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Chapter 1

Introduction

I cannae change the laws of physics, captain

Chief Engineer Montgomery Scott, USS Enterprise



1 General introduction

In medicine, the timely and accurate detection of diseases which may not
be visible to the naked eye is of great importance. To this end, beginning
with the discovery of X-rays by W.C. Röntgen in the late 19th century,
many technologies for non-invasive imaging of the interior of the human
body have been developed and applied. Röntgen’s pioneering work led to
the many X-ray based medical imaging techniques in use today, such as
X-ray computed tomography [1, 2], X-ray mammography [3, 4] and X-ray
angiography [5], to name a few.

However, due to the potentially damaging effects of X-rays and other
ionising radiation [6], and limited contrast in some organs without injecting
an additional contrast agent [7], imaging methods such as Magnetic Reso-
nance Imaging (MRI) and ultrasound imaging have also been developed
over the years. MRI has an outstanding sensitivity, and can distinguish
between different tissue types [8], though for some applications injection
of a contrast agent into the patient is required. MRI is also rather costly,
as it requires liquid Helium-cooled superconducting magnets to operate.

Ultrasound imaging [9], on the other hand, is much more affordable,
and can distinguish well between tissues with different acoustic properties.
Differing levels of echogenicity in pulse-echo ultrasound allow the operator
to make, for example, the distinction between muscle tissue, lipid and
large blood vessels. Different ultrasound-based imaging modalities, such as
transmission ultrasound imaging, can also provide information about the
tissue sound speed and acoustic attenuation properties [10, 11]. Through
ultrasound elastography, where differential imaging under different pressure
conditions is performed, something may even be found out about tissue
stiffness, valuable information when attempting to identify different lesion
types [12]. Ultrafast ultrasound imaging [13] also allows time-resolved
observation of dynamic biological processes such as cardiac function and
blood flow.

Over the last few decades more focus has also been placed on the use of
optical methods for biomedical imaging. Optically, much more information
about chemical composition can be gained, at more convenient prices
than when using MR. Optical coherence tomography (OCT) [14], diffuse
optical tomography and spectroscopic imaging (DOT, DOSI) [15–17] and
laser Doppler perfusion imaging (LDPI) [18–21], among many others, are
gaining traction. These and similar techniques have shown some impressive
applications in medical imaging over the years, but are of limited utility
when it comes to high resolution imaging at larger depths than a few
millimetres, at best.
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To overcome this issue, hope may be found in a relatively new hybrid
imaging modality, known as photoacoustic imaging (PAI), where acoustic
signals inside tissue are excited by the absorption of short pulses of diffuse
laser light [22–25]. In this way the chemical sensitivity to optical absorption
for different wavelengths of light is detected in the form of ultrasound
signals, which suffer much less scattering in biological tissues. In essence,
PAI gives an ultrasound image of locations in tissue where the light is
absorbed, with brighter features indicating higher absorption. Because any
features that do not absorb light strongly enough are difficult to see, PAI
is often combined with US imaging to provide anatomical context [26–28].
Further, especially in situations where ultrasound through-transmission
measurements can be performed, the acquisition of a sound speed map
can improve the quality of both PA and US images.

Another use of the photoacoustic effect, the generation of ultrasound
pulses by the absorption of light, is known as laser-induced ultrasound
(LIUS). Here, the aim is not to detect the signal of absorbed light in tissue
to generate a PA image, but rather the controlled generation of LIUS
outside the object to be imaged [29–31]. The LIUS can then be used as
traditionally generated ultrasound pulses would, to perform pulse-echo or
through-transmission imaging. There are a number of reasons to sometimes
prefer LIUS over more traditional forms of ultrasound generation such
as piezoelectrics [32–35] or more recently developed MEMS-based devices
[36–40]. For example, closely spaced arrays of traditional ultrasound
transducers can experience cross talk, where the EM fields associated with
pulsing a single element may also set off its neighbours, causing ambiguity in
the received signals and artefacts in reconstructed images. LIUS generation
does not involve such strong fields, and thus prevent cross talk in dense
detector arrays. The fact that light is the ultrasound-generating mechanism
also offers flexibility in the shape of the illumination spot, which affects
the behaviour of the generated US field. Other examples of advantages of
LIUS are the potential for miniaturisation, simplicity of fabrication, low
cost of materials and the ability to easily generate broadband signals which
offer higher resolutions when matched with the appropriate detectors.
These reasons to employ LIUS in favour of traditional means of ultrasound
generation will be expounded upon further, later on in this thesis.

The remainder of this chapter will explain the context and contents of
this thesis in more detail. First, the larger project within which this work
was performed will be introduced. Next, an overview will be provided of
the basic physics involved in the photoacoustic effect, and LIUS generation
in particular. Following this, a section will be devoted to an explanation
how to leverage the generated signals to form images. Following this a
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brief overview of the current state of the field biomedical laser-induced
ultrasound imaging will be given, including the overarching project that
the current work is a part of. Finally, an overview of the contents of the
remainder of this thesis will be given on a chapter-by-chapter basis.

2 The PAMMOTH project

The work in this thesis was performed as a part of the H2020 PAMMOTH
project, an EU-funded endeavour to develop a hybrid photoacoustic and
ultrasound breast mammoscopy device [41]. The project consists of a
public-private partnership of four Universities (University of Twente, Uni-
versity College London, Brno University of Technology and the University
of Bern), four companies (PA Imaging, EKSPLA, Imasonic, Tp21) and a
hospital (MST, Enschede, Netherlands). Each partner was tasked with
one or more parts of the project, to finally bring them all together in a
next-generation breast imaging and diagnosis device.

A new, broadband tunable pulsed laser-OPO system was developed
by EKSPLA specifically for the project [42], while specialised ultrasound
detectors were developed by IMASONIC. PA Imaging developed the
electronic and electromechanical components of the device, as well as
the patient bed and the imaging bowl that holds the light sources and
ultrasound transducers. PA Imaging also performed the system integration.

Advanced imaged reconstuction algorithms were developed at both
UCL [43] and UBern (Ch. 5 in this thesis). Brno University of Technology
then adapted the algorithms to run on their advanced supercomputing
system for improved performance. The University of Twente was tasked
with the characterisation of the device’s imaging performance through
the use of a suite of in-house phantoms and test objects [44–47], and the
development of laser-induced ultrasound transmitters to obtain sound
speed maps of the breast and perform pulse-echo ultrasound imaging.

The Medisch Spectrum Twente hospital provided facilities and expertise
for imaging on volunteers and patients, which would be performed by the
University of Twente.

3 The photoacoustic effect and
laser-induced ultrasound

To understand the photoacoustic effect, it may be instructive to first
consider the processes involved in light absorption by a molecule. Figure
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Figure 1.1: Illustration of light absorption and how it can lead to a temperature increase.

