14 ml; SEE=6.5 ml), LV end-systolic volume (r=0.96; y=0.89x +
7.91 ml; SEE=7.0 ml), and LV ejection fraction (r=0.93; y=0.69x + 13.36 %;
SEE=2.4 %). Inter- and intraobserver agreement for all measurements was
good.

The fast-rotating transducer with new ABD software is a dedicated tool
for rapid and accurate analysis of LV volume and function.

Based on:
c© 2006 Blackwell Publishing. Reprinted, with permission, from: Krenning,
B.J., M.M. Voormolen, R.-J.M. van Geuns, W.B. Vletter, C.T. Lancée, N. de Jong,
F.J. ten Cate, A.F.W. van der Steen and J.R.T.C. Roelandt. Rapid and Accu-
rate Measurement of Left Ventricular Function with a New Second-Harmonic
Fast-Rotating Transducer and Semi-Automated Border Detection. Echocardio-
graphy, 23(6):447–454, 2006.
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4.1 Introduction

Left ventricular (LV) volumes and function have major diagnostic and prog-
nostic importance in patients with heart disease [White 1987, Hall 1995], and
are the most common referral questions to the echocardiography laboratory.
A fast, practical, and accurate method is a prerequisite to obtain this important
information for patient management. Three dimensional echocardiography
(3DE) allows accurate calculation of LV ejection fraction (LVEF) without geo-
metric assumptions of its shape [Siu 1993, Tanabe 1998, Nosir 1996]. Recent
transducer and software developments may now allow fast acquisition and
semi-automated analysis, enabling the routine clinical application of 3DE [Sh-
iota 1999, Belohlavek 2001, Kuhl 2004].

This study was performed to assess both the feasibility and accuracy of a
new, continuous, fast-rotating phased array transducer for LV volume and EF
calculation using commercially available quantification software. Magnetic
resonance imaging (MRI) was used as the reference method.

4.2 Materials and Methods

4.2.1 Study Patients

Seventeen male patients (mean age 52 years, range 29–74 years) with a history
of myocardial infarction and various degrees of wall-motion abnormalities
were included. All patients were in sinus rhythm. Two patients suffered from
ischemic cardiomyopathy. None of the patients had to be excluded because of
insufficient image quality. However, two patients were excluded because of
incomplete visualization of the LV in the echocardiographic window due to LV
dilatation. The mean heart rate (SD) during echocardiographic examination
was 57 (13) bpm. Both studies were completed in each patient within 4 hours,
and MRI was performed before 3DE examination. All patients gave informed
consent.

4.2.2 Three Dimensional Echocardiography

Instrumentation We used a new third generation prototype transthoracic,
fast-rotating 64-element array transducer with a center frequency of 3 MHz.
Besides decreased transducer size and technical improvements, this trans-
ducer features the capability of second harmonic imaging (figure 4.1). The
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Figure 4.1: Image of the most recent prototype of the continuous, fast-rotating transducer
used in this study. Below, a 2D phantom image displayed in perspective from different angles.
As shown, continuous rotation results in a curved shape of the original images.

transducer continuously rotates around its central axis with a maximum rota-
tion speed of 480 rpm and is connected to a commercially available ultrasound
system (Vivid 5, GE VingMed Ultrasound, Horton, Norway) [Djoa 2000, Voor-
molen 2006]. Interfaces are present for motor control, image synchronization,
and data processing. Unlike other mechanical 3D acquisition systems, which
can only collect images over a limited number of rotations, this transducer
acquires images over as many rotations as required [Nosir 1996, Belohlavek
2001, Kupferwasser 1997, Nguyen 2002]. A slip-ring, consisting of a static and
a rotating part, maintains electrical contact between the rotating array and the
static part of the transducer. Therefore, any cable twisting and subsequent
need for rotation inversion is not present. Because this transducer is capable
of using standard two dimensional (2D) ultrasound capabilities, a high frame
rate at a wide sector angle of 90◦ can be chosen, which is necessary to capture
the full LV in most patients. The size of the transducer is nearly the same
as a standard 2D transducer. The typical frame rate for a 3D acquisition is
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approximately 100 frames/second.

Image acquisition Patients are studied in the left lateral decubitus position,
with the transducer in the apical position and the image plane rotating around
the LV long axis. The depth settings are adjusted to visualize the entire LV
and part of the left atrium. Gain and power settings are optimized for endo-
cardial border visualization. The image acquisition is made during a single
end-expiratory breath-hold of approximately 10 seconds, in second-harmonic
imaging mode (transmit frequency: 2 MHz). The ECG is simultaneously
recorded for the 3D reconstruction process.

Image processing and analysis Image data are transferred via a network
connection to a dedicated PC for processing and analysis. With custom-
designed software, based on MatLab (The MathWorks, Natick, Massachusetts,
USA), the original 2D images are postprocessed (figure 4.2A). Using the ECG,
the echo data are located in their correct spatial and temporal positions [Lancée
2000, Voormolen 2006]. To obtain an adequate density of the spatial and tem-
poral sampling, multibeat data fusion is employed [Lancée 2000, Voormolen
2006]. Twelve 3D-datasets were reconstructed by dividing the cardiac cycle
in 12 equidistant time-intervals, irrespective of its length. Due to the contin-
uous rotation of the transducer-array, the original 2D imaging planes have
a curved shape and are not suited for automated contour analysis with cur-
rently available software. Therefore, seven equidistant cross-sectional images
are resampled from the 12 datasets and used for further contour analysis.
This resulted in a rotational interval of 27◦ between the cross-sectional images
[Voormolen 2006].

Subsequently, all resampled cross-sectional images are imported into the
TomTec 4D LV Analysis software (TomTec Imaging Systems, Unterschleiß-
heim, Germany). Their orientation in 3D space is determined by manually
marking the mitral valve, aortic root and apex. An elliptical model is then
placed over one of the images of each of the seven cross-sectional positions.
Contrast and gain settings can be adjusted for optimal endocardial border vi-
sualization. After this, the software automatically performs endocardial bor-
der detection in all images of each cross-sectional position in the 12 datasets.
A spatiotemporal spline model is used to generate smooth contours for both
the temporal and the spatial domains. Two investigators verified and cor-
rected the results from the automated border detection independently. This
was done blinded to MRI results. The first investigator analyzed the 3DE
images twice, blinded for the results of the first analysis.
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Figure 4.2: A. An original image of the apical long-axis view showing the image quality
during fast rotation. B. Endocardial surface rendered image of the endocardial border. C.
Volume-time curve; dots show measured data points.
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The analysis program displays a reconstruction of the LV as a dynamic
surface rendered image, in which LV wall motion is shown in three dimensions
(figure 4.2B). From an automatically plotted time-volume curve (figure 4.2C),
LV end-diastolic (LVEDV) and end-systolic volume (LVESV) were determined
by the maximal and minimal volume, and LVEF was calculated.

4.2.3 MRI

All patients are studied in a supine position, with a four-channel quadrature
body phased array coil placed over the thorax, in a 1.5 T whole-body MRI
system (Signa CV/i, General Electric, Milwaukee, Wisconsin, USA; with an
amplitude of 40mTm−1 and a slew rate of 150 Tm−1s−1). For quantitative
analysis, approximately 10 to 12 cine short-axis series (slice thickness 8 mm,
gap 2 mm) covering the heart from base to apex were acquired using a breath-
hold cardiac triggered steady-state free precession sequence (FIESTA) with a
TR and TE of 3.5 and 1.3 ms, respectively, and a flip angle of 45◦. Additional
imaging parameters were: field of view of 340× 255 mm, a matrix of 160× 128,
and a temporal resolution of 28 ms. The whole protocol could be performed
within 30 minutes.

Quantitative analysis was performed using standardized software (Mass-
Plus, General Electric, Milwaukee, Wisconsin, USA). With this software, endo-
cardial contours were semiautomatic traced on all end-diastolic and systolic
images to calculate the LV volumes and EF using Simpson’s rule. Review of
the automated tracing was performed by an investigator, blinded to the 3DE
data.

4.2.4 Statistical Analysis

Data are presented as mean (standard deviation, SD). A linear regression
analysis was performed for the comparison of results obtained by 3DE and
MRI. The first measurement of the first observer was used for comparison
with MRI. The 3DE measurements from two independent observers were
compared mutually to assess interobserver variability. To assess intraob-
server variability, the two blinded measurements by the first observer were
compared. In addition, the limits of agreement were calculated for all compar-
isons and expressed as the mean ± 2SD [Bland 1986]. To determine whether
there is a statistically significant difference between the populations of each
comparison, a paired t-test was performed. Data were tested for normality
with the Kolmogorow-Smirnov test with Lilliefors significance correction. A
probability level of p<0.05 was considered significant.
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4.3 Results

LVEDV measurements for MRI ranged from 127 to 241 ml and from 122 to
239 ml for 3DE. LVESV measurements for MRI ranged from 58 to 144 ml and
from 60 to 144 ml for 3DE. The mean (SD) for LVEDV measurements were
186 (41) ml and 177 (40) ml (p<0.001), for MRI and 3DE, respectively. The
mean (SD) for LVESV measurements were 99 (28) ml and 96 (25) ml (p=NS),
for MRI and 3DE, respectively. The Kolmogorow-Smirnov tests for normality
were not significant, indicating a normal distribution of data. The time for
data analysis averaged 15 (5) minutes per patient.

4.3.1 Comparison Between 3DE and MRI

Results of the regression analysis and the limits of agreement calculation for
LVEDV, LVESV, and LVEF are shown in figure 4.3. A strong correlation was
observed between MRI and 3DE for both LVEDV (r=0.99; y=0.95x − 1.14 ml;
SEE=6.5 ml) and LVESV measurements (r=0.96; y=0.89x + 7.91 ml; SEE=
7.0 ml). The limits of agreement analysis demonstrated a mean difference
of −9.7 ± 13.1 ml for LVEDV and −3.0 ± 14.7 ml for LVESV. A good cor-
relation was also observed for calculated LVEF (r=0.93; y=0.69x + 13.36 %;
SEE=2.4 %), with a mean difference of −1.7 ± 7.2 %.

4.3.2 Intraobserver Variability

The two independent measurements from the first observer show an excel-
lent correlation for LVEDV (r=1.00; y=0.97x + 4.3 ml; SEE=3.2 ml), LVESV
(r=1.00; y=1.00x − 0.2 ml; SEE=2.3 ml), and LVEF (r=0.99; y=1.04x − 2.4 %;
SEE=1.2 %). The limits of agreement analysis demonstrated a mean differ-
ence of−1.4 ± 6.6 ml for LVEDV,−0.1 ± 4.4 ml for LVESV, and−0.3 ± 2.4 % for
LVEF. No significant difference was present between the two measurements.

4.3.3 Interobserver Variability

The linear regression and limits of agreement calculation for LVEDV, LVESV,
and LVEF from the 3D echocardiographic data by two independent observers
are shown in figure 4.4. These results show a good correlation and only a
small mean difference for LVEDV (r=0.99; y=0.98x + 3.53 ml; SEE=6.0 ml)
and LVESV (r=0.99; y=1.00x + 0.97 ml; SEE=4.5 ml). The results of the lin-
ear regression analysis for LVEF were acceptable (r=0.93; y=0.91x + 3.24 %;
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... [28]Figure 4.3: Relation between 3DE and MRI measurements of LVEDV, LVESV, and LVEF.
The left panels show the regression line between the two methods. Dashed lines delimit 95 %
confidence interval. The right panels show plots of the difference between MRI and 3DE, as a
function of the average calculated volumes. Solid and dashed lines represent mean ± 2SD of the
difference, respectively. (LVEDV: left ventricular end-diastolic volume; LVEF: left ventricular
ejection fraction; LVESV: left ventricular end-systolic volume).
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Figure 4.4: Interobserver variability for 3DE measurements of LVEDV, LVESV, and LVEF.
The left panels show the regression line between measurements obtained by two different
observers. Dashed lines delimit 95 % confidence interval. The right panels show plots of
the differences between both measurements by the two observers as a function of the aver-
age measurement. Solid and dashed lines represent mean ± 2SD of the differences, respec-
tively. (LVEDV: left ventricular end-diastolic volume; LVEF: left ventricular ejection fraction;
LVESV: left ventricular end-systolic volume).
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SEE=2.4 %). The limits of agreement analysis demonstrated a mean differ-
ence of−0.1 ± 11.7 ml for LVEDV, 1.3 ± 8.7 ml for LVESV, and −0.7 ± 4.8 % for
LVEF. No significant difference was present between the two observers.

4.4 Discussion

This study demonstrates that 3DE, with a continuous, fast-rotating ultra-
sound transducer and TomTec 4D LV Analysis software, provides an accurate
method for determination of LV volume and function. This technique allows
the acquisition on data during 10 seconds of suspended respiration, which
makes it clinically feasible. We found a strong overall correlation between
MRI and 3DE in a group of patients with a wide range of LV volumes, who
underwent MRI and 3DE examination on the same day. Further, analysis of
inter- and intraobserver variability also showed a good correlation.

The MRI measurements for LVEDV in our study were higher than those
of 3DE. However, almost all 3DE studies tend to underestimate LV volumes
when compared to MRI [Krenning 2003]. One explanation for this under-
estimation may be a difference in tracing method. TomTec 4D LV Analysis
software requires long-axis images for endocardial border detection, while the
MRI software uses short-axis cross-sections with a disk-summation method
to obtain an LV volume. Using the latter method, a part of the aortic root or
left atrium can be included in the volume of the reconstructed disk in the most
basal cross-section. This error can theoretically be reduced by increasing the
number of disks (and subsequent decrease of slice thickness), resulting in an
increased review time.

Second, the endocardial contour tracing may have an important influence
on volume determination [Mannaerts 2003]. MRI tracings were performed
excluding the trabeculae, while 3DE tracings were performed on the endo-
cardial border, mostly including the trabeculae. During diastole, individual
trabeculae are difficult to visualize due to their small size. In systole, how-
ever, the trabeculae form a compact layer, clearly distinguishable from the
bloodpool. This may explain differences in LVEDV.

In this study, we used seven equidistant long-axis cross-sections for en-
docardial border detection, resulting in a good agreement as compared to
MRI. Several studies calculated the optimal rotational interval for LV volumes
mostly based on endocardial border tracing of short-axis slices of the LV or
intersecting long- and short-axis images [Nosir 2000, Siu 1996]. Tanabe et al.
[1998] showed that as few as 4–6 axial slices can accurately quantify LV vol-
umes using a similar apical rotational technique in nonbeating canine heart
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specimens with irregular shapes. Because currently available software most
often uses long-axis border tracing, further studies are needed to determine
the optimal rotational interval for this tracing method in normal and remod-
eled or asymmetric human ventricles with a low error in volume calculation.
Also, the method described should be compared with available methods used
in daily echocardiographic practice, such as acoustic quantification [Yvorchuk
1994, Perez 1992] and new electronic real-time (matrix) ultrasound systems
[Kuhl 2004, Schmidt 1999, Qin 2000, Lee 2001, Ota 2001]. Theoretically, major
advantages of our system are the availability of all conventional 2D echocar-
diography features (such as harmonic imaging and Doppler capabilities, and
90◦ sector angle imaging) and the compatibility with multiple commercially
available ultrasound systems. Also, new echocardiographic techniques, such
as super-harmonic imaging, may be easier to implement in our transducer
[Bouakaz 2003a].

LV volume and function analysis is the most frequent referral question for
echocardiography. A recent meta-analysis showed that 2DE can only provide
a moderately accurate assessment of LV systolic function [McGowan 2003].
In literature, a 95 % confidence interval for LVEF<±10 % is suggested to be
important in patients with borderline LV dysfunction (LVEF 30–50 %) for
adequate diagnosis and risk stratification. 3DE can serve as an additional
imaging technology for more accurate LVEF assessment in these patients. A
routine 2D examination can then be completed with a fast 3D LV function
analysis.

4.5 Conclusions

The results of this study demonstrate that the fast-rotating transducer in com-
bination with TomTec 4D LV Analysis software provides a dedicated tool for
accurate measurement of LV volume and function.