1.1 shows an illustration of the potential energy experienced by an electron
in a molecular bond as a function of internuclear distance. The curves
represent different electronic energy levels, whereas the horizontal lines
spanning each potential well at different energy levels represent vibrational
energy levels of the bond. Higher vibrational levels correspond to higher
kinetic energies for the vibrating atoms, which is to say the temperature
is higher. Due to the asymmetric shape of the potential well, the mean
internuclear distance also increases for higher vibrational levels. If we
now consider a large number of molecules in a solid, such as a polymer, a
collective increase in vibrational energy (temperature) leads to a collective
increase in internuclear distance. This, in short, causes thermal expansion
of the material where the temperature has increased.

Now, absorption of a photon by a molecular bond causes an electron in
that bond to jump to higher energy level, as illustrated by the upwards red
arrow in Fig. 1.1. Generally this can lead to thermal expansion by itself,
however electrons in an excited state tend to relax rather quickly. One
example of relaxation to the ground state is illustrated by the downward red
arrow in Fig. 1.1, representing radiative de-excitation by the emission of a
photon. The light blue wiggly lines illustrate non-radiative de-excitation,
where the electron dissipates the absorbed photon energy in the form of
heat, which in turn increases the vibrational energy of a neighbouring
molecule. This increases the temperature of the material, because the
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Figure 1.2: (a) A short optical pulse illuminates a piece of optically absorbing material,
the photoacoustic source is shaped by the light absorption pattern. A propagating
laser-induced ultrasound pulse is generated. (b) The propagating LIUS pulse in some
medium encounters small objects that scatter the wave front in all directions. (c) The
propagating wave front is deformed as it encounters a local change in the sound speed
of the medium. As an example, if medium 1 is adipose breast tissue and medium 2
fibroglandular tissue, v1 ≈ 1460 m/s and v2 ≈ 1520 m/s

photon energy now remains inside the material rather than being emitted
again.

However, simply having a material absorb some light and heat up does
not automatically give a photoacoustic response. If the material only heats
up gradually, it will simply expand as it does so, contracting as the heat
is dissipated. To generate a propagating photoacoustic pulse, the material
must not have time to gently expand during the energy deposition. A short
excitation pulse in the 5-100 ns range is generally employed, depending on
the exact application. A useful way to think about the efficient generation
of photoacoustic pulses is through the concept of stress confinement. If
we consider some light absorption profile in a simple optically absorbing
medium as dictated by the illumination spot shape and the Lambert-Beer
law,

φ(x, y, z) = φ0(x, y)e−µaz (1.1)

where φ indicates the light fluence at a given location in [J·cm−1], φ0 is
the fluence at the material surface and µa denotes the optical absorption
coefficient in [cm−1]. The dimensions of the volume in which we wish
to generate a photoacoustic signal are dictated by eq. 1.1, as illustrated
in Fig. 1.2(a). The characteristic absorption depth is denoted d in Fig.
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1.2(a), for stress confinement to be fulfilled the optical pulse duration
should be shorter than the time it would take an acoustic pulse to cross
the light absorption profile,

τ =
d

vs
(1.2)

where τ is called the stress confinement time, d is the source dimension
and vs the sound speed in the absorbing medium. One example that
will be used extensively in this thesis is the heat transfer from optically
absorbing carbon particles to a transparent polymer matrix. This is an
advantageous interaction, because many polymer materials exhibit strong
thermal expansion, while not necessarily absorbing light very strongly.

In photoacoustic imaging the generated pulse is itself also the signal of
interest, however for LIUS imaging it is only the starting point. Informa-
tion about the medium (often biological tissue) in which the LIUS pulse
propagates can be gained by observing various interactions between the
sound wave and the medium. Figure 1.2(b) illustrates what happens when
an ultrasonic pulse encounters small variations in acoustic properties and
is scattered by them. The backscattered echoes are the signals used to
form an image in pulse-echo ultrasound imaging, though in tomographic
imaging the side-scattered and forward scattered signals are also used.
Figure 1.2(c) illustrates, in somewhat exaggerated form, the deformation
of the wave front as part of it passes through an area of increased sound
speed (v2, ≈ 1520 m/s) with respect to the surrounding medium (v1,
≈ 1460 m/s). The changes in arrival time at some detector caused by this
deformation can be used for through-transmission sound speed imaging.

4 Forming ultrasound and photoacoustic
images

In photoacoustic and ultrasound imaging the detection is usually done by
an array of acoustic detection elements, whose operation is often based
on the piezoelectric effect, where acoustic pressure is converted to an
electric voltage (or vice versa). Figure 1.3(a) illustrates a situation where
an acoustic point source (small black x) emits an ultrasonic wave in all
directions (dark and light blue circles), which is then picked up by a linear
array of ultrasound transducers (grey rectangles). The difference in arrival
time for the signal at different transducers can be seen at the top of the
figure. A whole range of reconstruction algorithms [48–53] can then be
employed to recover an image from the recorded signals.

7



Figure 1.3: (a) Reception of acoustic signals from a point source, showing the receive
delay for each element of a multi-element detector array. (b) Reconstruction of an
image from the received signals; each signal is projected back into the image domain,
the signals overlap at the location of the source.

The basic idea behind the delay-and-sum reconstruction algorithm is
illustrated in Fig. 1.3(b). The signal recorded by each transducer array
element is projected into the image space, spreading the signals for a
single element out along contours of equal time delay. The circle segments
centred on each element and colour-coded to match the recorded signal
illustrate this key idea. By repeating this procedure for each element and
summing the result, the location of the source of the signal is reconstructed
where the signal overlap. The more elements are employed, the stronger
the enhancement of the source and the less noticeable the rest of the
back-projected signals will be. Whether the point source in this example
is a photoacoustic source or a scatterer of acoustic waves emitted by the
same transducer used for the detection, the reconstruction functions in
broadly the same way.

The quality of a reconstructed image is influenced by many factors,
from the equipment used and our knowledge of the acoustic properties of
the object to be imaged, to the reconstruction algorithm used. The best
achievable axial and lateral resolution of an ultrasound imaging system
depends on the bandwidth and centre frequency of the detected signals.
Generating more broadband signals can be beneficial, but only to the
extent that the frequency content of the signal can actually be detected.
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Employing an ultrasound transducer array as a phased-array transmitter
works well as long as the element size and spacing are both smaller than
the generated (and detected) acoustic wavelengths. This condition may be
challenging to meet when designing high-frequency piezoelectric transducer
arrays, but more readily achieved using LIUS.

The interaction of the ultrasound with the tissue under investigation
can also influence image quality. For example, unknown variations in the
sound speed can lead to the blurring of features, or even their complete
disappearance. Acoustic attenuation and the geometry of the transmitted
field cause only a certain range of depths to be suitable for imaging, any
deeper and the returned signals may be too weak. Shadowing an enhancing
effects, where an area of increased scattering can artificially darken an area
behind it, or an area of decreased scattering artificially brightens should
also be considered when interpreting reconstructed ultrasound images [54].

5 Overview of the field

There are several aspects of laser-induced ultrasound that recent research
has tried to leverage for improved performance in biomedical applications.
Quite some variation can be found in the materials used, depending on the
precise needs; low cost, high ultrasound pressure, high frequencies/broad
bandwidths or miniaturisation being just a few examples. Historically,
the first materials used were metals, partly because of the origin of laser-
induced ultrasound in the field of non-destructive testing, where the LIUS
was and still is generated directly on the surface of metal objects [55, 56].
From the start of the century onward, a shift towards composite materials
can be seen, first mainly epoxy resin-based composites [57] and later to
elastomers, mainly polydimethylsiloxane (PDMS)[58, 59]. Combinations
of metal with enhanced optical absorption from carbon compounds and
further improvements by adding a PDMS layer have also been demonstrated
[60].

In the last decade, practically all LIUS transmitters for biomedical
applications have empoyed PDMS, because it has a high thermal expansion
coefficient and combines readily into composites with many kinds of opti-
cally absorbing materials, such as gold nanoparticles (AuNPs) and various
types of carbon nanoparticles [59] and certain dyes [61]. When selective
absorption of certain wavelengths of light is desired, often the case when
combining LIUS with other optical techniques such as photoacoustic imag-
ing, AuNPs and dyes will be preferred. However when cost-effectiveness
is desired, combined with a high thermal transfer efficiency from absorb-
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ing agent to PDMS, carbon nanoparticles are generally used. One of
the cheapest variants is carbon black (CB), a product of the incomplete
combustion of crude oil, which has a high surface-to-volume ratio with
particles from 20 nm in diameter up to aggregates several hundreds of nm
in diameter [62]. Even better and more reliable surface-to-volume ratios
may be achieved with the use of carbon nanotubes (CNTs) [63] and candle
soot nanoparticles (CSNPs) [64], though the former is more expensive
than CB and the latter, though highly efficient, is currently obtained in a
rather ad-hoc manner, raising questions about reproducibility.

Recent work on LIUS imaging has shown the advantages of the broad-
band, high-frequency signals that can be generated, when combined with
similarly broadband detection. For example, Pham et al. [65] demon-
strated a dramatic image improvement when using single LIUS plane
wave insonification, detecting the signals with a scanning planar Fabry-
Pérot resonator. In an experiment showing the excellent potential for
miniaturisation, Colchester et al. [66] showed high resolution intravascular
ultrasound imaging, employing one rotating optical fibre with a side-facing
directional LIUS transmitter and one stationary fibre with an omnidirec-
tional Fabry-Pérot sensor at the tip. Together this allowed for detailed
ultrasound imaging of ex-vivo swine carotid artery with a probe less than
1 mm in diameter.

Another advantage of the high ultrasound frequencies that can easily
be generated using LIUS, is the ability to generate a very tight focus at
high pressures. Baac et al. have developed what they term a photoacoustic
lens, a concave surface of CNTs and PDMS and used it for both tissue
characterisation [67] and highly precise tissue ablation [68], where they
show selective removal of a single cultured ovarian cancer cell. Lee et al.[69]
have shown volumetric ablation of ex-vivo tissues using a similar approach,
with a 50 µm precision. Realising that the use of high frequencies for
ablation would limit the depth at which they could operate, Baac’s group
also developed a lower-frequency version of their PA lens system [70] by
controlling the level of optical absorption in the PDMS-CNT composite
material.

The combination of ultrasound with PA imaging has been used for
some time, as the techniques complement each other well [71]. Several
tomographic devices combining PA with LIUS have also been demonstrated,
for the imaging of phantoms and small animals such as zebra fish or mice.
Ermilov et al. [72] demonstrated a cylindrical-geometry device containing
PA excitation, LIUS sources and ultrasound transducers with a 1.5-4.5 MHz
bandwidth. Though no specific values for resolution are given, they show
a detailed representation of the internal organs of a mouse, as well as an
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accurate volumetric sound speed map of a mouse-sized phantom, using 3D-
reconstruction rather than simply stacking 2D slices on top of one another.
Similarly, Nuster [73] and Wurzinger [74] et al. demonstrated both 2D
section imaging and 3D imaging of phantoms and zebra fish in an all-optical
device. Their detection was based on a Mach-Zehnder interferometer, with
one of the arms passing through a water tank containing the samples.
Rotating the samples enabled tomographic imaging at high resolutions, 85
µm in the PA mode and 40 µm in the LIUS mode. In the years prior to
this, some work in hybrid PA/LIUS tomographic phantom imaging was
also performed by Jose et al. at the University of Twente [75, 76].

This section has given a birds-eye view of the main research directions
currently being pursued in the field of laser-induced ultrasound for biomed-
ical imaging. It is by no means exhaustive, many more articles have been
published, many of which will be mentioned further on in the thesis. For
now, I hope to have given an idea of some of the main attractions of LIUS,
both by itself and when combined with PA imaging.

6 Thesis overview

The purpose of this thesis is to explore the use of laser-induced ultrasound
for the imaging of larger organs, particularly the human breast. It will
continue the exploration of the potential of LIUS in 2-dimensional, linear
array-based, ultrasound imaging. The design and development of trans-
mitters for tomographic imaging, geared towards use in the PAMMOTH
device will be central to the work.

The thesis can be subdivided into roughly three subcategories. Chap-
ters 2 and 3 deal with linear array-based laser-induced ultrasound imaging.
They deal with two proof-of-concept imaging experiments with multi-angled
plane wave imaging and synthetic transmit aperture imaging respectively,
comparing both to their conventional counterparts. In Ch. 2 we will see
that even with band-limited detection the contrast of a tumour-mimicking
structure in a breast phantom can be improved by using LIUS plane waves.
The likely cause of the improvement was the better confinement of the
LIUS plane waves within the imaging plane at greater depths. In Ch. 3
similar improvements are shown when using synthetic transmit aperture
insonification, again largely due to the better in-plane confinement. In
this case it appears some effect of inter-element cross talk is also present
in the conventionally acquired images, while absent in the LIUS images.

Chapters 4 and 6 deal with the design, development, fabrication and
testing of lower-frequency transmitters tailored for use in tomographic
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imaging of larger objects, such as the human breast. Chapter 4 deals more
specifically with transmitters as designed with the PAMMOTH system in
mind, providing a template for a broadly applicable design and fabrication
approach for LIUS transmitters. Chapter 6 elaborates on the design by
illuminating with a variable-duration optical pulse, which provides a broad
range of frequency tuning from just a single transmitter.

Chapter 5 introduces a lab-based prototype system emulating the
PAMMOTH design in a 2-armed variant, rather than an entire imaging
bowl. The chapter deals with photoacoustic and LIUS imaging of a
2D phantom in a single-slice tomographic set up. The combination of
photoacoustic imaging, pulse-echo ultrasound and sound speed mapping
shows the potential for much-improved imaging of an object with breast-
like dimensions and acoustic properties.

Finally, chapter 7 will provide an outlook for the field of biomedical
laser-induced ultrasound imaging. From the current status of the field,
speculation is provided to form an image of future developments and what
new frontiers in biomedical imaging they may unlock.
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Abstract

This chapter presents spatially compounded plane wave imaging using a
laser-induced ultrasound source. The plane wave source consisted of a
30 µm thick film of carbon black-doped PDMS cured on a 100 µm thick
polyester substrate and presented a rectangular aperture of 40 x 3 mm.
It was placed in front of a linear ultrasound array, passing through the
imaging plane allowing overlap of the detection plane and the insonification
plane. Illumination was provided by an array of optical fibre bundles
placed above the imaging plane, at an angle. We will first present the
general imaging set up and instrumentation used, after which details
are given on the fabrication of the transmitter itself and on the objects
that were imaged. Comparing laser-induced and conventional ultrasound
images of wire phantoms shows the point-spread-function to be, in general,
slightly better laterally in the conventional case but more homogeneous
throughout the imaging plane with the laser-induced source. Imaging of a
tissue-mimicking phantom shows a 55% improvement in contrast between
a tumour and the background when using laser-induced ultrasound, as
compared to the conventional case.