80



i
i

“3DHEpdf” — 2007/10/9 — 0:02 — page 81 — #93 i
i

i
i

i
i

C
ha

pt
er 5

Left Ventricular Volume Estimation
in Cardiac Three dimensional Ultrasound:

a Semiautomatic
Border Detection Approach

Rotterdam, May 27th, 2002: Setup and volume rendered reconstruction (inset) of a ficus leaf,
recorded with the second prototype of the Fast Rotating Ultrasound Transducer. Successful
recordings and reconstructions can be made of a wi(l)d(e) variety of bodies. It is the accurate
quantification of its characteristics that poses the challenge.
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W propose a semiautomatic endocardial border detection method for three
dimensional (3D) time series of cardiac ultrasound (US) data based on

pattern matching and dynamic programming, operating on two-dimensional
(2D) slices of the 3D plus time data, for the estimation of full cycle left ven-
tricular volume, with minimal user interaction.

The presented method is generally applicable to 3D US data and evalu-
ated on data acquired with the Fast Rotating Ultrasound (FRU-)Transducer,
developed by Erasmus Medical Center (Rotterdam, the Netherlands), a con-
ventional phased-array transducer, rotating at very high speed around its
image axis. The detection is based on endocardial edge pattern matching
using dynamic programming, which is constrained by a 3D plus time shape
model. It is applied to an automatically selected subset of 2D images of the
original data set, for typically 10 equidistant rotation angles and 16 cardiac
phases (160 images). Initialization requires the drawing of four contours
per patient manually. We evaluated this method on 14 patients against MRI
end-diastole and end-systole volumes. Initialization requires the drawing of
four contours per patient manually. We evaluated this method on 14 patients
against MRI end-diastolic (ED) and end-systolic (ES) volumes.

The semiautomatic border detection approach shows good correlations
with MRI ED / ES volumes (r=0.938) and low interobserver variability (y=
1.005x − 16.7 ml, r=0.943) over full-cycle volume estimations. It shows a high
consistency in tracking the user-defined initial borders over space and time.

We show that the ease of the acquisition using the FRU-transducer and the
semiautomatic endocardial border detection method together can provide a
way to quickly estimate the left ventricular volume over the full cardiac cycle
using little user interaction.

Based on:
c© 2005 Association of University Radiologists. Reprinted, with permission,
from: Van Stralen, M., J.G. Bosch, M.M. Voormolen, G. van Burken, B.J.
Krenning, R.-J.M. van Geuns, C.T. Lancée, N. de Jong and J.H.C. Reiber. Left
Ventricular Volume Estimation in Cardiac Three-dimensional Ultrasound: A
Semiautomatic Border Detection Approach. Academic Radiology, 12(10):1241–
1249, 2005.
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5.1 Introduction

For diagnosis of cardiovascular diseases, the volume and ejection fraction of
the left heart chamber are important clinical parameters. Three dimensional
(3D) ultrasound (US) offers good opportunities to visualize the whole left ven-
tricle (LV) over the complete cardiac cycle. 3D US is noninvasive, relatively
cheap, flexible in use, and capable of accurate volume measurements. New,
fast 3D US imaging devices are entering the market and have the potential
of allowing such measurements rapidly, reliably, and in a user-friendly way,
provided that a suitable automated analysis is available. Manual segmenta-
tion of the large data sets is very cumbersome and suffers from inconsistencies
and high variability. On the other hand, the human experts interpretation and
intervention in the detection are often essential for good results. Therefore, a
semiautomatic segmentation approach seems most suitable.

Some methods for segmentation of four-dimensional (4D) echocardio-
graphic images have been published. Angelini et al. [2001] reported on a
wavelet-based approach for 4D echocardiographic image enhancement fol-
lowed by an LV segmentation using standard snakes. Corsi et al. [2002] pre-
sented a level-set-based semiautomatic method. Montagnat and Delingette
[2000] used a two-simplex mesh and a feature detection based on a simple
cylindrical gradient filter. Sanchez-Ortiz et al. [2000] used multiscale fuzzy
clustering for a rough segmentation in two dimensional (2D) longitudinal
slices. B-splines are used for 3D surface fitting in each time frame. These
methods have not been validated successfully on a reasonable data set. The
most practical approach is described by Schreckenberg et al. [1998]. It uses
active surfaces that are controlled by difference-of-boxes operators applied
to averages and variances of the luminance. This technique is implemented
in a commercially available workstation (4D LV Analysis, TomTec Imaging
Systems, Unterschleißheim, Germany). The general experience is that this
technique requires much initialization and corrections and a consistent seg-
mentation is still hard to reach. Recently, Philips presented its new online
quantification tool QLAB (Philips Medical Systems, Best, The Netherlands),
which can be used for semiautomatic 3D volume quantification. However,
technical details or an extensive evaluation of this method has not yet been
published.

We present a new semiautomatic endocardial border detection method for
time series of 3D cardiac US data. Our method is based on pattern matching
and dynamic programming techniques and combines continuity, robustness,
and accuracy in 2D cross sections with the spatial and temporal continuity of
the 4D data. It aims at optimally using a limited amount of user interaction
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Figure 5.1: Fast rotating ultrasound transducer.

(capturing essential information on shape and edge patterns according to the
users interpretation of the US data) to attain a fast, consistent, and precise
segmentation of the LV. The presented method is general and suitable for any
apically acquired 3D set.

5.2 Materials and Methods

5.2.1 Fast Rotating Ultrasound Transducer

We performed this study on a special type of image data acquired with a new
device: the Fast Rotating Ultrasound (FRU-)Transducer (figure 5.1). The trans-
ducer has been developed by the Department of Experimental Echocardiog-
raphy of the Erasmus MC, the Netherlands [Djoa 2000, Voormolen 2006]. It
contains a linear phased-array transducer that is continuously rotated around
its image axis at very high speed, up to 480 rotations per minute (rpm), while
acquiring 2D images. A typical data set is generated during 10 seconds at
360 rpm and 100 frames per second (fps). The images of the LV are acquired
from an apical position, with the transducers rotation axis more or less aligned
with the LV long axis. The analysis assumes that the rotation axis lies within
the LV lumen and inside the mitral ring.

An important advantage of this transducer is that it can be used with
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Figure 5.2: A sequence of seven consecutive FRU images
with curved image planes.

any US machine, because a conventional phased-array transducer is used. It
also acquires relatively high-quality 2D images, compared with matrix-array
transducers used for real-time 3D. Further, no ECG triggering is applied, just
an ECG registration for offline analysis, which allows very quick acquisitions.

As a consequence of the very high continuous rotation speed, the images
have a curved image plane (figure 5.2). During the acquisition, the probe
rotates about 22◦ per image with the typical settings given above. The com-
bination of these curved image planes, and the fact that the acquisition is not
triggered by or synchronized to the ECG signal, results in an irregular distri-
bution over the 3D+t space (three spatial dimensions and time). Therefore, a
single cardiac cycle in general is not sufficient for adequate coverage of the
whole 3D+t space and multiple consecutive heart cycles are merged. The
cardiac phase for each image is computed offline using detected R-peaks in
the ECG [Engelse 1979]. The total set of 2D images, each with cardiac phase
and rotation angle information, can be used for selection of a subset of images
with a regular coverage of the 3D+t space and / or for the generation of a 4D
voxel set. We perform analysis on the prior.

5.2.2 Frame Selection

To achieve adequate coverage of the whole 3D+t space and a convenient
representation of the data for the user, multiple consecutive cardiac cycles are
merged and an optimal subset of the total set of images is selected (figure 5.3).
This subset is an optimal selection of the images on a chosen set of equidistant
rotation angles and cardiac phases, minimizing the total deviation in rotation
angle and cardiac phase. Typically a fixed number of 16 cardiac phases and
10 rotation angles is chosen. For each combination of a chosen cardiac phase
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Figure 5.3: Selected subsets of 2D FRU images in 16 cardiac phases and 10 rotation angles.
Contours are manually drawn in the highlighted images, at two-chamber (2C) and four-chamber
(4C) views.

and rotation angle, the best fitting image should be selected. Moreover, the
variation in acquisition time of the entire subset is minimized to limit possible
motion artifacts that may have occurred during acquisition. A cost function
is defined that represents the mismatch of a certain image to the targeted
rotation angle and cardiac phase, also regarding the image acquisition time.
Minimization of this cost function over all possible subsets results in the
optimal selection and is achieved in an iterative process since costs regarding
the image acquisition time depend on the average acquisition time of the
current subset: changing the subset results in a new cost function that may
result in a new subset again. For a more detailed description of this selection
process, we refer to Van Stralen et al. [2004].

5.2.3 Border Detection Approach

We base our method on the knowledge that the edge patterns of the endo-
cardial border can be complex, very different from patient to patient and
even between regions within an image set. The border position need not
correspond to a strong edge and may be only definable from ‘circumstantial
evidence’ as identified by an expert observer. Rather than applying artifi-
cial, idealized edge models or templates derived from a large training set,
we propose a tracking approach based on edge templates extracted from the
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user-defined initial borders in the patients own images.
The method is based on these continuity assumptions (in order of strength):

1. Border continuity in separate 2D slices of the LV;

2. Spatial continuity of shape and gray value edge patterns over the LV
surface in 3D;

3. Temporal and cyclic motion continuity of the endocardium.

For the FRU-transducer, within the original 2D images, both spatial and tem-
poral distances between neighboring samples are smaller than toward adja-
cent images in angle and phase; therefore, border continuity is supposed to
be strongest here.

The method is initialized from four manually drawn contours, taken from
two roughly perpendicular views (more or less corresponding to two- and
four-chamber cross sections) in two phases: end-diastole (ED) and end-systole
(ES). These are used to initialize a model for the edge patterns near the 3D LV
surface over time and a 3D shape model of the LV endocardial surface over
the entire heart cycle. Both models are inherently 4D and can be polled at any
spatial position and phase.

The actual border detection takes place in individual 2D images from the
selected subset and is an extension of an approach for 2D+t sequences earlier
developed by Bosch et al. [1998]. For each image in the selected subset, an
estimation of the border shape is derived by intersecting the 3D shape model
at the desired cardiac phase, with the (curved) image plane with the desired
rotation angle.

The edge templates are also interpolated for the desired phase and angle.
In the 2D image, a neighborhood of the estimated shape is resampled along
lines perpendicular to the shape estimate. Using a template matching with
the local edge templates, the similarity of each candidate edge point to the
template is calculated. Dynamic programming is applied to find an optimal
continuous border within the restrictions posed by the 3D model. In this way,
the 4D surface and edge pattern models guard the (looser) spatial and tempo-
ral consistency of the detection, while the dynamic programming approach
supplies a continuous and optimal detection locally. The set of detected con-
tours describes the 3D endocardial surface over the whole cardiac cycle from
which LV volumes, ejection fraction, etc. can be computed.
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Figure 5.4: A. The interpolation of the endocardial surface in a cylindrical coordinate system
oriented around the LV long axis (LAX). B. 3D surface model. The LAX estimate (dotted)
and the rotation axis (dashed) are shown, together with the reconstruction of the apex by spline
interpolation (light gray) from two manually drawn contours (solid black). C. The extraction
of a stylized edge pattern from the image.

5.2.4 3D Shape Models

As said, for two cardiac phases (ED and ES), a 3D surface model of the LV
endocardium is constructed from two almost perpendicular contours. During
the acquisition, the rotation axis is more or less aligned with the long axis of
the LV, but in practice there may be a considerable mismatch (figure 5.4B). This
implies that the two image planes do not contain the true apex of the heart,
and estimating the position and shape of the true apex (and the LV long axis)
is a nontrivial issue. The local long axes in the 2D manually drawn contours
are defined as the lines between the midpoint of the mitral valve (MV) and the
2D apex. We estimate the 3D long axis from the local long axes by computing
the intersection of the planes perpendicular to these images through the local
long axis in the image.

The endocardial surface is estimated by expressing the two contours in
a cylindrical coordinate system with respect to the estimated LV long axis,
set up by the radial component r, which represents the distance to the long
axis, and the angle a, which represents the rotation around the long axis. The
endocardial surface is interpolated within this system by applying a Kochanek
spline interpolation [Kochanek 1984] of the radial component over the angle
in planes perpendicular to the long axis (short axis planes). This interpolation
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provides a natural approximation of the ellipsoidal shape of the LV within
these short axis planes.

Because the initial two image planes in ED or ES generally do not intersect
the real apex, the apical cap of the endocardial surface cannot be estimated
simply from the two manually drawn contours within the short axis planes,
as shown in figure 5.4B. Therefore, near the 3D apex we use a spherical
coordinate system oriented around the LV long axis, centered at three-fourths
of its length. The surface is estimated by a Kochanek spline interpolation of
the radial component over the elevation angle for multiple rotation angles.

A contour estimate for any image at a given rotation angle and cardiac
phase can be made by intersecting its curved image plane with the 3D contour
models in ED and ES and then linearly interpolating between the two resulting
‘2D’ contours over cardiac phase to obtain the contour estimate at the desired
cardiac phase.

5.2.5 Edge Pattern Model

The desired edges are tracked over space and time by applying a pattern-
matching approach with edge templates. These edge patterns are derived
from the manually drawn contours and interpolated over the (phase, angle)
space.

The image is resampled clockwise along the manually drawn contour,
on line segments perpendicular to this contour from the inside out. The
gray values on these line segments are smoothed and subsampled to form
a stylized edge pattern for this contour (figure 5.4C). A typical edge pattern
for a single 2D frame is represented by 32 positions along the contour and 5
samples around each edge position.

A linear interpolation over cardiac phase is performed between the edge
patterns in ED and ES. The interpolation over rotation angle is less straight-
forward. Because the character of the edge pattern is strongly related to the
angle between the endocardial border and the US beam and the distance from
the transducer, the pattern changes considerably over the rotation angle, espe-
cially when the angle between the rotation axis and LV long axis is substantial.
For images with rotation angles opposite (≈180◦) to those with the manually
drawn contours, the image appears nearly mirrored and the mirrored (anti-
clockwise) edge pattern is used. For angles in between, the edge patterns are
linearly interpolated.
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Figure 5.5: Contour detection. Left, resampling of the image around the 2D shape estimate.
Center, edge pattern matching and dynamic programming to detect the optimal contour. Right,
detected contour.

5.2.6 Contour Detection

With an estimated edge pattern and contour shape for each image in the
selected subset, we can now detect the individual endocardial borders. In
a neighborhood of the initial contour, the image is resampled into an array
of candidate edge points, by sampling points along scan lines perpendicular
to the contour shape (figure 5.5, left). From the estimated edge pattern for
the image, an edge template for each scan line is extracted. For all nodes
in the array (all candidate edge positions), the sum of absolute differences
with its respective edge template defines the cost of the node. We now use a
dynamic programming approach [Sonka 1999] to find the optimal connective
path through the array of costs (figure 5.5, center). A connective path contains
exactly one node per line, and the positions on consecutive lines cannot differ
more than a predefined sidestep size. Dynamic programming is a well-known
technique that finds the optimal path (the path with the lowest sum of costs)
out of all possible connective paths in an effective manner by calculating
lowest cumulative costs for consecutive layers (lines) while keeping track of
the partial optimal paths. Backtracking from the node with lowest cumulative
cost in the last layer provides the overall optimal path. Contour smoothness
constraints are enforced by applying additional costs for sidestepping during
cumulative cost calculation. To limit the influence of lines with relatively
poor image information, this additional penalty is calculated per line from
the statistics of node costs per line with respect to overall cost statistics, such
that relatively unreliable lines get higher penalties for sidestepping.

For each phase, the detected contours of all angles together constitute a 3D
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Figure 5.6: Detection examples: frames at different (phase No., angle No.) with contours.
Left, four frames with manual contours, respectively 1: ED 2C (1, 1), 2: ES 2C (6, 1), 3: ED
4C (1, 3), 4: ES 4C (6, 3). Right, four frames with detected contours, respectively 5: (8, 2), 6:
(14, 5), 7: (4, 8), 8: (14, 9).

mesh that describes the endocardial surface. We observe the volume of the
LV over the whole cardiac cycle, by calculating the volumes inside the surface
meshes of all selected cardiac phases.