1 Introduction

Laser-induced ultrasound (LIUS) sources exploit the photoacoustic effect
in a designed optical absorber as an ultrasound source for imaging. They
are a relatively new subject of study in the field of biomedical imaging,
often used in combination with photoacoustic tomography [1–3]. Most
effective LIUS transmitters for biomedical imaging purposes are based
on some combination of an elastomeric host material seeded with an
optically absorbing agent. [4–11] The host material ideally provides a high
thermal expansion coefficient, allowing for efficient photoacoustic pressure
generation, as well as simple fabrication techniques and low cost. The
added optical absorber is often a carbon compound such as Carbon Black,
as this is highly optically absorbing. The easy and flexible fabrication
methods offered by elastomeric materials such as polydimethylsiloxane
(PDMS) [12] allows for a wide range of transmitter designs and field
geometries adaptable to an array of biomedical applications.

Several groups have demonstrated purpose-built systems for combined
photoacoustic and LIUS tomography of small animals. Wurzinger et
al. [13] built an all-optical system based on a free-space Mach-Zehnder
interferometer and a plane wave LIUS source, where a tomographic image
is obtained by rotating the sample, in this case a zebrafish. Similarly
Ermilov et al. [2] built a small animal imaging device with a cylindrical
geometry based on rotation of detectors and emitters around the sample,
using piezoelectric detectors.

Alles et al. performed imaging using a fibre-optic LIUS pencil beam
source and a fibre-optic US detector based on a Fabry-Pérot etalon [14].
Linear scanning of the colocated source and detector produced images of
ex-vivo swine aorta. In a different paper [15] they also performed video-
rate LIUS imaging, using a single fibre-optic detector and LIUS sources
at multiple locations along a linear aperture to image a zebrafish and
pulsating swine carotid artery, both ex vivo.

Kruizinga et al. [16] presented LIUS imaging with an off-the-shelf
linear array US detector, in a biomedically relevant hydrogel phantom
containing a hyperechoic mass and several point scatterers. Their LIUS
plane wave source was based on a black polyethylene film placed in direct
contact with the top surface of the phantom, and detected by a clinical
ultrasound array placed at 10 mm distance from the film. This allowed
transmission of plane waves at a single insonification angle, although the
resulting images exhibited a relatively poor resolution and signal-to-noise
ratio. The quality of the images may be improved substantially by the
usage of multiple insonification angles and spatial compounding, as is
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already done routinely in conventional plane wave imaging [17].

This work presents a set up which enables multiple plane wave insonifi-
cation angles by using a mechanically rotated LIUS source suspended in
front of a clinical US array. Images are taken of a crossed-wire phantom
and a breast-mimicking phantom to assess the performance of spatially
compounded LIUS plane wave imaging (PWI), while also comparing the
results with conventionally acquired spatially compounded plane wave im-
ages. Comparable values of axial and lateral resolution are found between
the two methods and higher contrast from a hyperechoic tumour in the
breast phantom is seen for the LIUS case.

2 Materials and Methods

2.1 Concept

The LIUS plane wave imaging set up, installed in a water tank, is presented
in Fig. 2.1. It consists of a linear ultrasound array as a receiver and a
carbon black-doped PDMS film on an acoustically transparent polyester
substrate as LIUS transmitter. The LIUS transmitter is placed in front
of the receiver at a distance of 11 mm, leaving space for it to rotate
freely over a range of 30◦, allowing acquisition of signals over multiple
insonification angles as indicated in the top view in Fig. 2.1(a). LIUS
pulses are generated by laser illumination of the transmitter through four
fibre bundle outputs connected to a single input, into which the laser
light is coupled. The generated LIUS plane wave will back-scatter from
the sample (a wire phantom or tissue mimicking breast phantom) and
propagate through the transmitter to the receiver, where it is detected as
illustrated by the red arrow in the side view in Fig. 2.1(c). For a series of
different transmit angles the detected signals can be reconstructed into
individual images, which are summed to create a spatially compounded
image.

Conventional spatially compounded plane wave imaging is also per-
formed, using the receiver as a phased-array transmitter to generate angled
plane waves, allowing for comparison to LIUS imaging. To ensure a fair
comparison, the PDMS film is left in place during conventional imaging
and rotated to match the insonification angle. The in-plane placement
of the LIUS transmitter has the advantage that it enables a one-to-one
comparison of LIUS to conventional images, however it does lead to some
reflection artefacts, which have to be removed in post-processing.
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Figure 2.1: (a) Top view schematic of the set up used, including laser-induced ultrasound
source with illumination fibres, ultrasound array and sample. The maximum and
minimum insonification angles are indicated. (b) Photograph of the set up in side view,
including the probe, custom-built LIUS mount and breast phantom. (c) Schematic side
view of the set up, indicating the location of the array, LIUS source, ilumination and
sample. Yellow arrows point to the corresponding structures in the photograph, the
red arrow indicates the path the LIUS pulse takes from the transmitter to the sample
and back through the transmitter to the detector.

2.2 Instrumentation

The excitation light, 10-ns pulses at 532 nm from a frequency-doubled
Nd:YAG laser (Quanta Ray pro-250, Spectra Physics, USA), is coupled
directly into a multi-output fibre bundle (CeramOptec GmbH, Germany)
with a 12 mm input diameter. Four 4.3 mm diameter outputs of the fibre
bundle illuminate the LIUS transmitter with the pulse energy distributed
equally between them. The pulse energy per fibre output for LIUS gen-
eration is 10 mJ. The fibre bundles are rigidly connected to the LIUS
transmitter in a custom-designed, 3D-printed mount and illuminate the
transmitter from outside the imaging plane at a 30◦ angle as shown in Fig.
2.1(b,c). The mount is connected to a rotation stage such that the lateral
centre of the transmitter is aligned with the rotation axis, at a distance
of 11 mm from the receiver to allow for a 30-degree range of rotation,
from -15◦ to +15◦ in 1◦ steps. The US receiver is a 5-11 MHz 128-element
linear array(L3-12, Alpinion Medical Systems, South Korea), with an
inter-element pitch of 0.3 mm and elevational size of 4.5 mm, providing a
transmit and receive aperture of 38 mm width. The elevational focus of the
receiver is located at 20 mm depth, meaning that the samples are always
placed beyond the focal region due to the geometry of the experiment.
This will have some effect on the quality of the images. Signals from the
receiver are read and stored by a research ultrasound system (EC12-R,
Alpinion Medical Systems, South Korea), based on a clinical model by the
same manufacturer.
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Characterisation of the ultrasound fields transmitted by both the linear
array and the LIUS transmitter is performed with a hydrophone system
consisting of a 1 mm diameter PVDF needle hydrophone, a submersible
preamplifier and a DC coupler (Precision Acoustics, UK). The signals
from this system are detected on a digitiser (DP105, Agilent Technologies,
USA) built into a PC.