5.2.7 Evaluation

We performed a validation study for this detection method on a group of
14 patients (age, 56 ± 14 years) with different diagnoses of cardiovascular
disease, mostly myocardial infarction but also cardiomyopathy and apical
aneurysm (table 5.1). A transthoracic apical scan was acquired for each patient
using the FRU-transducer, which was connected to a commercially available
US system (Vivid FiVe, GE VingMed Ultrasound, Horten, Norway). Short axis
MRI images (Signa CV/i 1.5 T; GE Healthcare; Milwaukee, WI) were obtained
using a breath-hold cardiac-triggered steady-state free precession sequence
(FIESTA). US and MRI images were acquired on the same day. MRI ED and
ES volumes of these patients were calculated offline by automated tracing
with manual corrections in short-axis images using MASS (Medis Medical
Imaging Systems, Leiden, The Netherlands), independent of the US study.
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Table 5.1: Evaluation.

ED volume (ml) ES volume (ml) N correlation regression
average SD average SD

MRI 209 67 133 69 28 0.938 0.762x + 30.4
US 194 57 127 50
obs. 1 203 56 133 48 224 0.949 1.013x − 17.4
obs. 2 187 63 119 52

Two observers independently performed the US analysis semiautomati-
cally using the presented method. For all patients, subsets of images were
created with P=16 phases and A=10 angles. After establishing equivalent
tracing conventions, the observers individually analyzed all subsets. Read-
ing and converting the data and the automated selection of the subset took 7
minutes per patient on average. After the drawing of the four contours, the
fully automated detection of the other 156 contours took approximately 90
seconds per patient. No contour corrections were allowed afterwards. Some
examples of manual and detected contours are shown in figure 5.6. From
the analyses of both observers, interobserver variabilities of ED / ES volumes,
ejection fraction, and all other volumes were determined, as well as averages
that were correlated to MRI ED and ES volumes.

5.3 Results

Results of 3D US (average of the two observers) versus MRI are shown in table
5.1 and figure 5.7 (left). These show the ED and ES volumes and the corre-
sponding correlation coefficients and regression equations. A Bland-Altman
plot [Bland 1986] of this comparison is shown in figure 5.7 (right). A relative
overestimation of small volumes is shown, as well as an underestimation of
the larger volumes. This could be due to the tracing conventions we applied
to the echocardiographic data, which might be suboptimal for comparison to
MRI data.

A high correlation of r=0.938 was found between MRI and US volumes.
Overall, the MRI volumes were slightly higher. This has been reported in
many studies [Iwase 1997, Buck 1997, Altmann 1997] and can be attributed
to the different tracing conventions (see Discussion). The differences be-
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Figure 5.7: Left, ED / ES volumes US versus MRI. Right, Bland-Altman plot of the difference
in LV volume between the average US observer and MRI in ml.

tween MRI and US volumes were not significant (paired t-test, p=0.068). Ejec-
tion fraction results showed a reasonable difference of 3.3 ± 8.6 % (regression
y=0.493x + 16.6 %, r=0.755).
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Figure 5.8: Left, interobserver variability of full-cycle volumes. Right1, Bland-Altman plot of
the difference in LV volume between the observers in ml.

For the interobserver variability, results are presented in table 5.1 (ED
and ES) and figure 5.8 (right) (full-cycle). For ED and ES volumes only, the
differences were 15.0 ± 21.0 ml (average ± SD) with a regression of y=1.013x
− 17.4 ml (r=0.949). We found similar differences of 15.6 ± 19.3 ml over all
other phases (y=1.005x − 16.7 ml; r=0.943). This difference (ED / ES versus
other phases) was not significant (unpaired t-test, p=0.628). This implies that
the detection does not introduce additional variability / errors with respect to
interobserver differences from the manual contours.

Absolute differences in volumes may seem high, but this is partially due to
the dilated hearts in the set and the consequent high average volumes (average
MRI ED=209 ml). The systematic differences in tracing between observers
were equally reflected in the detected contours, which is encouraging.

5.4 Discussion

5.4.1 Manual Corrections

The method is suitable for effective correction of the detected contours in
2D images other than the initial four, although this was not yet used or
evaluated in this study. A corrected contour will be treated as an additional

1Not included in the original publication.

94



i
i

“3DHEpdf” — 2007/10/9 — 0:02 — page 95 — #107 i
i

i
i

i
i

LV V E  3D U:  S B D A

manual contour and both the edge patterns and shape models will be updated
accordingly, achieving a more specific approximation of the actual shape and
appearance. This results in a new set of shape and edge pattern estimates,
and all remaining images are redetected. In this manner, corrections will
cumulatively lead to a superior global solution.

It is expected that this will further improve the results, although requiring
just little interaction; similar improvements were found with the methods
predecessor for the 2D+t analyses.

5.4.2 Initialization

The method is initialized by drawing four contours manually: two- and four-
chamber views in ED and ES. This method is based on a tracking principle.
It analyzes the expert’s manual input to find corresponding endocardial po-
sitions over the full cardiac cycle in 3D. Consequently, if the expert supplies
different initial contours, this will result in modified shape and edge pattern
models and detections, resulting in different full-cycle volumes. These differ-
ences in the resulting volumes will therefore be proportional to the changes
in the initial contours.

In the frame selection, shape and edge pattern modeling, and the contour
detection, no additional, patient-specific parameters need to be set.

5.4.3 Mitral Valve Tracking

The movement of the mitral valve over the cardiac cycle is not actually de-
tected and assumed to be linear in systole and diastole, although it is generally
known that this movement is highly nonlinear, especially in diastole. A major
improvement in the analysis of full-cycle volumes could therefore be made
using a mitral valve tracking algorithm, for which several approaches are
known.

5.4.4 Validation

The feasibility of measuring LV volumes using 3D US has been extensively
shown [Nosir 1999, Jenkins 2004]. This justifies the development of auto-
mated detection methods for LV volume estimation. For the validation of
such a method, comparison with manually traced contours may be desired.
However, manual 3D US endocardial tracings are highly time consuming and,
moreover, suffer from inconsistency and subjectivity.
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Therefore, we chose to use volumes from manual MRI tracings as a golden
standard in our study. Despite the fact that MRI in general acquires at a
higher image quality, comparison of short axis MRI to long axis 3D US also
has its drawbacks. It is a comparison of different modalities. In MRI, a
high contrast between blood and tissue is imaged, which highlights the blood
between the trabeculae. The outer endocardial contour therefore appears
more pronounced in MRI than in 3D US, where the inner edge of the trabeculae
is the strongest feature. In ES, the difference is minimal because the blood
between the trabeculae is squeezed out. This may result in larger volumes
compared with 3D US [Mannaerts 2003], especially in ED. Another issue in
the comparison to MRI is the difference of the views in which was traced,
namely apical long axis for 3D US versus short axis for MRI. This may lead to
different interpretations.

5.5 Conclusions

We presented a new semiautomatic endocardial border detection method for
4D US data. This method offers fast and reasonably precise automated border
detection with minimal user interaction and very promising results. However,
one should bear in mind that this analysis is only preliminary. Methods have
not yet been optimized and small flaws still exist. In some cases, phase
information was inexact, hampering the model interpolations.

It is expected that an expansion of this method with the possibility to apply
corrections and a potential extension with a mitral valve tracking algorithm
(see Discussion) will further improve the results.

Despite the fact that this method is optimized for data of the FRU-transdu-
cer, the algorithm can be easily adapted to data of other image acquisition
systems, for example, 4D voxel sets. The detection will then be performed in
2D slices through the LV long axis (figure 5.5).
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the Left Ventricular Volume

Using Three Dimensional
Echocardiography:

The Minimal Number of
Equiangular Long-axis Images for

Accurate Quantification of
the Left Ventricular Volume

Rotterdam, June 20th, 2004: A room with a view. The view from my desk over the south of
Rotterdam, with Het Park, the Nieuwe Maas and the Maashaven at the foreground.
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F quantification of the left ventricular volume from three dimensional
echocardiograms a number of cross-sectional images are used. The goal

of this study was to determine the minimum number of long-axis images
necessary for accurate quantification of the left ventricular volume.

A strong correlation was observed between volumes obtained from mag-
netic resonance imaging and three dimensional echocardiography using 16
equiangular images (r=0.99; y=0.95x + 3.3 ml; standard error of the esti-
mate=7.0 ml; N=30). Comparison of these results with random subsets
showed a significant difference for volumes obtained with 4 and 2 equian-
gular images (p<0.005). However, when the subsets were selected to target
the eccentric region of the endocardial border this was only the case for subsets
of two images (p<0.001).

This study demonstrates that accurate left ventricular volume quantifica-
tion can be performed with as little as 8 equiangular long-axis images. By
selecting the correctly oriented image set, this number can even be brought
down to 4, which will further reduce the analysis time.

Based on:
c© 2007 American Society of Echocardiography. Reprinted, with permission,
from: Voormolen, M.M., B.J. Krenning, R.-J.M. van Geuns, J. Borsboom, C.T.
Lancée, F.J. ten Cate, J.R.T.C. Roelandt, A.F.W. van der Steen and N. de Jong.
Efficient Quantification of the Left Ventricular Volume Using 3-Dimensional
Echocardiography: The Minimal Number of Equiangular Long-axis Images
for Accurate Quantification of the Left Ventricular Volume. Journal of The
American Society of Echocardiography, 20(4):373–380, 2007.
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6.1 Introduction

The advantages and usefulness of three dimensional (3D) echocardiography
(3DE) have been demonstrated in numerous studies[Pandian 1994, Roelandt
2000, Belohlavek 1993, Spicer 2000, Salustri 1995]. However, 3DE requires fast
acquisition and processing to become accepted as a practical clinical tool.
Both the fast rotating ultrasound transducer and the recently introduced
second-generation matrix transducers allow rapid acquisition [Voormolen
2006, Von Bardeleben 2004]. However, quantification of the left ventricular
(LV) volume and function is still time-consuming, even with the availability
of advanced semiautomatic analytic software.

Measurement of the LV volume has major diagnostic and prognostic im-
portance [White 1987, Hall 1995]. However, LV volume is currently quanti-
fied by tracing the endocardial border in a number of cross-sectional images,
preferably long-axis images [Rusk 2000]. To limit the analysis time the number
of images to analyze should be minimized. Several groups are also working
on fully automatic quantification but this remains complex [Sanchez-Ortiz
2002, Bosch 2002, Van Stralen 2005, Zagrodsky 2005]. Therefore, the objective
of this study was to determine the minimal number of long-axis images to be
used for accurate quantification of the LV volume.

6.2 Method

6.2.1 Patient Population

After informed consent, 16 men (mean age 55 ± 13 years; range 30–74 years)
with a history of myocardial infarction and various degrees of wall-motion
abnormalities, underwent both a magnetic resonance imaging (MRI) and 3DE
examination. Two patients had dilated ischemic cardiomyopathy. One of
these patients was excluded from the analysis because of incomplete visual-
ization of the LV caused by a large apical aneurysm. The MRI examination
was performed before the 3DE examination and both studies were completed
within 4 hours to ensure comparable hemodynamic conditions. All patients
were in sinus rhythm (mean heart rate 58 ± 13 bpm, range 41–87 bpm).

6.2.2 Echocardiographic Image Acquisition

The 3DE examinations were carried out with the fast rotating ultrasound
transducer (figure 6.1) [Voormolen 2006, Djoa 2000]. It holds a continuously

99



i
i

“3DHEpdf” — 2007/10/9 — 0:02 — page 100 — #112 i
i

i
i

i
i

T D H E

Figure 6.1: Picture of latest prototype of fast rotation ultrasound transducer. Bottom, Original
harmonic B-mode image from bladder phantom recording, in perspective. From sequence, in
which two dimensional image is viewed from different angles, it can be clearly appreciated that
continuous rotation of transducer results in curved shape of recorded images.

rotating 64-element phased array that was custom made (Delft Instruments,
Delft, The Netherlands). The array rotates at a speed between 240 and 480 rpm,
which can be manually set. The transducer, which has a fractional bandwidth
of 86 % with a center frequency of 3.2 MHz, is connected to a system (Vivid 5,
GE VingMed Ultrasound, Horten, Norway). The acquisition time is approxi-
mately 10 seconds.

Patients were studied in the left lateral decubitus position with the trans-
ducer in the apical position and the image axis aligned with the LV long
axis. The image acquisition included several cardiac cycles during a single
end-expiratory breath hold and was made in second harmonic mode with a
transmit frequency of 2 MHz, reception set for 4 MHz, a frame rate of 100
frames/second, and a rotation speed of 360 rpm.
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6.2.3 Processing and Analysis of the Echocardiographic Data

The recorded two dimensional (2D) images cannot be directly processed by
the quantification software because of their curved shape, resulting from the
continuous rotation of the transducer (figure 6.1). Therefore, a time series of
3D data sets is reconstructed from the 2D images using the simultaneously
recorded electrocardiogram and the applied rotation speed as a reference. To
obtain an adequate spatial sampling density in each 3D data set, images from
multiple cardiac cycles were used for the reconstruction [Voormolen 2006].
Each cardiac cycle was divided into 12 equal time intervals and the images
from corresponding intervals were used to reconstruct 12 time-sequential 3D
data sets. For quantification, the 3D data sets were then resliced into 16 plane
long-axis images at equiangular intervals of 11.25 degrees randomly oriented
around the imaging axis.

Semiautomated contour detection of the resliced images was performed
with analysis software (4D LV Analysis, TomTec Imaging Systems, Unter-
schleißheim, Germany). These contours were used to construct a dynamic
surface-rendered LV volume and to calculate a time-volume curve (figure
6.2). From the 12 traced time-sequential LV volumes, only the results from
the volumes at the end-diastolic and end-systolic moment were used. Subse-
quently, the number of equiangular long-axis images was varied from 16 to 8,
4, and 2 images, to find the minimal number of images for accurate LV volume
measurement. As pointed out by Takemoto et al. [2003] in a biplane study, it
is beneficial for the quantification to target the eccentric region of the endocar-
dial border with an image used for analysis. To test this effect, both random
and selected equiangular long-axis image sets were investigated (figure 6.31).
Selection of the selected subsets was based on the most eccentric point on
the endocardial border. For illustrative purposes the LV end-diastolic and
end-systolic volumes were also determined using the standard 2D methods:
the single plane area length method and the disk summation method [Schiller
1989].

6.2.4 MRI

Acquisition, Processing, and Analysis All patients were studied in a whole
body MRI system (Signa CV/i 1.5 T, General Electric, Milwaukee, Wisconsin,
USA) with an amplitude of 40mTm−1 and a slew rate of 150Tm−1s−1. The
patients were in a supine position and a 4-channel quadrature body phased-
array coil was placed over the thorax. For quantification, approximately 10

1Not included in the original publication.
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Figure 6.2: B. Resliced image with traced contour and its position in respect to the LV (grey
plane). A and C. Resulting surface-rendered end-diastolic volume (EDV) and end-stystolic
volume (ESV). D. Corresponding time-volume curve. From the time-volume curve, EDV and
ESV are derived.
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Figure 6.3: A set of equi-angular long axis images is resliced from the recorded volume. By
simply reducing the number of images, random subsets are obtained. The alternative subsets
are used when selection is based on their orientation.

to 12 cine short-axis series (slice thickness 8 mm, gap 2 mm) covering the
heart from base to apex were acquired. Images were recorded using a breath
hold cardiac triggered steady-state free precession sequence with a temporal
resolution and time to echo of 3.5 and 1.3 milliseconds, respectively, and a
flip angle of 45 degrees. Additional imaging parameters were: a field of view
of 340 × 255 mm, a matrix of 160 × 128, and a temporal resolution of 28
milliseconds. The whole protocol was within 30 minutes.

Quantitative analysis was performed using standardized software (Mass-
Plus, General Electric, Milwaukee, Wisconsin, USA). With this software en-
docardial contours were semiautomatically traced on all end-diastolic and
end-systolic images to calculate the LV volumes and ejection fraction using
the disk summation method. An investigator blinded to the 3DE data re-
viewed the automated tracings.
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Figure 6.4: Regression and limit of agreement results from the comparison of left ventricular
volumes obtained from magnetic resonance imaging (MRI) and three dimensional echocardio-
graphy (3DE), using 16 equiangular long-axis images. Left, regression line between the two
methods. Dashed lines delimit the 95 % prediction interval. Right, scatter plot of the difference
between MRI and 3DE as function of the average volume. Solid and dashed lines depict the
mean and two times SD of the difference, respectively.

6.2.5 Statistical Analysis

MRI and 3DE results from the full set of 16 long-axis images were compared
using the paired t-test, regression and agreement analysis [Bland 1986]. The
results from the full image set were used as a reference for the various subsets
to avoid the influence of the variance from the MRI results on the comparison
[Gopal 1992]. A repeated measures analysis of variance was used to assess
the differences between the results from the full image set and the random
8, 4, and 2 subsets. The results from the 2D quantification methods were not
included in the analysis of variance for reasons of unequal variance. Post
hoc testing was performed with the paired t-test. Ultimately, regression and
agreement analysis was used to explore the echocardiographic data. All data
was tested for normality with the Shapiro-Wilk test (SPSS 11.0.1, SPSS Inc.,
Chicago, Illinois, USA). A probability level of p less than .05 was considered
significant.
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Table 6.1: Regression and post hoc test results from the comparison between three dimen-
sional echocardiographic left ventricular volumes obtained from 16 long-axis images and those
obtained with fewer images.

no. of images r y (ml) LoA (ml) SEE (ml) paired t-test

8 1.00 1.01x − 1.5 0.6 ± 7.2 3.6 NS
4 (selected) 1.00 1.03x − 6.9 1.5 ± 12 5.5 NS
4 (random) 1.00 0.94x + 5.5 3.4 ± 12 4.3 p<0.005
2 0.99 0.82x − 5.4 34 ± 30 8.4 p<0.001
2 (DS) 0.89 0.70x + 41 6.0 ± 65 26 NS
1 (SPAL) 0.80 0.61x + 63 −0.8 ± 83 32 NS

DS: disk summation method; LoA: limits of agreement expressed as the mean difference and
2SD; NS: not significant; SEE, standard error of the estimate (or residual SD); SPAL: single plane
area length method.

6.3 Results

The Shapiro-Wilk test for normality was not significant, indicating that the
data did not significantly deviate from the normal distribution. LV volume
measurements ranged from 62 to 323 ml for MRI and from 66 to 323 ml for 3DE
when 16 long-axis images were included (p<0.005). Results of the regression
and agreement analysis from the full image set and MRI are shown in figure
6.4. A good correlation was observed between MRI and 3DE with 16 long-axis
images (r=0.99; y=0.95x + 3.3 ml; standard error of the estimate=7.0 ml). The
agreement analysis demonstrated a mean difference of 5.2 ± 15.7 ml.

The repeated measures analysis of variance revealed a significant dif-
ference over the number of random long-axis images used for LV volume
quantification (F=133, p<0.001). Table 6.1 gives an overview of the compar-
ison results when volumes obtained from randomly chosen subsets of 8, 4,
and 2 images were compared with those from the full set of 16 images. Only
volumes from the subset of 8 images appeared to be not significantly different
from those of the full image set (p<0.001) (table 6.1 and figure 6.5).

When the selected subsets of 4 images were used the LV volumes were
no longer significantly different from those of the full image set (table 6.1).
An improvement in the slope of the regression and the mean difference was
observed. Figure 6.6 shows an example of the effect on the volume quan-
tification when images were selected using the most eccentric point on the
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Figure 6.5: Differences between left ventricular volumes obtained with the full set of 16
equiangular long-axis images (V16) and the various subsets. DS: Disc summation method;
SPAL: single plane area length method; 4R: 4 random equiangular long-axis images; 4S: 4
selected equiangular long-axis image; *: results that deviated significantly from those of full
image set (p<0.001).

endocardial border. The resulting surface-rendered volume from the selected
subset of 4 images was improved compared with the result of the random
subset of 4 images.

6.4 Discussion

This study shows that accurate LV volume quantification can be performed
using analysis of 8 equiangular long-axis images. By selecting the correctly
oriented image set, using the most eccentric point on the endocardial border,
the number of images to be analyzed can be brought down to 4. With a
limit of agreement interval of 15.7 ml and a standard error of the estimate of
7.0 ml our method performs better than the methods of several similar studies
[Iwase 1997, Mannaerts 2003, Kuhl 2004]. In accordance with these studies,
MRI-derived volumes were significantly higher than those from 3DE. An
explanation for this overestimation is likely caused by differences between the
tracing methods. The analysis software (TomTec Imaging Systems) requires
long-axis images for endocardial border detection, whereas the MRI software
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Figure 6.6: A and B. Surface-rendered example of left ventricular volume measurement results
from full set of 16 equiangular long-axis images (light wire frame) and 4 random equiangular
images (dark solid surface). A. The gap between both results around the most eccentric point
(MEP) can be clearly appreciated. B. When 4 long-axis images were selected in respect to MEP,
the difference with full image set is negligible. C. Long- and short-axis view at angle and level
of the MEP. D and E. Solid, dashed, and dotted curves depict analysis result from 16, 4 random,
and 4 selected images, respectively. D. The thin dashed and dotted lines depict the orientation of
4 equiangular long-axis images from random and selected image sets, respectively. IA, Imaging
axis.
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Table 6.2: Results from related studies including the results from this study.

author subject ref. method range (ml)

Voormolen 15 patients MRI 62–323
(this study) echo (16 images) 66–323

MRI 62–323
echo (16 images) 66–323

Nixorff, 2005 16 latex models actual volume 56–303
Teupe, 2001 12 fixed porcine models actual volume 5–149

8 aneurysmal . . . actual volume 9–40
Kühl, 2000 24 patients echo (60/90 images) unknown
Nosir, 2000 5 volunteers and MRI 218 ± 98 (LVEDV)

16 patients 154 ± 98 (LVESV)
Nguyen, 1999 9 volunteers and 6 pts. echo (±17 images) 36–433
Yao, 1999 3 volunteers and 7 pts. echo (90 images) 119±23 and 74±21
Danias, 1998 41 patients MRI unknown (LVEDV)

unknown (LVESV)
Tanabe, 1998 6 excised canine models actual volume 29–105
Krebs, 1996 7 silicon rubber models actual volume 165–265
Siu, 1996 10 open chest actual volume 14–85 (LVEDV)

canine models 4–73 (LVESV)
Aakhus, 1994 18 latex balloons actual volume 32–349
Weiss, 1983 5 isolated canine models actual volume 9.4–45

LoA: limits of agreement expressed as mean difference (reference minus investigated method)
and 2SD; LVEDV: left ventricular (LV) end-diastolic volume; LVESV: LV end-systolic volume;
MRI: magnetic resonance imaging; SEE: standard error of the estimate (or residual SD).

uses short-axis images for the disk summation method. With this method
part of the aortic root, left atrium, or both is included in the most basal disk.

In addition, a slight increase of the difference between 3DE and MRI as a
function of the ventricular volume can be observed in figure 6.4. The relation
is, however, weak and the sample size of this study is too small to investigate
this suggested effect. Nevertheless, a possible explanation might be a differ-
ent manifestation of the trabeculae in end diastole and end systole. Where
the trabeculae will form a compact layer in end systole, individual trabeculae
can be identified during end diastole, forming an irregular, undulated surface
[Mannaerts 2003]. As MRI shows the blood between the trabeculae, the ob-
server will be inclined to include the trabeculae while tracing the end-diastolic
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Table 6.2: (continued)

no. of images r LoA (ml) SEE (ml) author (duplicate)

8 (long axis) 0.99 5.8 ± 20 9.3 Voormolen
idem. 1.00 0.63 ± 7.2 3.6 (this study)

4 (long axis) 0.99 6.6 ± 19 9.7
idem. 1.00 1.5 ± 12 5.5

6 ± 2 (short axis) 1.00 1.0 ± 7.5 unknown Nixorff, 2005
3 (long axis) 0.99 −1.8 ± 17 7.1 Teupe, 2001
3 (long axis) 0.95 2.7 ± 7.5 3.1
9(long axis) 0.99 0.2 ± 8.2 4.9 Kühl, 2000

11 (long axis) 0.98 3.1 ± 38 unknown Nosir, 2000
idem. 0.99 0.8 ± 29 unknown

5 (short and long axis) unknown 2 ± 12 5.1 Nguyen, 1999
12 (long axis) 0.97 6.3 ± 16 8.5 Yao, 1999
10 (short and 0.97 −0.4 ± 18 unknown Danias, 1998

long axis) 0.99 −0.2 ± 18 unknown
4 or 6 (long axis) 0.99 −0.5 ± 7.4 3.3 Tanabe, 1998

9 (long axis) unknown unknown unknown Krebs, 1996
8–12 (short and 0.96 0.65 8.9 4.4 Siu, 1996

long axis) 0.97 −0.33 ± 7.4 4.0
3 (long axis) 1.00 3.0 ± 7.2 3.7 Aakhus, 1994
4 (short axis) 0.94 2.4 ± 4.2 3.3 Weiss, 1983

endocardial border. In 3DE images, the inner tissue-to-blood transitions of
the trabeculae cause relatively strong reflections and the observer will be in-
clined to trace within the trabeculae, (partly) excluding them. This might
have caused the increased discrepancies for the larger LV volumes, which
will mostly consist of end-diastolic volume.

The superiority of 3DE for LV volume quantification as compared with
2D methods, as a result of the absence of geometric assumptions, has been
demonstrated [Buck 1997]. However, the results were mostly obtained with
large numbers of cross-sectional images [Nosir 2000]. Only a few studies
have focused on the number of cross-sectional images needed for accurate LV
volume quantification. Table 6.2 shows a complete overview of these stud-
ies. Two patient studies, listed in table 6.2, also used MRI as the reference
method. Nosir et al. [2000] performed worse than this study using twice the
number of long-axis images. Danias et al. [1998] showed comparable results
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with slightly more short- and long-axis images. In the other patient stud-
ies echocardiography was used as the reference method. Kuhl et al. [2000]
performed slightly better than this study but used transesophageal echocar-
diography and twice the number of long-axis images. Nguyen et al. [1999]
found comparable results using the same number of short- and long-axis im-
ages. However, these results were obtained with additional information about
the apex, mitral valve, and aortic valve from a set of 17 images. Yao et al.
[1999] showed worse results with 3 times the number of long-axis images. The
results from these patient studies, therefore, support our conclusion that LV
volumes can be accurately determined using 4 equiangular long-axis images
in combination with prior information about their orientation. In addition,
4 of the 6 nonpatient studies presented in table 6.2 claim accurate volume
measurement with 3 or 4 images [Teupe 2001, Tanabe 1998, Siu 1996, Weiss
1983]. The volume range of these studies was 3 times smaller than in our
study, which explains the slightly better results. In the two in vitro studies
for which this was not the case static balloons and latex models were used
[Nixdorff 2005, Aakhus 1994]. Unfortunately, the study of Krebs et al. [1996]
can not be discussed because no comparable data were presented.

This study shows an improvement of the LV volume measurement when
4 equiangular long-axis images are selected in respect to the most eccentric
point on the endocardial border. Eccentricity of the endocardial border in
the images used for analysis can occur as a result of inherent asymmetry of
the LV after myocardial infarct or as a result of a misalignment between the
imaging axis and the LV axis [Takemoto 2003]. The latter suggests that it is
best to align the imaging axis with the LV axis to reduce the eccentricity of
the endocardial border in the images to analyze. Unfortunately, with most
patients the position that offers the best alignment of both axes is not the
position that provides the best acoustic window. This can be remedied by
reslicing the recorded data set along the ventricular axis. However, for this
alternative approach the ventricular axis has to be determined before the data
set can be resliced, which requires additional analysis efforts.

6.5 Conclusions

This study demonstrates that accurate LV volume quantification is possi-
ble with 8 randomly selected equiangular long-axis images. Based on prior
information about the orientation of the recorded images in respect to the
endocardial border, a selection of 4 long-axis images can also be used. The
combination of short acquisition times, advanced quantification software, and
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the general advantages of echocardiography make 3D echocardiography suit-
able for rapid determination of the LV function in the daily clinical practice.
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T effects of hemodialysis (HD) on left ventricular (LV) function have been
studied by various echocardiographic techniques (M-mode, 2D echocar-

diography). These studies are hampered by a low accuracy of measurements
because of geometric assumptions regarding LV shape. Three dimensional
echocardiography (3DE) overcomes this limitation.

We tested the feasibility of 3DE assessment of LV function during HD.
Conventional biplane Simpson rule (BSR) and single plane area length method
(SPM) for LV function analysis were used as a reference.

12 HD patients were studied and in 10 (83 %) a total of 80 3D datasets
were acquired. In 3 patients, one dataset (4 %) was of insufficient quality
and excluded from analysis. Correlation between SPM, BSR and 3DE for cal-
culation of end-diastolic (EDV, r=0.89 and r=0.92, respectively), end-systolic
volume (ESV, r=0.92 and r=0.93, respectively) and for ejection fraction (EF,
r=0.90 and r=0.88, respectively) was moderate. Limits-of-agreement results
for EDV and ESV were poor with confidence intervals larger than 30 ml. Both
2DE methods underestimated end-diastolic and end-systolic volume, while
overestimating ejection fraction.

3DE is feasible for image acquisition during HD, which opens the pos-
sibility for accurate and reproducible measurement of LV function during
HD. This may improve the assessment of the acute effect of HD on LV per-
formance, and guide therapeutic strategies aimed at preventing intradialytic
hypotension.

Based on:
c© 2007 Karger. Reprinted, with permission, from: Krenning, B.J., M.M. Voor-
molen, M.L. Geleijnse, A.F.W. van der Steen, F.J. ten Cate, E.H.Y. Ie and J.R.T.C.
Roelandt. Three-Dimensional Echocardiographic Analysis of Left Ventricular
Function during Hemodialysis. Nephron Clinical Practice, 107(2):c43–c49, 2007.
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7.1 Introduction

Intradialytic hypotension is an important complication of hemodialysis (HD).
Although its pathogenesis is not completely understood, it is clear that the
decrease in blood volume due to ultrafiltration is the most important initiating
factor. Hypotension results from a decreased product of stroke volume (SV),
heart rate (HR) and systemic vascular resistance. The continuing volume
withdrawal during HD is a hemodynamic challenge which may lead to an
inability to generate sufficient cardiac output (CO). However, there is a large
inter- and intraindividual variability regarding the incidence of intradialytic
hypotension. Therefore, to better understand the interplay between progres-
sive volume withdrawal and changes in LV performance during HD, studies
have been conducted using various echocardiographic techniques, including
M-mode echocardiography [Chaignon 1982, Cohen 1979], two dimensional
echocardiography (2DE) [Bornstein 1983, Zoccali 2004] and Doppler imaging
[Gupta 1993, Galetta 2006, Ie 2003]. Nevertheless, the acute effect of HD on
cardiac function remains poorly understood, due to conflicting results. A
number of factors influence cardiac function measurements, such as load-
ing conditions [Ie 2003, Tomson 1990]. Earlier LV performance studies may
have been hampered by a low accuracy of measurements. M-mode and 2D
echocardiography are limited by geometric assumptions as to volume and
function calculation. Three dimensional echocardiography (3DE) overcomes
this limitation, and has recently become a feasible method for rapid and ac-
curate measurement of LV function in a clinical rather than research setting
[Monaghan 2006]. In this study, we therefore evaluate the feasibility of 3DE
assessment of LV function during HD. Also, we compared our 3D results with
conventional 2D methods for LV function analysis.

7.2 Methods

7.2.1 Patients

Twelve patients on chronic intermittent HD entered the study. Two patients
were excluded because of insufficient 3D echocardiographic image quality.
The remaining 10 patients had a mean age of 56 ± 15 years. All patients
were in sinus rhythm and were dialyzed three times a week according to a
standard dialysis program, which had been unchanged for three months or
longer. No medication was discontinued for this study. Four patients had a
history of cardiac disease (2 coronary interventions, 1 myocardial infarction,
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1 angina pectoris). The mean heart rate (± standard deviation, SD) during
echocardiographic examination was 68 ± 10 bpm. All patients gave informed
verbal consent.

7.2.2 Hemodialysis

All dialysis treatments used Fresenius 4008 machines (Fresenius Medical Care,
Bad Homburg, Germany), biocompatible membranes (Hemophane or Poly-
sulphone) and bicarbonate-buffered dialysate (Fresenius Medical Care SK-
F213). The duration of the dialysis procedure was 4 h in all patients. During
the first 30 min patients were connected to the dialysis machine with only
blood flow (recirculation) but no HD or ultrafiltration (UF) taking place. The
mean amount of fluid withdrawn was 2617 ± 1088 ml.