2.3 LIUS transmitter fabrication and
characterisation

The LIUS transmitters consist of a layer of 2.74% w/w carbon black-
doped (Printex 60, Palmer Holland, USA) PDMS (Sylgard 184, Dow
Corning, USA) cured on a 100 µm thick polyester substrate. The 80x20
mm2 substrate is cut out of a transparency film (CG3460, 3M, USA). A
schematic of the production of a transmitter is shown in Fig. 2.2. The
first step in the process is to create a high-concentration stock mix of
CB-PDMS, in this case having a 7.38% concentration of CB. Having a
large amount of stock solution premixed allows more efficient fabrication of
multiple transmitters with different properties. To create a homogeneous
suspension of small (≈20 nm) carbon black particles shear mixing with a
mounted hand mixer is applied for 2 hours to break up the agglomerates
[18]. Some of the stock mix is diluted to the desired concentration by
adding more PDMS, and the corresponding amount of curing agent to
achieve a 10:1 ratio of PDMS to curing agent. After mixing in the curing
agent the tube of CB-PDMS mixture is degassed, either by centrifuging at
1300 g for 2 minutes or by placing it in a vacuum chamber at -1 bar, after
which it is ready to be coated onto the substrate. A 200 µL volume of
mixture is pipetted onto the substrate, which is attached to a microscope
slide for stability, then spin coated at 2000 rpm for 1 minute. After coating
the CB-PDMS is cured in an oven at 100 ◦C for 90 minutes.

The optical absorbance of the film is determined in a spectropho-
tometer (UV1600, Shimadzu, Japan), while the CB-PDMS layer thick-
ness is measured using an in-house optical coherence tomography (OCT)
apparatus[19]. Because the absorbance of the 2.74% CB-PDMS mix is
outside the linear range of the spectrophotometer, the optical absorption
coefficient (µa) is instead determined by extrapolating from the linear
concentration-dependence of four further diluted mixtures (0.13-0.58%),
placed between two microscope slides with a 140 µm spacer.

Hydrophone scans of the acoustic field are also taken using the hy-
drophone system described in the previous section. A 2-D scan is taken
on a 10 by 50 mm grid with a 0.5 mm resolution, at a distance of 39
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Figure 2.2: Schematic representation of the LIUS transmitter fabrication process. (I.)
Shear mixing to break up any agglomerates in high-concentration stock suspension
of CB-PDMS. (II.) Dilution to desired concentration of 2.78% CB by adding PDMS
and curing agent, final solution contains PDMS and curing agent in a 10:1 ratio. (III.)
Degassing by centrifuge, use of a vacuum pump is also an option. (IV.) Spin coating onto
polyester substrate. (V.) Curing for 90 minutes in an oven at 100◦C. (VI.) Occlusion
(selective blocking of the excitation light) with sticky aluminium foil to produce the
desired aperture shape and size.

mm from the conventional array and 28 mm from the LIUS transmitter
corresponding to the location of the objects to be imaged. The distances
differ by 11 mm to account for the distance between conventional array
and LIUS transmitter, so that the hydrophone measurements are taken at
the same location in the imaging plane.

2.4 Signal processing and image reconstruction

The hydrophone signals stored in the field scans were used to visualise
the temporal behaviour and frequency content of the generated signals, as
well as producing pressure maps and height maps to determine the field
flatness. The pressure maps were obtained by taking the peak-to-peak
value of the time signal in mV and dividing by the hydrophone needle
sensitivity in mV/MPa. By determining the arrival time of the maximum
of the signal for each point in the scan and taking the speed of sound
in water into account, a height map is generated. To find the spectral
characteristics of the detected signals, a representative signal at the centre
of the field was taken and Fourier transformed in a square window around
the main pulse. This means taking a 0.2 µs window for the conventional
signal and a 0.1 µs window for the LIUS signal.
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To obtain a spatially compounded plane wave image from the RF data
collected by the detector array, individual plane wave images were taken
for insonification angles of -15◦ to 15◦, in 1◦ steps, giving a total of 31
images. The imaging depth was 10 cm to ensure complete inclusion of
the phantoms to be imaged. The image is reconstructed from the RF
data by a delay-and-sum algorithm [17], implemented in MATLAB®. The
data gathered for each plane wave angle is stored as 128 time signals,
one for each individual element in the detector array. Per angle, each of
these time signals is processed with a band pass Butterworth filter, with
a 4-8 MHz pass band for both conventional and laser-induced sources,
taking the opening angle of the elements into account, for an image for a
single steering angle. The presence of the LIUS transmitter in the imaging
plane leads to a series of reverberations between transmitter and probe
in each individual image. In the compounded image this would lead to
a series of washed-out regions at multiples of the receiver-transmitter
distance, possibly obscuring features if the imaged objects. To overcome
this, a background image without a sample is taken at each angle, which
is then subtracted from the sample image, post-beamforming. Repeating
this process for all steering angles and summing the absolute value of
the signals leads to an incoherently compounded image. As a final step
the envelope of the image in the axial direction is taken by performing a
Hilbert transform.

2.5 Test objects and phantoms

To quantify the performance of both conventional and LIUS PWI, a
crossed-wire phantom (Fig. 2.3(a)) was used to determine the point-spread
function (PSF) throughout the imaging field. A total of 6 lengths of 60 µm
thick, transparent fishing wire (Extreme Nylon, JVS, The Netherlands)
were passed through holes in a pair of PMMA plates, spaced 10 cm apart.
By passing a wire diagonally through opposing holes in the two plates, and
crossing them in the middle, the wires will appear as point scatterers in
different locations laterally depending on the height of the imaging system
relative to the phantom. By crossing wires at several depths any variation
in the PSF throughout the imaging region can be taken into account.

To test the imaging system on a more complex structure, a tissue
mimicking breast phantom (Model 073, CIRS Inc., USA) including several
hyperechoic tumour-like structures and hypoechoic cyst-like structures
and speed-of-sound values typical of human tissue (centered around 1540
m/s) was imaged. Analysis of contrast values in the obtained images will
enable a comparison of image quality between LIUS and conventional
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Figure 2.3: (a) Crossed-wire phantom, in this case threaded with black wire for visibility.
Wires are identified by being in column 1 or 2, and row A, B or C increasing in distance
from the US source and detector. (b) Top view of the CIRS breast phantom, dashed
circle indicates the location of a tumour that was imaged, the solid arrow indicates
the imaging direction. (c) Side view of the breast phantom, dashed line indicates the
imaging plane.

excitation. As the phantom images acquired featured a tumour embed-
ded in the background glandular material, contrast was determined by
taking the ratio of the mean pixel value within the tumour to that in the
surrounding background material. Figure 2.3(b) and (c) show top and
side-view photographs of the breast phantom, the location of the tumour
and imaging plane are indicated with dotted lines and arrows.