7.2.3 Three Dimensional Echocardiography

We used a new prototype transthoracic, fast-rotating 64-element array trans-
ducer with a center frequency of 3 MHz. Technical aspects have been de-
scribed elsewhere [Voormolen 2006]. In short, this transducer features the
capability of second harmonic imaging and continuously rotates around its
central axis with a maximum rotation speed of 480 rotations per minute. The
transducer is connected to a commercially available ultrasound system (Vivid
5, GE VingMed Ultrasound, Horton, Norway). A validation study using car-
diac magnetic resonance imaging as a reference showed a strong correlation
and good inter- and intra-observer agreement [Krenning 2006].

7.2.4 Image Acquisition

3DE was performed before HD, 5 minutes after patient connection to the HD
system, during recirculation without UF (after 30 minutes), every hour during
HD with UF, and 15 minutes after HD. In total, 8 acquisitions were performed
in each patient. Patients were studied in a partial left lateral decubitus position
during HD. The transducer was placed in the apical position with the image
plane rotating around the LV long axis. The depth settings were adjusted to
visualize the entire LV and part of the left atrium. Gain and power settings
were optimized for endocardial border visualization. The image acquisition
was made, in second harmonic imaging mode (transmit frequency: 2 MHz)
during a single end-expiratory breath hold of approximately 10 seconds and
the ECG was simultaneously recorded for the 3D reconstruction process.
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7.2.5 Three Dimensional Image Processing and Analysis

Imaging processing and analysis was performed as previously described
[Krenning 2006]. Image data were transferred via a network connection to a
dedicated PC for processing and analysis. With custom designed software,
based on MatLab (The MathWorks, Natick, Massachusetts, USA), the original
2D images are post-processed into 3D datasets. Subsequently, TomTec 4D LV
Analysis software (TomTec Imaging Systems, Unterschleißheim, Germany)
was used for further analysis. Eight equidistant cross-sectional image planes
were used for analysis. The orientation of these images in 3D space was deter-
mined by manually marking the mitral valve, aortic root and apex. Contrast
and gain settings were adjusted for optimal endocardial border visualization.
Subsequently, the software automatically performed endocardial border de-
tection in all images. One investigator verified the results from the automated
border detection and corrected if necessary.

The analysis program displays a reconstruction of the LV as a dynamic
surface rendered image, in which LV wall motion is shown in three dimen-
sions (figure 7.1). From an automatically plotted volume-time curve, LV
end-diastolic (EDV) and end-systolic volume (ESV) was determined by the
maximal and minimal volume and ejection fraction (EF) was calculated.

7.2.6 Two Dimensional Image Processing and Analysis

From the 3D dataset, two perpendicular images were extracted representing
the apical 2D four- and two-chamber views. Manual endocardial border
delineation was performed with MatLab using custom designed software.
Two common algorithms for 2DE ventricular volume calculation were used, as
recommended by the American Society of Echocardiography [Schiller 1989]:

1. The disc summation method or biplane Simpson rule (BSR), based on
orthogonal planes from apical two- and four-chamber views. Volumes
were computed using the formulation:

V =
π
4

20∑
i=1

aibi
L
20

(7.1)

Where V is the LV volume, a and b represent the diameters of the discs and
L is the cavity length (see figure 7.2).

2. The single plane area length method by calculation of LV end-diastolic and
end-systolic volumes and ejection fractions from the four-chamber view.
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Figure 7.1: A. The LV is divided into 8 equidistant cross-sectional images which are used
for contour analysis. B. An original image of an apical long axis view during fast rotation.
Reconstruction of the LV in end diastole (C), and end systole (D).

Volumes were computed using the formulation (figure 7.2):

V = 0.85
A2

L
(7.2)

Where V is the LV volume, A is the cavity area and L is the cavity length
(see figure 7.2).

7.2.7 Inter- and Intra-Observer Variability

To assess inter-observer variability for 2DE, the first two acquisitions of each
patient were independently analyzed by another observer blinded to previous
results. For assessment of intra-observer variability, the first observer repeated
analysis in a random order. Both were blinded to 3DE results. Data on
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Figure 7.2: Top, Biplane Simpson rule for calculating LV volume, based on orthogonal planes
from apical 2- and 4-chamber view. Bottom, Single plane area length method, based on a single
apical view. c© 1989 American Society of Echocardiography. Reprinted, with permission, from
Schiller et al. [1989].

inter- and intra-observer variability for 3DE were available from a previous
validation study [Krenning 2006].

7.2.8 Statistical Analysis

Results for EDV, ESV and EF are represented as mean and SD. Data was tested
for normality with the Shapiro-Wilk test. A repeated- measures ANOVA was
used for analysis of differences within the variations. Post-hoc testing was
performed with the paired t-test. Regression and limits of agreement analysis
was performed for 3DE and 2DE measurements according to the method
of Bland et al. [1986]. Results for inter- and intra-observer variations are
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Table 7.1: Results of regression analysis and Bland-Altman analysis comparing LV volume
and function with 3DE and 2DE methods (see text for details).

single plane method r y SEE LoA paired t-test

EDV (ml) 0.89 0.88x − 0.86 23.12 −16.2 ± 22.7 <0.05
ESV (ml) 0.92 0.80x + 1.33 15.43 −15.3 ± 16.7 <0.02
EF (%) 0.90 0.93x + 5.55 4.87 3.1 ± 4.6 NS

biplane Simpson r y SEE LoA paired t-test

EDV (ml) 0.92 0.85x − 3.04 18.91 −21.9 ± 19.4 <0.01
ESV (ml) 0.93 0.82x − 1.57 14.20 −16.8 ± 15.4 <0.01
EF (%) 0.88 0.92x + 4.60 5.27 1.7 ± 5.0 NS

LoA: limits of agreement expressed as mean difference ± 2SD; SEE: standard error of the estimate
(or residual SD); NS: not significant.

represented as mean ± SD for the difference between the two measurements.
p<0.05 was considered to be significant.

7.3 Results

Successful image acquisition was achieved in 10 out of 12 patients (83 %).
A total of 80 3D datasets were acquired in these 10 patients. In 3 patients,
one dataset (4 %) was of insufficient quality and excluded from analysis.
One patient suffered from symptomatic hypotension during HD, although
no intervention was required. The time for data analysis averaged 15 ± 5
minutes per 3D dataset.

The test for normality was not significant, indicating that the data did
not significantly deviate from the normal distribution. Repeated measures
ANOVA showed a significant difference between the measurement methods
(F=10.5; p<0.02) but no significant difference between the moment of mea-
surement (F=0.57, p<0.78). Because a significant effect in time was not found,
the data was averaged for further analysis.

Correlation between the 2DE methods and 3DE for EDV (r=0.92), ESV
(r=0.93) and EF (r=0.90) was moderate (figure 7.3). However, the limits-of-
agreement between methods for EDV and ESV were poor with confidence
intervals all larger than 30 ml (table 7.1). ANOVA analysis for EDV, ESV and
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Figure 7.3: Relation between 3DE and 2DE measurements of EDV, ESV, and EF. The left
panels show the regression analysis between the two methods. Dashed lines delimit 95 %
confidence interval. N, solid line: biplane Simpson method; ◦, dashed line: single plane area
length method. The right panels show plots of the difference between 3DE and 2DE, as a
function of the average calculated volumes. Solid and dashed lines represent mean ± 2SD of
the difference, respectively. EDV: left ventricular end-diastolic volume; EF: left ventricular
ejection fraction; ESV: left ventricular end-systolic volume.
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EF showed significant differences between the different measurement meth-
ods (F=8.4, p<0.005). Post-hoc testing showed that both 2DE methods signifi-
cantly underestimated EDV and ESV compared to 3DE. Limits-of-agreement
analysis for EF showed an overestimation for both 2DE methods. However,
these differences were not significant compared to 3DE.

7.3.1 Inter- and Intra-Observer Variability

The limits of agreement analysis of 3DE data from measurements performed
by the first observer showed a mean difference of −1.4 ± 6.6 ml for EDV,
−0.1 ± 4.4 ml for ESV and −0.3 ± 2.4 % for EF. For 2DE using SPM, the re-
sults were −1.2 ± 11.4 ml, −3.2 ± 16.0 ml and 1.6 ± 10.6 %, respectively. For
2DE using BSR, the results were 3.9 ± 13.9 ml, 1.7 ± 15.2 ml and 0 ± 10.5 %,
respectively.

The limits of agreement analysis demonstrated a mean difference of −0.1
± 11.7 ml for LVEDV, 1.3 ± 8.7 ml for LVESV and −0.7 ± 4.8 % for LVEF, for
3DE data by two independent observers. For 2DE using SPM, the results were
0.3 ± 8.1 ml, −10.6 ± 22.3 ml and 7.1 ± 14 %, respectively. For 2DE using BSR,
the results were −3.4 ± 14.7 ml, −2.5 ± 16.4 ml and 1.0 ± 10.3 %, respectively.

7.4 Discussion

This study demonstrates that image acquisition using 3DE is feasible for accu-
rate evaluation of LV function in patients during HD. Previous studies showed
that 3DE calculates LV volume with a precision comparable to cardiac mag-
netic resonance imaging [Krenning 2006, Gutierrez-Chico 2005, Corsi 2005].
While both techniques are superior to 2DE, magnetic resonance imaging is
not feasible during HD. Tissue Doppler imaging (TDI), a newer Doppler tech-
nique advocated as less load-dependent [Sharma 2006, Barberato 2004], can
be used during HD [Ie 2006]. TDI primarily yields information on myocar-
dial contraction and relaxation, but is less used for assessment of overall LV
performance, which is usually expressed using the well-known parameters
SV and ejection fraction.

The large interval between the limits of agreement and the underestima-
tion of LV volume by 2DE are in line with previous reports [Krenning 2006,
Jenkins 2004]. 2DE calculations of LV function using the disc-summation
method is based on the assumption that a ventricle can be represented by
a series of stacked elliptic discs of varying diameters. In patients with re-
gional wall motion abnormalities and deformed ventricles, this assumption
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may be unjustified and result in an inaccurate and poor reproducibility of
2DE measurements. Using 3DE, however, no assumption is made about the
shape of the LV, and LV volume is calculated from a much greater set of data.
Therefore, 2DE should be used with caution for LV function analysis when
relatively small differences in LV volume are expected, as during HD. When
more image planes are used for LV volume calculation, as in 3DE, an increase
in accuracy is observed. Previous studies suggested that at least four to eight
image planes are necessary to accurately represent the ventricular volume
[Tanabe 1998, Siu 1996]. Nosir et al. [2000] showed that a 1 % change in LV
volume can be observed with a 90 % likelihood when 8 image planes are used.

To our knowledge, this is the first study to use 3DE during HD. Only one
study used 3DE in HD patients for LV function determination [Fathi 2003].
However, this study was not performed in the HD department. Accurately as-
sessing the changes in LV volumes during HD can result in a better insight into
the development of dialysis hypotension. Especially the role of the so-called
Bezold-Jarisch reflex, which leads to bradycardiac hypotension believed to be
triggered by a severely underfilled LV, is not well understood. Monitoring
changes in LV filling may help predicting the onset of hypotension, and may
guide therapeutic strategies such as ultrafiltration profiling. Additionally,
more reproducible assessment of LV volumes, function and mass helps car-
diovascular risk stratification, which is important not only for managing the
dialysis population but also for the work-up of renal transplant candidates
among dialysis patients.

Our study is limited by the small number of patients. However, this study
was not designed to determine the effect of a single HD session on LV perfor-
mance. During image acquisition, a partial left lateral decubitus position and
10 seconds breath-hold were required. This was well-tolerated by the HD pa-
tients in our study. 3DE relies on achieving good endocardial border definition
which depends on various factors. As patients in the HD department cannot
be positioned in the most optimal way as they are in the echocardiography
department (because of interference with blood lines, absence of examination
table), this could hamper optimal image quality. Although effort was required
by patient and ultrasonographist, we could acquire sufficient image quality
in 80 % of patients. In only 3 patients was a single acquisition of insuffi-
cient quality. Previous studies have shown an improvement in image quality
[Kasprzak 1999] and, subsequently, smaller limits of agreement in inter- and
intra-observer variability when intravenous ultrasound contrast agents are
used [Yu 2000, Malm 2004]. Further studies are necessary to evaluate the
feasibility thereof in this patient population.
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7.5 Conclusion

We conclude that successful image acquisition for 3DE is feasible for accurate
and reproducible measurement of LV function during HD. This may improve
the assessment of the acute effect of HD on cardiac function, and guide ther-
apeutic strategies aimed at preventing intra-dialytic hypotension.
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3D Contrast Harmonic Echocardiography

Rotterdam, January 26th–27th, 2006: Of all the symposia that I have attended in the last six
years, the annual European Symposium on Ultrasound Contrast Imaging have certainly been
the most enjoyable ones. I have met a considerable amount of like-minded people, from which
some became real friends. As a consequence the late hours of this symposium are spend
drinking Oude Jenever with the usual suspects.
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F acquisition and reconstruction is required for 3D-echocardiography to
be applicable and accepted as a clinical tool. We developed a fast rotating

phased array transducer for 3D-imaging of the heart with harmonic capabil-
ities making it highly suitable for contrast imaging. In this study the feasi-
bility of 3D harmonic contrast imaging was evaluated in-vitro and in-vivo.
This goal is pursued because improved endocardial border delineation with
the application of contrast agents should allow for less complex and faster
quantification algorithms.

A commercially available tissue mimicking flow phantom was used in
combination with Optison microbubbles. Backscatter power spectra from a
tissue and contrast regions of interest were calculated from recorded radio
frequency data. The spectra and the extracted contrast to tissue ratio from
these spectra were used to optimize the excitation frequency, the pulse length
and the receive filter settings for the transducer. Frequencies ranging from 1.6
to 2.5 MHz and pulse lengths of 1.5 and 2.5 cycles were explored.

An increase of 8 dB in the contrast to tissue ratio was found at the second
harmonic compared to the fundamental frequency. This was found for an
optimal transmit frequency of 1.74 MHz and an optimal pulse length of 2.5
cycles. For these optimal transmit settings the receive filter was configured
with a center frequency of 3.6 MHz and a bandwidth of 1.3 MHz giving
the maximum harmonic amplitude. Using the optimized settings, clinical
harmonic contrast recordings were made.

The results presented in this chapter show the feasibility of 3D contrast
imaging and improved endocardial border delineation when used in combi-
nation with harmonic imaging.

Based on:
c© 2003 Elsevier. Reprinted, with permission, from: Voormolen, M.M., A.
Bouakaz, B.J. Krenning, C.T. Lancée, F.J. ten Cate and N. de Jong, Feasibility
of Harmonic Contrast Imaging. Ultrasonics, 42(1–9):739–743, 2004.
c© 2004 IEEE. Reprinted, with permission, from: Voormolen, M.M.,
A. Bouakaz, B.J. Krenning, C.T. Lancée, A.E. van den Bosch, F.J. ten Cate
and N. de Jong. 3D Contrast Harmonic Echocardiography. Proceedings of the
IEEE Ultrasonics Symposium, 1:114–117, 2004.
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8.1 Introduction

Ultrasound contrast agents (UCA), consisting of microbubbles, are used to
enhance the echoes from a blood pool to which they are added [Goldberg
2001]. In fundamental (B-mode) imaging, UCA increase the backscattering
of blood to a level close to that of tissue. Discrimination between blood
and tissue is therefore compromised which can be quantified with the so-
called contrast to tissue ratio (CTR). Microbubbles, however, reveal a non-
linear oscillation when insonified with a sufficiently high acoustic pressure
wave [De Jong 1994a,b]. As a result the backscatter signal of UCA contain
the transmitted frequency and also its multiples or harmonics. Since tissue
does not comprises a non-linear scattering behaviour of the same magnitude
this offers an opportunity to distinguish between the backscatter signal from
UCA and tissue. Unfortunately, harmonic frequencies are also generated by
propagation of the ultrasonic wave through tissue and blood [Hamilton 1998,
Aronson 2000]. The backscatter of these generated harmonics from tissue will
hamper the distinction of harmonics radiated by the microbubbles and reduce
the CTR. However, it has been shown that CTR levels for second harmonic
imaging are much higher than those of fundamental imaging [Bouakaz 2002].

Since it provides information not only from a single cross-section, as with
2D-imaging, but from the complete volume under investigation the advan-
tages of 3D echo are numerous. A few of these advantages are: accurate
quantification of cardiac properties, extraction of 2D any plane images and
dynamic 3D views of cardiac structures [Salustri 1995, Krenning 2003]. 3D
contrast imaging can add to these advantages since tissue often exhibits non-
homogeneous scattering resulting in drop out. This is especially problematic
when border tracing algorithms are used for quantification of the recorded
echo data. When used at an appropriate concentration, UCA give a homo-
geneous and complete opacification. This characteristic could be beneficial
for the development of less complex and faster tracing algorithms through
improved endocardial border delineation with UCA.

Most array transducers used for medical imaging exhibit a wide band-
width that covers the fundamental transmit frequency as well as its second
harmonic. We developed a fast rotating phased array transducer for 3D-
imaging of the heart with harmonic capabilities making it highly suitable for
contrast imaging. In this study the feasibility of 3D contrast harmonic imaging
(CHI) was evaluated in-vitro and in-vivo.

In-vitro measurements were used to optimize the transmit and receive
settings for 3D-CHI. Determination of the optimal transmit settings was based
on the highest CTR calculated from radio frequency (RF-)data. Transmission
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frequencies ranging from 1.6 to 2.5 MHz and pulse lengths of 1.5 and 2.5
cycles were explored. The receive settings were optimized in terms of center
frequency and bandwidth of the receive filter. As contrast agent Optison
was used. Ultimately 3D-CHI was used for clinical evaluation with patients
recordings.

8.2 Methods

8.2.1 Fast Rotating Ultrasound Transducer

The fast rotating ultrasound (FRU-)transducer consists of three major parts: a
DC motor that drives the array, a slip-ring device with 82 contacts, establishing
signal transfer to and from the rotating array, and a linear phased array (see
chapter 3).

The DC motor drives the array at a rotation speed ranging from 240 to
480 rpm and is connected to an external control system with a manual setting
for the rotation speed. A 4Ddataset (three spatial dimensions and time) can
be acquired in a short time (e.g. 1 second), resulting in a sparse sampling of
the time-volume space. Longer acquisitions yield a much denser sampling.
The typical acquisition time is approximately 10 seconds, which has proven
to be convenient for clinical application.

The array of the transducer, custom made by Delft Instruments (Delft, The
Netherlands), contains 64 elements with a pitch of 0.21 mm and is tapered
into an octagonal shape, approximating a circle with a radius of 7 mm. It has
a fractional bandwidth of 86 % with a center frequency of 3.2 MHz. The fixed
focus of the acoustic lens in the elevation direction was set at 60 mm.

The transducer is connected to a GE VingMed Ultrasound (Horten, Nor-
way) Vivid 5 system. For this study the third prototype of the transducer is
used which is shown in figure 8.1. Improvements of this third prototype can
be found in the wider bandwidth, allowing improved harmonic imaging, and
the more ergonomic design of the transducer.

8.2.2 Hydrophone Measurements

To calibrate the pressure output of the FRU-transducer hydrophone mea-
surements were performed. Recordings were taken at the focal point of the
transducer (at approximately 5 cm) for all transmit frequency and pulse length
variations used in the in-vitro experiments. From these recordings the peak
negative pressure as function of the excitation voltage was extracted.
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Figure 8.1: Third prototype of the fast rotating ultrasound transducer.

In addition, long pulses (10 cycles) were used to access the transmit sensi-
tivity of the transducer. Again hydrophone measurements were taken at the
focal point of the transducer. Frequencies ranging from 1.5 to 5 MHz and an
excitation voltage of 5 V were used. The stationary amplitude of the prop-
agated signal was extracted from the recordings and used for a sensitivity
plot.

8.2.3 Contrast to Tissue Ratio Measurements

The contrast to tissue ratio (CTR) was defined as the ratio of the scattered
power by the contrast to that of the tissue. A commercially available tissue
mimicking flow phantom (ATS Laboratories Inc., Model 524, Bridgeport, Con-
necticut, USA) was used to measure the CTR at different frequencies ranging
from 1.6 to 2.5 MHz. This was facilitated by the availability of the RF-data
from the scanner.

The voltage-pressure curves obtained from the hydrophone measurements
were derated with the attenuation of the phantom (0.5 dB/cm/MHz). Using
the derated voltage-pressure curves the derated peak negative pressure was
controlled throughout the experiments.

The transmitted pulse contained 2.5 cycles and RF-data was recorded at a
frame rate of half a frame per second. Optison (Amersham Health, Princeton,
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Figure 8.2: Transmit sensitivity plot of the FRU-transducer.

New Jersey, USA) was used at a dilution of 1 over 2000 in Isoton II (Beckman
Coulter, Fullerton, California, USA) and was flowing at a constant rate of
90 ml/minute. through the phantom from which the 8 mm channel was used.
Two-way frequency spectra were calculated from two regions of interest (ROI),
one in the tissue and the other in the flow area, at equal depth (approximately
5 cm). The transmit frequency resulting in the highest CTR was selected as
the optimal transmit frequency.

A similar procedure was used to determine the optimal pulse length at
the optimal transmit frequency. Pulse lengths of 1.5 and 2.5 cycles were
investigated. For reasons of resolution preservation larger pulse lengths than
2.5 cycles were not used.

Ultimately the receive filter of the echo system was set according to the
obtained CTR results.

8.2.4 Clinical Evaluation

3D contrast harmonic and tissue harmonic recordings were obtained from
several patients with various cardiac pathologies. 3D-acquisition was per-
formed during a 10 second breath-hold, at a frame rate of 100 frames per
second and a rotational speed of 6 Hz.

After reconstruction of the recorded echo data, quantification was per-
formed with 4D LV Analysis software from TomTec Imaging Systems (Un-
terschleißheim, Germany) featuring a semi-automated border detection algo-
rithm [2].
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8.3 Results and Discussion

Figure 8.2 shows the transmit sensitivity of the FRU-transducer obtained
with the hydrophone measurements. The sensitivity plot yielded a fractional
bandwidth of 86 % (−6 dB) with a center frequency of 3.2 MHz. With the help
of figure 2 transmit frequencies ranging from 1.6 to 2.5 MHz were selected for
the in-vitro experiments.

From figure 8.2 it can be seen that gaining sensitivity by increasing the
transmit frequency will result in a decrease of receive sensitivity for the har-
monic backscatter signal and visa versa. This is one of the effects in play when
optimizing the transmit frequency.

To calculate the CTR for different frequencies the RF-data from the contrast
and tissue ROI were selected as shown in figure 8.3A. The backscattered
frequency spectra from the two ROI were calculated of which an example
is shown in figure 8.3B. Subtraction of the two spectra yielded the CTR as
function of frequency (see figure 8.3C, solid line). The highest CTR was found
close to the second harmonic of the transmitted frequency. To reduce influence
of noise a 1 MHz moving window average of the CTR curve was calculated
before maximum CTR levels were extracted (see figure 8.3C, dashed line).

From figure 8.3C it can be seen that the CTR of the second harmonic is
8 dB higher than at the fundamental frequency. An excitation frequency of
1.74 MHz was found to give the highest harmonic CTR (see figure 8.3A and
D1).

Pulse length variations at the optimal excitation frequency of 1.74 MHz
were evaluated from 50 to 400 kPa derated peak negative pressure. From
figure 8.4 it can be seen that at low pressures there is no significant difference
between the CTR levels of 1.5 and 2.5 cycles pulse lengths. At moderate and
high pressures, however, there is an intrinsic CTR increase of approximately
2 dB for a pulse length of 2.5 cycles.

For the optimal transmit settings the receive filter was configured with a
center frequency of 3.6 MHz and a bandwidth of 1.3 MHz giving the maximum
harmonic amplitude (see figure 3B and C).

Figure 8.51shows the lifetime of contrast at room temperature and 36 ◦C.
It is clearly demonstrated that the life time is effected at body temperature.
A limited lifetime does not add to a constant contrast concentration which is
required for an optimal 3D recording.

Figure 8.6 shows an example of left ventricular harmonic B-mode images
with and without contrast. In the image without contrast especially the api-

1Not included in the original publications.
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Figure 8.3: A. B-mode image from the tissue-mimicking phantom with contrast in the flow
area showing the regions of interest used for the power spectra calculations. Contrast harmonic
B-mode images at different transmit frequencies are shown, revealing the optimal excitation
frequency at 1.74 MHz. B. Power spectra from the tissue (dashed line) and contrast (solid
line) region. C. The difference of both power spectra defined as the CTR. A 1 MHz window
average of the CTR curve (dashed line) was used before maximum CTR levels were extracted.
The receive filter settings for the optimal excitation frequency is indicated with a shaded area in
panel B and C. D. Transmission frequency vs. CTR, fundamental (dashed line) and harmonic
(solid line).
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Figure 8.4: Harmonic CTR levels as function of the derated peak negative pressure for pulse
lengths of 1.5 cycles (dashed line) and 2.5 cycles (solid line).
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Figure 8.5: Optison lifetime at room temperature and 36 ◦C. The shaded area indicates the
approximate time window of a 3D recording.

cal segment shows a vague delineation of the endocardial border while this
segment is clearly visualized in the image with contrast. The same apical de-
lineation improvement was observed by Kasprzak et al. [1999]. Other studies
involving 3D harmonic contrast imaging report promising reconstructions of
kidney and liver vascularities [Forsberg 2002, Moriyasu 2002].

Successful contrast harmonic patient recordings were obtained. Figure 8.7
shows an example from a 75 years old postoperative patient. LV-reconstruc-
tions from the end diastolic and end systolic volume (figure 8.7A and B) are
shown along with the LV volume-time curves of the tissue harmonic and
contrast harmonic recording of this particular patient. Although the time-
volume curves only show small differences the tracing effort for the contrast
harmonic recording was remarkably lower due to an improved delineation of
the endocardial border.
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Figure 8.6: Harmonic B-mode images from the FRU-transducer without (left) and with
contrast (right). In the recording with contrast the delineation of the apical segments is clearly
improved.
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Figure 8.7: A and B. End diastolic (panel A) and end systolic (panel B) LV-reconstructions
from a contrast harmonic patient recording. C. The time-volume curves obtained from the
tissue harmonic recording (dashed line and diamonds) and the contrast harmonic recording
(solid line and circles) of the same patient.
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In the preceding section accurate clinical volume measurements from har-
monic contrast recordings of the FRU-transducer have been proven feasible.
Currently, the only commercial 3D echo system for cardiac imaging with har-
monic capabilities is the Sonos 7500 with its x4 xMATRIX transducer from
Philips. However, no record has been found in the literature on its harmonic
contrast imaging performance yet.

8.4 Conclusion and Future

Many advantages of 3D echo have been reported throughout the last decade.
The introduction of 3D echo in the daily clinical practice has however only re-
cently started. To make 3D echo a mature and widely spread technique more
modalities other than fundamental and harmonic B-mode imaging have to
be added. The results presented in this chapter show the feasibility of 3D
harmonic contrast imaging and improved border delineation when used in
combination with harmonic imaging. As reported by Bouakaz et al. fur-
ther improvements on 3D contrast imaging can be expected when harmonics
higher than the second harmonic will be made available for imaging [Bouakaz
2004]. Further investigations are required in a larger patient population to
determine the improvement with 3D-CHI compared to other techniques like
MRI. By then it can be investigated whether the improved delineation of
the endocardial border from harmonic contrast recordings is beneficial for
(semi)-automated border tracing algorithms.
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R therapy for heart failure provides the greatest hemody-
namic benefit when applied to the most delayed left ventricular (LV) site.

Currently, the ideal LV pacing site is selected according to acute invasive
hemodynamic assessment and / or tissue Doppler imaging. The objective of
this study is to assess a new approach for guiding and hemodynamic optimiza-
tion of resynchronization therapy, using three dimensional (3D) transthoracic
echocardiography.

A total of 16 patients with advanced heart failure and an implanted
biventricular pacemaker were included in this study. Transthoracic apical
LV images at equidistant intervals were obtained using a prototype, fast-
rotating second harmonic transducer to reconstruct 3D LV datasets during si-
nus rhythm (SR), right ventricular (RV) apical and biventricular pacing mode.
A semi-automated contour analysis system (4D LV Analysis, TomTec Imaging
Systems, Unterschleißheim, Germany) was used for segmental wall motion
analysis and identification of the most delayed contracting segment and cal-
culation of global LV function.

Data acquisition duration was 10 seconds and analyzable 3D images were
obtained in 12 patients. Of these patients, data during SR were available
in 9 and during biventricular pacing in 11. The greatest contraction delay
during SR was found in the anterior and antero-septal segments in five of
nine patients. Biventricular pacing resulted in reduction of the contraction
delay in seven of eight patients. The global LV function did not change
significantly.

3D echocardiography with appropriate analytic software allows detection
of the most delayed LV contracting segment and can be used to select the
optimal pacing site during resynchronization therapy.

Based on:
c© 2004 Elsevier. Reprinted, with permission, from: Krenning, B.J., T. Szili-
Torok, M.M. Voormolen, D.A.M.J. Theuns, L.J. Jordaens, C.T. Lancée, N.
de Jong, A.F.W. van der Steen, F.J. ten Cate and J.R.T.C. Roelandt. Guid-
ing and Optimization of Resynchronization Therapy with Dynamic Three-
Dimensional Echocardiography and Segmental Volume-Time Curves: a Fea-
sibility Study. The European Journal of Heart Failure, 6(5):619–625, 2004.
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9.1 Introduction

Delayed intraventricular depolarization leads to dyssynchrony of ventricular
contraction and worsens left ventricle (LV) dysfunction [Grines 1989, Kerwin
2000, Shamim 1999, Xiao 1991]. Resynchronization by simultaneous electrical
stimulation of both ventricles significantly improves hemodynamics, result-
ing in increased exercise tolerance and hence quality of life [Mascioli 2002,
Abraham 2002b, Cazeau 2001, Daubert 1998, Gras 1998, Leclercq 1998, 2000,
Kuhlkamp 2002]. Reduction in morbidity and mortality awaits confirmation
from ongoing large-scale studies [Mascioli 2002, Abraham 2002a]. Recent
data indicate that biventricular pacing provides the greatest hemodynamic
benefit when applied to the LV segment with the most delayed contraction
[Ansalone 2002]. Tissue Doppler imaging (TDI) is currently used to identify
the most delayed contraction site before the implantation of a resynchroniza-
tion device [Ansalone 2002, Sogaard 2002, Bax 2003]. This method cannot be
used online and the assessment of the hemodynamic effects requires addi-
tional studies. It has been demonstrated in previous studies that volume-time
curves (VTCs) provide quantitative information on LV performance [Zeidan
2003, Soldo 1994]. The aim of the present study was to test the feasibility of 3D
echocardiographic VTCs for determining the optimal pacing site. This allows
simultaneous hemodynamic evaluation by measuring global LV function.

9.2 Methods

9.2.1 Study Patient

We studied 16 patients with severe heart failure and a permanent biventricular
pacemaker. All patients gave informed consent. Patient characteristics are
listed in table 9.1. The diagnosis of dilated cardiomyopathy was established
according to the classification of cardiomyopathy published previously [Kuhn
1996]. Criteria for biventricular pacing were severe heart failure (NYHA II-
IV) and dilated cardiomyopathy associated with complete left bundle branch
block and a QRS duration of >125 ms. The LV pacing lead was positioned
in the coronary sinus and the right atrial and right ventricular (RV) leads in
standard locations.

Three acquisitions for 3D reconstruction were performed as follows: The
first acquisition was performed in the biventricular pacing mode and the
second after the pacemaker was reprogrammed for RV pacing. In patients
with intact atrio-ventricular conduction and sinus rhythm (SR), the pacemaker
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Figure 9.1: Latest prototype of the continuous fast-rotating transducer.

was reprogrammed in order to perform acquisitions during SR. In every
patient, the pacemaker was finally reset to the original settings. Acquisitions
were performed 5 minutes after the pacing mode was switched. Data analysis
was performed off-line for this feasibility study.