3 Results and discussion

3.1 LIUS transmitter properties

Based on a linear least-squares fit to the optical transmission measure-
ment series of low-concentration CB-PDMS mixtures (0.13-0.58%), an
extrapolated value of µa = 244± 10 mm−1 at 532 nm wavelength is found
for the 2.78% concentration transmitter. The OCT measurements give a
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PDMS-film thickness of 35± 2 µm, making the total transmitter thickness,
including the substrate, around 135 µm.

Figure 2.4(a) shows the temporal signals of both the conventional
US array (green) and the LIUS transmitter (blue) as measured in the
centre of the field at a distance of 38 mm from the receiver and 28 mm
from the LIUS transmitter, the upper time axis corresponds to the LIUS
signal, the lower one to the conventional signal. The conventional array
generates a 0.2 µs burst with a maximum pressure of 1200 kPa, and a
minimum of 950 kPa, after passing through the LIUS transmitter. The
LIUS transmitter produces a 0.07 µs positive pressure pulse with an
amplitude of 360 kPa, while some minor negative pressure components
follow it, presenting pressures of around 100 kPa. The frequency spectra
of both signals a presented in figure 2.4(b). The conventional array has
a spectrum centered at 7.9 MHz, with a -6dB bandwidth of 5.6 MHz.
The LIUS transmitter spectrum peaks at 8.0 MHz, but has a much larger
bandwidth, 15.2 MHz at -6dB. While not perfectly matched, the degree of
overlap of the two spectra ensures efficient detection of the LIUS pulses by
the receiver array. The lower amplitude presented by the LIUS pulse may
cause a slight decrease in signal-to-noise ratio in the LIUS images, though
it is still well within the range of detectability for the detector array, and
should thus form no impediment to the experiments.

Figure 2.5 shows a comparison of the (peak-to-peak) pressure fields
and height maps at a distance of 38 mm from the receiver, and 28 mm
from the LIUS transmitter. For the pressure maps, the LIUS pressure
field is more homogeneous, whereas a series of hot spots (±10%) can be
seen in the conventional field, local maxima and minima of pressure. The
height maps show the conventional field to be flat to within 20 µm laterally,
while the LIUS field has a 100 µm bulge in the middle, caused by a slight
deformation of the substrate. Aside from the bulge, fluctuations in the
LIUS height map are also within 20 µm. Mounting the transmitter in a
different way, e.g. adding some lateral strain may be a good approach to
flatten out this bulge. However, as will become clear based on the wire
phantom images (section 3.2), the 100 µm bulge in the LIUS field is still
well within the point-spread function of the system, meaning it should
have no adverse effect on the image quality. The results of more detailed
scans, addressing the overlap between the LIUS and conventional fields
as well as the accuracy of the transmit delays used in the reconstruction
are shown in the supplemental materials. These scans show that the LIUS
field at a 15◦ angle still has an overlap of 56% with the receive field at
a depth of 80 mm. At that same depth and angle the lateral shift of
the LIUS field relative to the transmitted conventional field, due to the
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Figure 2.4: (a) Time signals of the LIUS source and the conventional array, showing a
peak positive pressure of 1200 kPa for the conventional source, 360 kPa for the LIUS
and (b) the frequency spectra of both sources, showing the overlap between the two
spectra.

placement of the LIUS source in front of the detector array, is no more than
3 mm. The elevational opening angle of the conventionally transmitted
field is 7.56◦ at -20dB, while that of the LIUS field is only 3.79◦. For both
sources the difference in transmit delay for all angles and positions between
hydrophone measurements and estimates used in the reconstruction do
not differ more than 100 ns, which would correspond to a miscalculation
in position of 150 µm in the hydrophone scan.

3.2 Imaging results

Suppression of reflection artefacts

Figure 2.6(a) is a background LIUS image taken by the system without
the presence of a sample in the imaging tank. Several reverberations of the
back-propagating LIUS pulse between receiver and transmitter combine
to form the washed out regions at regular depth intervals, corresponding
to the transmitter-receiver distance. Figure 2.6(b) shows the LIUS image
of a wire phantom before removal of the reflection artefacts caused by
the in-plane presence of the transmitter, Fig. 2.6(c) shows the effect of
subtracting the reference sub-images for each insonification angle from
the original sub-images and then compounding. It can be seen that most
reflections are suppressed to below -50 dB, the most intense parts to -30
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Figure 2.5: Hydrophone measurements of ultrasound fields emitted by the conventional
probe (left) and the LIUS transmitter (right) at the same location in the imaging plane.
The top two figures compare the pressure distributions in the fields, and the bottom
figures show height maps, providing an indication of the flatness of the fields. The
conventional field is flat to within 20 µm, whereas the LIUS field exhibits a 100 µm
bulge in the middle due to a slight flexing of the substrate.

dB. The signal intensity from the wires is maintained after background
subtraction, the lowest value being 95% of the value in the original image.
Assessing the axial and lateral extent of the wires at -6 dB shows that they
remain of an identical shape, the only difference being an improved SNR
in those parts of the image affected by the artefacts as shown in table 2.1
for each wire.

Row Pre-compensation SNR Post-compensation SNR

A 19.4 16.0 31.0 33.3
B 15.0 15.6 14.0 16.0
C 13.5 11.5 13.5 11.5

Column 1 2 1 2

Table 2.1: Comparison of SNR values for the 6-wire image shown in Fig. 2.6, Column
and row indications correspond to those indicated in Fig. 2.3(a)

Wire phantom images

The crossed-wire phantom was imaged at ten elevational positions, allowing
for a sampling of the PSF at a total of 60 different positions, there being
six wires. Images from two positions are shown in Fig. 2.7. Cross sections
of the wires in the images are shown in the plots and compared between
LIUS and conventional imaging. The axial PSF shows little change in
relation to lateral position, as well as between imaging techniques. Some
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Figure 2.6: (a) A background image, taken without presence of a sample in the water
tank (b) LIUS wire phantom image with reflection artefacts from transmitter and (c)
the same image after angle-by-angle subtraction of the reference images

differences can be seen in the lateral cross sections as a function of axial
position for LIUS and conventional images, as illustrated in Figs. 2.7a and
c.

To compare the performance of the LIUS system to the conventional
imaging method, an analysis of PSF behaviour is performed for both.
Out of the 60 wire positions measured, throughout the imaging region,
the axial PSF values are stable, having a -6dB value of 0.35±0.03 mm
(mean ± standard deviation) in both the LIUS and conventional images.
The lateral PSF deteriorates with imaging depth, which is to be expected
as both the LIUS (3.79◦ full opening angle at -20dB) and conventional
(7.56◦) fields diverge elevationally with depth. This divergence leads to
smearing of the deeper-lying wires as more signals from out of the imaging
plane, where the wire is in a different position, are received. Because
of this depth-dependence, the lateral PSF is evaluated per depth, per
imaging method. The most shallowly placed wires (at the top of the
image) exhibit -6dB PSF values of 0.96±0.06 and 0.86±0.04 mm in the
LIUS and conventional images respectively. The middle wire pair has the
same mean size of 1.37 mm accross both techniques, the standard deviation
being 0.07 mm in the LIUS case, and 0.08 mm in the conventional one.
Finally, the deepest-lying wires have a LIUS PSF of 1.74±0.19 mm and a
conventional PSF of 1.77±0.30 mm.