9.2.2 Image Acquisition

We used a prototype transthoracic, fast-rotating ultrasound transducer for
3D echocardiographic image acquisition [Djoa 2000] (figure 9.1), which is
connected to a commercially available ultrasound system (Vivid FiVe, GE
Vingmed Ultrasound, Horton, Norway). The 64-element transducer array has
a center frequency of 3 MHz and second harmonic capabilities [Voormolen
2006]. It continuously rotates inside the transducer assembly at a maximum
speed of 8 rps. The frame rate of the ultrasound system is 100 frames per sec-
ond. The typical acquisition time is 10 seconds during a single end-expiratory
breath hold. Patients were studied in the left lateral decubitus position with
the transducer in the apical position and the image plane rotating around the
LV long axis. The depth setting was adjusted to visualize the entire LVand part
of the left atrium. Gain and power settings were optimised for endocardial
border visualization. The ECG signal was simultaneously recorded for 3D
reconstruction.
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Figure 9.2: From each dynamic 3D dataset, up to 20 cross-
sectional images can be selected. The orientation of each cross-
section is shown.

9.2.3 Image Processing

Data are transferred via a network connection to a dedicated workstation
for processing and analysis. With self-developed software, using MatLab
(The MathWorks, Natick, Massachusetts, USA), the original 2D images are
post-processed by placing them in their correct spatial and temporal (ECG
reference) position using multi beat data fusion [Lancée 2000]. The cardiac
cycle is divided in 12 equal intervals, which allows to create 12 3D datasets.
Due to the continuous rotation of the transducer array, the original 2D images
have a curved shape. However, these are not suited for automated contour
analysis with currently available software. Therefore, 20 equidistant plane
cross-sectional images (9◦ interval) are re-sampled from these 12 datasets and
used for further analysis.

9.2.4 Image Analysis

All the 20 cross-sectional images re-sampled from each of the 12 datasets are
subsequently imported into the TomTec 4D LV Analysis software (TomTec
Imaging Systems, Unterschleißheim, Germany) and displayed (figure 9.2).
Their orientation in 3D space is determined by marking the mitral valve,
aortic root and apex as landmarks. An elliptical model is placed over one of the
images of each cross-sectional position. After this, the software automatically
performs endocardial border detection in all images of each cross-sectional
position in the 12 datasets. A spatio-temporal spline model is used to generate
smooth contours for both the temporal and spatial domain. The long axis of
the ventricle is calculated from the center of the mitral annulus to the most
distant point in the ventricle, which is the apex.

Two experienced investigators verified and corrected the results from the
automated border detection where necessary. This was done blinded, without
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Figure 9.3: A. Three dimensional reconstruction of the LV. B. Bulls-eye view according to
which the endocardial surface is subdivided in 16 colour-coded segments.

Figure 9.4: A segmental volume represents the pyramidal
volume of a segment to the center of gravity. The long axis of
the ventricle is calculated from the center of the mitral annulus
to the apex.

knowledge of the pacing mode for each analysis. The papillary muscles within
the LV cavity are not taken into account for the definition of the contour.
After completion of the endocardial border tracing, the program performs a
dynamic surface rendered endocardial reconstruction of the LV (figure 9.3A).
For each pacing mode, a VTC is plotted from which global LV end-diastolic
volume (LVEDV), end-systolic volume (LVESV) and ejection fraction (EF) are
calculated applying Gaussian quadrature formulas.

The LV endocardial surface is subdivided in 16 segments, which are colour
coded for orientation (figure 9.3B). A segmental volume represents the pyra-
midal volume of a segment to the center of gravity (figure 9.4). The volume
change of a segment over the cardiac cycle is plotted in a VTC (figure 9.5), in
which time is defined as percentage of the total cardiac cycle. The end-systolic
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Figure 9.5: Example of volume-time curves of four different segments. During sinus rhythm,
each segment completes myocardial contraction at a different moment (indicated with an arrow
for every segment), causing LV dyssynchrony. A. From the various delays, the largest delay is
annotated. B. During biventricular pacing, synchrony in segmental contraction is present.

moment, at which a segment has completed maximal myocardial contraction,
is represented by the nadir of the segmental volume curve. This moment was
extracted from the VTC for every segment in every pacing mode. The differ-
ence in time to maximal myocardial contraction between segments was used
to assess regional mechanical delay and a measure of segmental dyssynergy.
From the VTC that represents segmental volume changes in SR, the first con-
tracting segment and the most delayed segment were identified. The delay
in contraction was calculated as the difference in time to maximal contraction
between these segments and is expressed as percentage of the total cardiac
cycle. Using the RR-interval, this was re-calculated in milliseconds. When a
segment is hypo- or akinetic, which we defined as a segmental volume change
during any part of the cardiac cycle of less then 20 %, the segment is not in-
cluded. In both biventricular and RV pacing mode, the most delayed segment
is determined and the delay between this segment and the first contracting
segment calculated.

9.2.5 Statistical Analysis

Data are presented as mean ± SD. 3D measurements of LV volume were cal-
culated by the analysis software after completion of the endocardial border
tracing. To assess accuracy, analysis of VTCs was performed by two ob-
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servers and analyzed by linear regression and a limits-of-agreement analysis,
expressed as the mean difference and 2SD of the difference between the mea-
surements of the two observers. To determine whether the difference in the
values between the two observers and between pacing modes was statistically
significant, a paired t-test was performed. A probability level of p<0.05 was
considered significant.

9.3 Results

Of the 16 patients, four were excluded from analysis because of inadequate
echocardiographic image quality for faithful automated analysis. In 3 of the
remaining 12 patients, no spontaneous sinus rhythm was present and there-
fore only acquisitions in biventricular and RV pacing mode were performed.
In one patient, we did not perform an acquisition in biventricular pacing
mode because of LV lead displacement.

9.3.1 Global LV Function

The mean ejection fraction of all patients before implantation, by equilib-
rium radionuclide angiography, was 24 ± 7 %. During sinus rhythm, the
mean LVEDV, LVESV and LVEF derived from the VTC were 294 ± 85 ml,
230 ± 94 ml and 24 ± 12 %, respectively. During RV pacing, these values
were 291 ± 97 ml, 225 ± 81 ml and 23 ± 6 % and during biventricular pacing,
282 ± 94 ml, 226 ± 86 ml and 21 ± 6 %, respectively. No significant difference
was present between these values.

9.3.2 Dyssynchrony

The mean heart rate during SR was 69 ± 7 bpm, during biventricular pacing
73 ± 9 bpm and during RV pacing 74 ± 9 bpm. No significant difference was
present between these values. In six of eight patients, heart rate was less
during SR compared to biventricular pacing. Table 9.1 shows the most delayed
segment for every pacing mode and the delay between the first contracting
and most delayed segment. The mean delay was 147 ± 80 ms during SR,
103 ± 34 ms during biventricular pacing (p<0.01; SR vs. biventricular pacing)
and 158 ± 78 ms during RV pacing (p<0.01; RV vs. biventricular pacing). In
five of nine patients, the anterior or antero-septal segment was most delayed
during SR. Biventricular pacing resulted in reduction of the contraction delay
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 Figure 9.6: Left, regression analysis for measurement of delay between the two most delayed

segments by two observers. Right1, Bland-Altman plot of the difference in delay between the
observers.

in seven patients, compared to SR. Also, in six patients, the contraction delay
was less during biventricular pacing compared to RV pacing.

9.3.3 Interobserver Agreement

Linear regression analysis indicated a good correlation (r=0.96) between mea-
surements of delay in contraction between the first contracting segment and
the most delayed site by two observers (figure 9.6). The standard error of
estimate was 2.42 %. The limits-of-agreement analysis demonstrated a small
mean difference (0.03 ± 2.50 %) between measurements. A paired t-test indi-
cated no significant mean difference between the two observers.

9.4 Discussion

This study shows that transthoracic dynamic 3D echocardiography performed
with a fast-rotating transducer and combined with semi-automated contour
analysis allows to identify LV segments with dyssynchrony together with

1Not included in the original publication.
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hemodynamic evaluation. Our data indicate that this method is feasible for
the selection of the optimal pacing site during resynchronization therapy.

9.4.1 Rationale for Measuring Mechanical Delay in Patients
Undergoing Resynchronization Device Implantation

A delay in intraventricular conduction leads to dyssynchrony of ventricular
contraction which can be corrected by biventricular pacing and subsequently
improve hemodynamics. and consequently exercise tolerance and quality of
life in patients with severe heart failure. Large-scale trials are ongoing to study
long-term effects including morbidity and mortality [Mascioli 2002, Abra-
ham 2002a, Lozano 2000]. However, a substantial proportion of the patients
does not show improvement. This may be partly related to methodological
reasons. Indeed, a prolonged QRS complex cannot quantify the degree of
dyssynchrony. Clearly, biventricular pacing provides the most benefit when
applied to the segment of the LV that is most delayed in contraction. Therefore
pacing should be applied to this site but it should be noted that this site will
not always be approachable during implantation. While long-term studies
showed improvement of LVEF with biventricular pacing, this could not be
observed in this study. Possibly, other regulating factors counterbalance the
hemodynamic effect of changing pacemaker programming.

9.4.2 The Role of Improved Imaging Techniques to Guide and
Evaluate Biventricular Pacing

Echocardiography has an important role in the evaluation of patients with me-
chanical dyssynchrony before biventricular pacemaker implantation [Abra-
ham 2000, Pitzalis 2002]. Sogaard et al. [2001] previously used 3D echocardio-
graphy for hemodynamic assessment in patients before and after biventricular
pacemaker implantation. Currently, TDI is most often used as a guiding tool
for the implantation [Sogaard 2002, Bax 2003] and is useful for identifying LV
myocardial contraction dyssynchrony at discrete points in patients after ven-
tricular resynchronization [Ansalone 2002]. It is suggested that TDI analysis
could serve in the future both as a tool for pre-implantation assessment and
as a guide to select the most optimal pacing site. However, this approach
requires a lengthy echo study and analysis before the implantation, while
only the longitudinal function in the basal and mid-segments are studied.
Also other diagnostic modalities, such as MRI [Soldo 1994] and gated-SPECT
[Germano 1997], can be used to create volume-time curves and assess regional
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wall motion. However, MRI cannot be used after device implantation because
of its magnetic properties. 3D echocardiography with appropriate software
for segmental wall motion analysis allows to determine dyssynchrony be-
tween all segments. Obviously, expressing the delay is an issue and requires
standardization in the near future. Currently, several parameters are used for
describing intra- and interventricular delays during the heart cycle. Using
our method, the delay is expressed in relative units (as percentage of the total
heart cycle). Actually, this method allows demonstration of shortening of
the diastolic period when the heart rate increases. This may play a role in
an adverse outcome of this patient population. This phenomenon is clearly
demonstrated in figure 9.5. In this particular example, the heart rate in sinus
rhythm was lower than in a paced rhythm. This results in relatively longer
diastolic period. As the heart rate increases, the systolic period shortens rel-
atively less than the diastolic period, meaning that the systolic periods are
almost identical in absolute units (ms), but the diastolic periods become dif-
ferent. Additionally, the position of the RV lead has a significant impact on
the LV conduction pattern. Therefore, the optimal technique should provide
the information during the implantation procedure and additional hemody-
namic data. This is possible with a fast-rotating ultrasound transducer and
appropriate software for analysis.

9.4.3 Limitations of the Study

We used prototype equipment for this proof-of-principle study requiring fur-
ther refinements. The post-processing time to obtain a 3D dataset must be
shortened to make this technique a practical guiding tool during the interven-
tion. The semi-automated border detection algorithms are user-friendly, but
manual interaction remains often a necessity. Real-time 3D echocardiography
using a matrix transducer is also appropriate for acquisition of 3D datasets and
optimisation of resynchronization therapy, using the same border detection
and analytic software. Most experience is with a system developed at Duke
University (Durham, North Carolina, USA) [Sheikh 1991], which makes use of
a sparse matrix phased array transducer to scan a 60◦ × 60◦ pyramidal volume
using parallel processing technology. More recently, Philips Medical Systems
has introduced a matrix phased-array transducer with 3000 transmit / receive
elements. Development of new border detection algorithms along with tech-
nological improvements of 3D echocardiography should be able to improve
the accuracy of semi-automated border tracing and eventually provide auto-
matic, even on-line, data analysis in the future. This was not a prospective
study and the patients studied had already their resynchronization device
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in place. Therefore, we could only study the feasibility of the method and
whether dyssynchrony in segmental contraction could be measured. During
image acquisition, a 10 seconds breath hold was required. We did not find
this inconvenient in our patient population with advanced heart failure.

9.5 Conclusion

3D echocardiography is a feasible approach for determination of the most
delayed LV site with the additional option to assess hemodynamic informa-
tion, such as LVEDV, LVESV and EF. This preliminary data suggests that 3D
echocardiography can be used for selection of the most optimal pacing site
before and during resynchronization device implantation. Further studies
with prospective study design are required to validate this data against other
techniques, e.g. TDI.
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In the preceding chapters the considerations, implementation, validation and
clinical application of a unique concept for harmonic 3D echocardiography is
described. In the following paragraphs the general findings of each chapter
will be summarized and my (future) perspective on related issues will be
discussed.

Simulated harmonic acoustic beams Starting with chapter 1 it has been
shown that the harmonic profiles of steered nonlinear acoustic beams from
apertures with arbitrary geometry can be accurately predicted with the pre-
sented two-stage 3D-KZK method. The validity of the method was verified
with a theoretical benchmark in chapter 1 and phased array experiments in
chapter 2. In chapter 2 it was also demonstrated that grating lobes are ef-
fectively suppressed by harmonic imaging. For phased array and matrix
transducers the existence of grating lobes and their harmonic levels can be an
important design consideration. With its relatively short computation time
the two-stage 3D-KZK method provides a useful tool for an efficient design of
harmonic medical transducers. It is also possible to extend the two-stage 3D-
KZK method with a scattering model to obtain simulated harmonic images
from phased array and matrix transducers. Another field that can now be
efficiently explored is that of complex excitation sequences that assign signals
of different frequency, amplitude and length to the individual elements.

3D harmonic echocardiography The second harmonic amplitude is related
to the square of the fundamental amplitude. A higher fundamental ampli-
tude will result in a quadratic increase of the second harmonic amplitude. For
harmonic imaging it is therefore advantageous to maintain a high amplitude
in the transmitted fundamental field. Especially for matrix transducers, for
which a broad transmission beam is combined with multiple receive beams,
this requirement proves to be counterproductive. To avoid violation of the
safety guidelines the amplitude close to the transducer’s surface, where the
transmission beam is at its narrowest, is limited. This results in a suboptimal
fundamental amplitude for harmonic imaging in the remainder of the trans-
mitted beam. The lower level of harmonics in the received signals will put a
heavy burden on the required sensitivity and signal-to-noise ratio while the
small element size is already a challenge regarding these properties. Subopti-
mal image quality has been reported for second generation matrix transducers
when it comes to harmonic imaging (see chapter 3). The fast rotating ultra-
sound (FRU)-transducer, presented in chapter 3, combines the state-of-the-art
harmonic properties of a standard phased array transducer with the acquisi-
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Figure d.1: The first prototype of the fast rotating transoesophageal transducer. Courtesy of
Kyriakos Nathanail.

tion time of a matrix transducer. In addition it provides a cost effective alter-
native and it is easily integrated into existing 2D based echo systems. These
advantages have not only resulted in the FRU-transducer for transthoracic
echocardiography (TTE) but also a transoesophageal (TEE) version, which is
currently under investigation (see figure d.1).