These results indicate that the axial PSF is limited by the detection
bandwidth, as the axial resolution of LIUS would be between 100 and
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Figure 2.7: Representative examples of fishing wire phantom images. (a) Lateral PSF
comparison for LIUS and conventional images with wires at a large distance, the lateral
spread of the point scatterer is relatively large in the LIUS image, close to the probe.
(b) Comparison of axial PSF for the same case, it is difficult to discern a difference
between the LIUS and conventional quality here. (c) Lateral PSF comparison with the
wires at a smaller distance.(d) Axial PSF comparison with wires at a close distance,
again there are no discernible differences between the two techniques apart from the
different relative amplitudes.

200 µm based solely on the spatial extent of the pulse. The mean size
of the lateral PSF is consistently larger by an average of 100µm in the
LIUS images for the shallowest pair of wires, while it is identical to the
conventional results for the deeper wires, with the exception of the standard
deviation values. The larger value of the standard deviation indicates a
larger variability with lateral position for the conventional source than the
LIUS source, especially for the deepest-lying wires. This can be explained
in terms of the laterally inhomogeneous conventional pressure map shown
in Fig. 2.5, and the accompanying variations in the elevational extent
of the field, and thus the amount of blurring due to out-of-plane signals.
While the 11% increase of the mean lateral PSF size for the shallow wires
in the LIUS image is striking, the difference amounts to a third of the
inter-element spacing of the detector array, and thus a third of the lateral
pixel size used in the reconstruction.

34



Tissue-mimicking phantom

Figure 2.8 shows a side-by-side comparison of part of the CIRS phantom,
imaged using both LIUS and conventional plane wave imaging. The
illustration in Fig. 2.3(b) presents the various components of the phantom
that can be seen in the images. A spherical tumour is clearly distinguishable
beneath the fat layer (top) as a circular, hyperechoic area in both images.
In both images the fat layer has a thickness of 11 mm, and the tumour
presents as a solid circle with a diameter of 6.5 mm. Some strong scatterers
can be seen on the outside surface of the fat layer, at the top of both
images, as well as on the interface between the fat layer and the glandular
layer. These scatterers are residual air bubbles. The bubbles on the inside
are due to an incipient separation between the outer fat layer and the
inside of the phantom. While the presence of the bubbles in the imaging
plane could be minimised manually, it was not possible to clear them
out altogether. Several differences can already be seen by eye in the
images, such as the higher tumour contrast in the LIUS image, as well as
a difference in the speckle density and size in the fatty layer. The lateral
extent of the conventional image also appears larger than that of the LIUS
image. The tumour contrast values were determined as 2.33 and 1.50 in
the LIUS and conventional images respectively, a difference of 0.83. It is
most likely that the cause of the improved contrast in the LIUS images
is an effect of the positioning of the phantom outside of the elevational
focus of the detection array. The field emitted to take the conventional
images will have spread out of the imaging plane at these depths, leading
to out-of-plane artefacts which decrease the contrast in the final images.
The LIUS field, on the other hand, stays confined within the imaging plane
at larger depths, due to its less focussed nature. A way to verify this would
be to bend the substrate of the LIUS transmitters to have a more similar
elevational opening angle as the conventional transducer, and check image
quality again.

3.3 Further discussion

Overall, a major limit is imposed on the quality of the presented images
by the fact that the elevational focus of the employed US probe lies at
20 mm. The presence of the LIUS transmitter, and the need to rotate it
to an angle of 15◦ means that the phantoms could only realistically be
placed at a distance of 30 mm and beyond, meaning the bulk of the image
is being taken well out of the focal area. The main consequence of this is
a decreasing lateral resolution with depth, as can be observed in figures
2.6 and 2.7. More may be learned by repeating these experiments with
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Figure 2.8: Comparison of LIUS and conventional images of commercial breast phantom.
The images both show a fat layer and embedded hyperechoic, spherical tumour. Some
minor differences in speckle behaviour can be seen, as well as the tumour contrast
appearing to be higher in the LIUS image. The transducer is located at the top of the
image, at a distance of 30 mm from the phantom/water boundary. The inset shows a
schematic view of the various layers of the phantom, showing water, fat and glandular
material with an embedded tumour from top to bottom. The small, bright discs indicate
scatterers on the outer surface and the interface between fat and glandular components.

the addition of a probe with a deeper and larger focal area. While the
current work was achieved with a flat LIUS transmitter, the fact that it
is coated on a flexible substrate means it could be bent into a range of
shapes, depending on the dimensions of the film. This offers possibilities
for future work, allowing an elevationally focussed LIUS source to match
the field of a traditional US probe more closely. Additionally, it might be
worth exploring different imaging geometries or compounding techniques
that may allow a closer positioning of the samples to the probe.

4 Conclusions

The results presented in this work show the possibility to perform multi-
angled plane wave imaging using a laser-induced ultrasound source and a
separately placed US probe. In addition, the use of a thin, acoustically
transparent polyester film for a substrate allowed for co-planar imaging,
meaning a relevant comparison of the LIUS and conventional images
could be achieved. While the axial PSF was quite stable and similar for
both techniques throughout the imaging area, this was not so for the
lateral PSF. LIUS imaging appears to generate a slightly worse PSF than
the conventional variant at shallower depths, though the exact cause of
this is not known. While the mean lateral resolution is identical to the
conventional values at larger depths, it is more homogeneous throughout
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the imaging area, perhaps due to the more even pressure distribution
as seen in figure 2.5. In the presented geometry the images of a breast-
mimicking phantom look to be of a similar quality, although LIUS wins
out in terms of contrast at depth, while the field of view appears larger in
the conventionally obtained image.
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Abstract

This chapter concerns the development and testing of a setup that uses
laser-induced ultrasound sources to achieve synthetic transmit aperture
ultrasound imaging. The sources are created by sequentially firing 32
contiguous multi-mode optical fibers to illuminate an optically absorbing
film with nanosecond-pulsed laser light. Ultrasound is generated by the
photoacoustic effect and insonifies the sample under investigation. Ul-
trasound which has interacted with the sample is detected in reflection
mode using a conventional ultrasound transducer array. We present the
custom-developed optical fibre multiplexing setup that enables sequen-
tial firing of the optical fibre array and characterize the acoustic fields
produced by the laser-induced approach using hydrophone measurements.
The integrated setup is used to make images of wire phantoms. Follow-
ing this, images are taken of a breast-mimicking phantom as well as the
wrist of one of the authors. Imaging results from the new approach and
from conventional ultrasound imaging are compared. The lateral and
axial point-spread function values show broad agreement between the
two approaches, whereas the phantom and in-vivo images exhibit some
differences in contrast values. This work is, to our knowledge, the first
instance of laser-induced ultrasound synthetic transmit aperture imaging
using a clinical ultrasound array.