Left ventricular volume quantification Good agreement was found in chap-
ter 4 for left ventricular (LV) volumes derived from FRU-transducer recordings
in comparison with magnetic resonance imaging (MRI) results. The commer-
cial software that was used for this study, the now widely used TomTec 4D
LV Analysis, required plane images as an input to its quantification algo-
rithm. As a consequence, images had to be resliced from the 3D datasets of
the recorded, high resolution 2D harmonic images. In the reslicing proce-
dure part of this resolution is lost which would have been beneficial for the
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incorporated semiautomatic tracing algorithm. To overcome this problem an
alternative quantification tool was developed, described in chapter 5, which
is capable of reading the recorded 2D images from the FRU-transducer. In
addition, this method requires minimal user interaction which is an impor-
tant condition for clinical acceptation of 3D echocardiographic LV volume
measurement. As both software tools presented in chapter 4 and 5 require a
number of cross-sectional images for the quantification of the LV volume, it is
not more than logical to investigate the exact number of images required for
accurate LV volume quantification. Chapter 6 shows that 8 random equian-
gular long-axis images are required for this purpose. More surprisingly, it is
also demonstrated that as few as 4 long-axis images can be sufficient when the
orientation of the images in respect to the eccentricity of the endocardial bor-
der is taken into account. When only 8 images are needed the possibility of LV
volume measurement with data from a single cardiac cycle is feasible with the
FRU-transducer. I regret that this unique application of the FRU-transducer
could not be demonstrated within the scope of this dissertation.

The number of publications on the seemingly simple problem of LV vol-
ume measurement is out of proportion. On one hand this is due to the fact
that most studies use a falls ‘golden standard’ as reference. The lack of a
good reference technique for the measurement of the time-volume curve of a
beating heart leaves room for an endless discussion about who is wrong and
who is right. A bigger problem is the weak definition of the endocardial bor-
der due to the trabeculae. An additional complicating factor is the different
manifestation of these trabeculae in the end diastolic and end systolic phase
of the cardiac cycle (see chapter 6 and figure d.2). When comparing imaging
techniques that are sensitive for different properties of biological tissue the
situation becomes even more complicated (see chapter 6). What is needed to
determine the real accuracies of the different imaging techniques is a good
dynamic model of the left ventricle, including the trabeculae. Most likely
this will be in the form of an excised human heart in a well controlled setup
which is both complex and expensive. If my next position will not provide
the opportunities to do this myself, I expect that at least one of my direct
co-workers will shed some light on this issue.

Chapter 7 gives a good example of the flexibility of echocardiography.
Where this is much more complex for alternative imaging techniques, such as
CT and MRI, echography can be performed at the bedside, during treatment
or even during intervention. In general diagnostic ultrasound imaging is per-
formed under very comfortable circumstances for the patient. For haemodial-
isys the application of 3D-echocardiography opens the way for the guidance
of treatment strategies that aim for hypotension prevention.
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Figure d.2: “At end-diastole many individual trabeculae are difficult to trace due to their small
size, and the trabecular zone is thus largely excluded by an observer who traces the endocardial
border. Also automated routines often tend to ignore the trabeculae due to the poor contrast
between trabecular zone and blood pool. During systole however, the individual trabeculae
will join to form a more compact compartment, clearly different from the blood pool. Thus at
end-systole, the observed contour will now include the trabeculae, and the apparent ‘thickness’
is enlarged in part by these joined trabeculae.” c© 2000 Taylor & Francis. Reprinted, with
permission, from Marcus et al. [2000].

Contrast imaging The use of ultrasonic contrast agents adds a new range
of applications to medical ultrasound. In combination with diagnostic imag-
ing it can provide insight in the perfusion of organs and has the potential
to improve the endocardial border delineation, which might be beneficial for
(full) automatic quantification. Chapter 8 demonstrates the advantages of
harmonic contrast imaging in general and for 3D echocardiography with the
FRU-transducer in specific. Machine settings for the FRU-transducer are op-
timized for this application and initial experience with 3D harmonic contrast
echocardiography is obtained. Although the use of contrast agents looks very
promising, successful application requires a skilled operator. The required
concentration varies from patient to patient and a too high concentration leads
to increased attenuation of the ultrasound. For LV opacification an increased
attenuation results in limited penetration and suboptimal visualization of the
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mitral valve and the lateral wall. In addition, the relatively long acquisition
of a 3D recording, compared to 2D imaging, requires a constant concentration
over the acquisition time. The development of application specific contrast
agents could therefore contribute to the ease of use. More sensitive contrast
imaging techniques, like super harmonic imaging (see chapter 8), could also
improve the application of contrast agents for LV volume quantification.

Parametric imaging Ultimately, chapter 9 gives an early example of what
has become a very popular way of presenting advanced quantification of 3D
echocardiographic recordings, also known as parametric imaging. The fea-
sibility of regional wall motion assessment is demonstrated for the guidance
of resynchronization therapy. Current implementations of the same princi-
ple display the LV contraction with higher resolution and in a so called color
coded bulls-eye plot. The lack of a good spatial reference can however result in
severe artefacts. Motion of facing regions can interfere with each others result.
The intuitive presentation tends to hide this shortcoming of the algorithm and
the available literature fails to mention this limitation with sufficient detail.
In general, echocardiographic quantification tools are sometimes introduced
without a thorough validation and the understanding of the underlying algo-
rithms among its users is often limited. The manufacturers of these software
tools leave the responsibility of its diagnostic use to the cardiologists. As
the algorithms for echocardiographic quantification become more and more
complex this problem could intensify and lead to undesirable situations. 3D
echocardiographic recordings contain a vast amount of information and it is
clear that we are just facing the beginning of its clinical use. Many quantifi-
cation tools that will facilitate our access to a variate of parameters are yet to
come, hopefully with a keen understanding of their limitations.

3D stress echocardiography Another advanced application, not included
in this dissertation, that can already count on the interest of several research
groups around the world, is 3D stress echocardiography. Big challenge for this
application is the time resolution of the currently available 3D echo systems.
Extending the acquisition over several cardiac cycles can not be stretched
unlimited due to a reduced stability of the cardiac rhythm and function under
peak stress conditions. The solution to this problem is not only expected
from technological improvement of echo systems and transducers but also
from more advanced image processing algorithms. The vast majority of the
currently developed algorithms fuse the results of individually analyzed time
samples. Big improvements can be expected with algorithms that can address
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Figure d.3: “The picture on the left shows the scanning electron microscope image of part
of a CMUT with aluminum membranes fabricated on quartz substrate for integrated optical
detection. The membranes are 100 micrometer in diameter and are suspended 2.5 micrometer
above the substrate. The picture on the right is taken from the backside, through the transparent
quartz wafer and shows the back electrode of one of the CMUT membranes. The aluminum
electrode is shaped in the form of a diffraction grating with 4 micrometer period. The reflected
diffraction orders enable optical interferometric detection of the membrane displacement.” c©
2003 IEEE. Reprinted, with permission, from Hall et al. [2003].

all image lines in a recording, with their 4D (three spatial dimensions and time)
position, as a whole.

Transducer design With the recent introduction of single crystal materials
for phased array and matrix transducer the domination of PZT for this purpose
is finally broken, after decades. A real revolution in transducer design is
more likely to come from capacitive micromachined ultrasound transducers
CMUT (see figure d.3). If the sensitivity problems, that currently prevent a
wide application of this technique, can be solved, it will open the door to
a whole new approach in transducer design. The flexibility in transducer
and element geometry (through grouping of several CMUT) and the use of
multiple frequencies (not only by exploitation of the large bandwidth) will
open many new possibilities for multiple frequency imaging methods and
formerly unrealistic transducer shapes.
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3D visualization Conventional (2D) computer displays lack the depth per-
ception for optimal visualization of 3D echocardiographic recordings. Al-
though fast rendering techniques have improved the 3D perception of the so
called dynamic surgical view, quantification is still assisted by 2D images.
With the increased availability of virtual reality facilities and affordable 3D
displays, new tracing interfaces should be developed that allow for quantifi-
cation in 3D or even 4D space.
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Appendix A

Rotation Speed Optimization

The sampling of the rotation angle in a fused cardiac cycle, when using multi-
beat fusion is determined by four parameters: the rotation speed fRotation, the
heart rate, the frame rate fFrame, and the segmentation of the cardiac cycle.
To determine an optimized rotation speed, we first look for a rotation speed
from which the frames of corresponding and consecutive segments fill up the
rotation angle as taken from a continuous sequence of frames. For a given
heart rate, frame rate, and number of segments, we can calculate the average
number of frames within each cardiac cycle NF/C and the average number of
frames within each segment NF/S. With n being the number of complete ro-
tations covered within the time between two corresponding and consecutive
cardiac segments, we can calculate candidate rotation speeds fCandidate for our
solution with the following formula:

fCandidate =
n fFrame[

NF/C
]
−

[
NF/S

] , 4 ≤ fCandidate ≤ 8Hz, n ∈ {1, 2, 3, · · · } (A.1)

From the range of possible rotation speeds and the typical frame rate of
approximately 100 fps, it appears that an adequate sampling of the rotation
angle can be reached when a number of rotations are merged (see also figure
3.5). When, for instance, three rotations are merged, the first frame of the
second rotation should start at exactly one-third or two-thirds of the angle
between the first and the second frame of the set. If this is the case, the
sequence will repeat itself after three full rotations, and the frames of the fourth
rotation will be at the same angular position as those of the first rotation. The
candidate rotation speeds usually will not meet the above requirement but
can be corrected to approximate it. With a given number of merged rotations
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NRotation, which is limited by the duration of the recording, we can calculate
the number of frames per rotation of the preferred rotation speed N′F/R from
the number of frames per rotation of the candidate rotation speed NF/R as
follows:

N′F/R =
[
NF/R

]
±

m
NRotation

, NF/R =
fFrame

fCandidate
, m ∈ {1, 2, 3, · · · } , m < NRotation (A.2)

To avoid that the frame sequence will repeat itself before the number of
rotations to merge m has to agree to the following additional requirement
when NRotation is larger than 1:

i m = j NRotation, i, j ∈ {1, 2, 3, · · · } , i < NRotation (A.3)

By selecting the preferred number of frames per rotation that deviates the
least from the number of frames per rotation of the candidate rotation speed,
we then can calculate the rotation speed:

fRotation = fCandidate

1 −

(
N′F/R −NF/R

)
NRotation((⌈

NF/RNRotation
NF/S

⌉
− 1

)
n +NRotation

)
NF/R

 (A.4)

With this solution, it is assured that the frames of the first and the last
segments used will assume their ideal angular position. By using the rotation
speed resulting from the candidate needing the smallest correction, the frames
from intermediate segments only will deviate minimally from their ideal
position (see table 3.1).
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Samenvatting

Drie dimensionale (3D) echocardiografie heeft zich recentelijk, van experi-
mentele techniek in de jaren ’90, ontwikkeld tot een beeldvormingsmodaliteit
voor de dagelijkse klinische praktijk. Het toepassen van nieuwe technieken
die korte acquisitietijden (minder dan 10 seconden) mogelijk maken is daar-
bij cruciaal gebleken. Veruit de meeste commerciële 3D echosystemen voor
de cardiologie maken gebruik van een zogenaamde matrix transducer. Bij
dit type transducer wordt het uitgezonden ultrageluid volledig elektroni-
sche gestuurd. Voor twee dimensionale (2D) echocardiografie wordt gebruik
gemaakt van zogenaamde array transducers. Bij dit type transducer wordt
het uitgezonden ultrageluid slechts in één richting gestuurd. Binnen de 2D
echocardiografie wordt vrijwel uitsluitend gebruik gemaakt van zogenaamde
harmonische beeldvorming. Het getoonde beeld wordt bij deze techniek
opgebouwd uit de eerste boventoon van de ontvangen echo’s. Ten opzichte
van conventionele (fundamentele) echografie heeft deze techniek een aan-
tal unieke eigenschappen welke tot een hogere beeldresolutie en de onder-
drukking van artefacten leiden. Dit proefschrift beschrijft de ontwikkeling,
vervaardiging en klinische toepassing van een alternatieve 3D transducer: de
snel roterende ultrageluidstransducer. Het concept combineert op een kosten-
effectieve wijze de optimale harmonische eigenschappen van bestaande array
transducers met de vereiste korte 3D acquisitietijd.

Het proefschrift bestaat uit drie delen. Allereerst wordt in hoofdstuk 1 een
simulatiemethode beschreven waarmee de harmonische eigenschappen van
medische transducers bestudeerd kunnen worden. Uniek voor de methode is
de mogelijkheid om gestuurde ultrageluidsbundels te simuleren. De methode
laat goede resultaten zien in een vergelijking met andere simulatiemethoden
voor niet gestuurde ultrageluidsbundels. De experimentele validatie van
de simulatiemethode volgt in hoofdstuk 2. Voor zowel gestuurde als niet
gestuurde ultrageluidsbundels laat dit hoofdstuk goede resultaten in verge-
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lijking met de metingen zien. Tevens toont hoofdstuk 2 de onderdrukking
van zogenaamde grating lobes in harmonische beelden aan. Grating lobes re-
sulteren in moeilijk te identificeren fantoom artefacten in echobeelden. Deel I
wordt afgesloten met de beschrijving van de snel roterende ultrageluidstrans-
ducer in hoofdstuk 3.

Het kwantificeren van het linkerventrikel (LV) volume is één van de meest
uitgevoerde metingen in het echolab en levert een belangrijke parameter voor
klinische beslissingen. Deel II van het proefschrift beschrijft daarom het ge-
bruik van de snel roterende transducer voor deze belangrijke toepassing. In
hoofdstuk 4 wordt eerst aangetoond dat de transducer geschikt is voor het
nauwkeurig meten van LV volumes. Hierbij wordt gebruik gemaakt van
commerciële kwantificatiesoftware. Deze software is echter niet optimaal in-
gericht voor de opnamen van de snel roterende transducer. Daarom wordt
in hoofdstuk 5 een zelf ontwikkelde en efficiëntere kwantificatie-applicatie
gepresenteerd. Beide hoofdstukken laten een goede overeenkomst met LV
volumes verkregen uit magnetic resonance imaging (MRI) opnamen zien.

Voor het kwantificeren van het LV wordt een beperkt aantal 2D beelden
uit de 3D opname gebruikt. Het gebruiken van onnodig veel 2D beelden
levert een inefficiënte kwantificatie op. Uit hoofdstuk 6 blijkt dat 8 zoge-
naamde equiangulaire lange-as beelden van het LV voldoende zijn voor een
nauwkeurige meting van het volume. Wordt rekening gehouden met de ra-
diale positie van deze lange-as beelden, dan kan zelfs volstaan worden met 4
beelden.

Meer geavanceerde klinische toepassingen van de snel roterende trans-
ducer worden beschreven in deel III. In hoofdstuk 7 wordt de flexibiliteit
waarmee 3D echocardiografie kan worden toegepast gedemonstreerd. Aan
het bed van de patiënt werden, voor deze studie, 3D opnamen gemaakt tijdens
de dialysebehandeling. Uit dit hoofdstuk blijkt de verhoogde nauwkeurig-
heid waarmee het LV volume gemeten kan worden met 3D echocardiografie,
in vergelijking met 2D technieken. 3D echocardioigrafie kan daarom gebruikt
worden voor de optimalisatie van de dialysebehandeling en het onderzoek
naar het effect van de dialysebehandeling op de functie van het hart.

De harmonische kwaliteiten van de snel roterende transducer maken hem
uitermate geschikt voor 3D contrast echocardiografie. Bij deze techniek wor-
den kleine gasbelletjes (±3 µm in diameter) in de bloedbaan gebracht. Deze
microbellen lichten op in de echobeelden. In tegenstelling tot conventionele
echobeelden, waarin weefsel wordt gevisualiseerd, wordt bij contrast beelden
het bloed afgebeeld. Hoofdstuk 8 belicht de voordelen van harmonische 3D
contrast echocardiografie ten opzichte van fundamentele 3D contrast echocar-
diografie. Tevens laat dit hoofdstuk de eerste klinische resultaten van de snel
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roterende transducer voor deze echomodaliteit zien.
Dit proefschrift wordt afgesloten met een haalbaarheidsstudie naar het

meten van LV wandbewegingen in hoofdstuk 9. Asynchrone contractie van
het LV kan behandeld worden met het plaatsen van een pacemaker. Voor
de mate waarin de pacemaker het LV weet te resynchroniseren is de juiste
plaatsing van de electroden van groot belang. Hoofdstuk 9 toont aan dat
3D echocardiography, in combinatie met de juiste kwantificatiesoftware, van
dienst kan zijn bij het optimaliseren van de plaatsing en de instelling van
pacemakers.
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