1 Introduction

Laser-induced ultrasound (LIUS), that is, the use of an external photoa-
coustic source for transmission and pulse-echo ultrasound imaging, is a
relatively recent area of interest in the biomedical field [1]. Such sources
are readily made by the use of elastomeric composites doped with vari-
ous types of optically absorbing particulate carbon [2–8]. The efficiency
of a material’s photoacoustic response is determined by the following
equation[9]:

p0(x, y, z) = ΓηthµaF (x, y)e−µaz (3.1)

Here ηth and µa are the heat conversion efficiency percentage and optical
absorption coefficient [mm−1] respectively and F(x,y) represents the light
fluence on the material surface. The Grüneisen parameter Γ depends on
the thermal expansion coefficient β [K−1], the isothermal compressibility
κ [Pa−1], the density ρ [kg ·m−3] and the isochoric specific heat capacity
CV [J · kg−1 ·K−1] as follows:

Γ =
β

κρCV
(3.2)

This means the elastomers are usually selected to have a high thermal
expansion coefficient [10] as well as good acoustic coupling with biological
samples, thus materials like polydimethylsiloxane (PDMS) and epoxy are
often used.

Several implementations of LIUS imaging in conjunction with photoa-
coustic tomography, generally for the purpose of speed-of-sound mapping
and compensation in photoacoustic tomographic reconstruction, have been
shown in the previous decade. One such implementation describes 3D pho-
toacoustic imaging of an in-vivo mouse in a cylindrical geometry, including
transmission speed-of-sound maps taken with LIUS [11]. Another, earlier,
work [12] again focuses on the use of LIUS for transmission speed-of-sound
mapping, in this case in 2D slices of a rat kidney and a leaf skeleton.
Additionally, Wurzinger et al. demonstrated simultaneous photoacous-
tic and reflection mode ultrasound tomography in ex-vivo transparent
zebrafish[13].

Currently the most common approach in clinical ultrasound imaging
is to build images up sequentially, by transmitting focused beams to pro-
gressively form an image line by line. Two new methods depart from this
approach, for the purpose of increasing the imaging speed, by insonifying
the entire image region with either plane or diverging ultrasound waves
acquiring a full image per emission, albeit at low resolution. By combin-
ing several low-resolution images acquired by emitting the plane waves
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at different angles [14] or the point-like diverging source from different
positions, a high resolution image can be obtained. The first approach is
known, appropriately, as plane wave imaging and the second approach is
known as synthetic transmit aperture imaging [15]. Some work applying
LIUS sources to plane wave imaging using a clinical detector array has
been published, focusing on single-planewave [16] or multi-planewave [17]
insonification of tissue-mimicking phantoms. Plane wave imaging is an
area in which LIUS can be implemented relatively easily, as the generated
acoustic fields need only have a fairly simple geometry, and thus uniform
illumination of the absorbing layer is all that is required. The LIUS analog
of conventional synthetic aperture imaging has not yet been developed.
Alles et al. [18] showed synthetic aperture acquisition in both transmit
and receive by scanning an elliptical spot along a LIUS transmitter and
detecting with a tandem scanned fibre-optic hydrophone. This allowed 15
Hz imaging of ex-vivo zebrafish and swine carotid artery.

One of the possible advantages of using LIUS for ultrasound imaging
is the ability to generate clean, broadband pulses which can dramatically
increase the image resolution when combined with similarly broadband
detectors. Additionally, applications that rely on emission by a single
ultrasound source at a time in a dense array of sensitive transducers may
benefit from the use of LIUS as a means of completely eliminating inter-
element cross talk. The low cost of materials such as PDMS, polymer
substrate materials and carbon black particles, as well as the relative
ease of production for LIUS transmitters are also a strong point, as this
allows for easy switching between absorbers with different geometrical or
spectral properties using the same illumination system. This allows for a
low-cost flexibility for which there is no efficient analogue based on piezo
materials, as CMUTs or single-crystal piezomaterials require much more
complex fabrication approaches, with the accompanying higher cost. On
the illumination side, using optics or different positioning of the transmitter
relative to the light source also allows one to change the emission profile
of the emitted LIUS.[19] In the context of synthetic aperture imaging
specifically, for example, a diffraction-limited focus created by a lens would
allow a much closer approximation of a true point source, even at high
frequencies, than the elements in a clinical ultrasound probe would be able
to do.

A specific example of an area in which LIUS synthetic aperture ultra-
sound imaging can be well integrated is hybrid imaging in conjunction
with photoacoustics. This article lays the groundwork for a potential
expansion of a technique introduced by Held et al.[20] where quantitative,
fluence-compensated photoacoustic imaging is combined with ultrasound
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imaging. By using an optically narrowband absorber it would be possible
to excite laser-induced ultrasound as well as photoacoustic signals through
the same fibres by changing the wavelength of the light. An optimised
version of the illumination system used in the current work would allow
higher imaging speeds, developing the technique of Held et al. towards
in-vivo, clinical applications.

The current work aims to achieve synthetic aperture laser-induced
ultrasound imaging in conjunction with a clinical detector array. The
illumination of a PDMS and carbon black-based LIUS emitter by an
array of optical fibres fired sequentially allows the generation of point-like
sources along the imaging aperture resulting in diverging waves to insonify
the image region. The use of a clinical detector, as well as the imaging
not only of a large-volume tissue mimicking breast phantom, but also
in-vivo human wrists and fingers, shows the possibility of applying LIUS
to achieve images of a clinically acceptable level of quality. While the use
of a detection bandwidth narrower than that emitted by the LIUS source
diminishes the potential gain in spatial resolution, the other potential
advantages of using LIUS will still become apparent. A demonstration
of high-quality LIUS imaging using a conventional detector and familiar
insonification geometry can be seen as a stepping stone towards new
insonification schemes enabled by the use of light to shape the acoustic
source, as opposed to fixed piezoelectric elements.

2 Materials and Methods

2.1 Concept

To adapt synthetic aperture US imaging to incorporate a laser-induced
ultrasound source, an illumination strategy and a mounting solution are
devised. Figure 3.1(c) and (d) shows photographs of the US detector
array and mount carrying the LIUS transmitters in an imaging tank or
aquarium with water for a coupling medium. The mount is 3D printed
and holds the LIUS source and illumination fibers. Figure 3.1(a) and
(b) show schematic representations of a side and top view of the set up.
Placing the LIUS transmitters, consisting of the illumination spots from
the optical fibres on a thin optically absorbing layer supported by an
acoustically transparent substrate, directly in front of the detector array
in the imaging plane ensures co-planar signal transmission and acquisition.
An elliptical illumination spot is generated by placing the outputs of the 32
multimode optical fibres (FT600UMT, Thorlabs, USA) at a 14◦ angle to
the transmitter surface at 3 mm above the imaging plane and wedging them
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in place with the detector array. The purpose of this elliptical illumination
is to generate a pressure field that is confined as much as possible in the
imaging plane, while maximizing the in-plane opening angle to insonify as
much of the sample as possible with each individual firing. A commercial
clinical ultrasound imaging array (L3-12, Alpinion Medical Systems, South
Korea) is used as source and detector to obtain conventional synthetic
aperture images. It is used only for detection in the case of LIUS imaging,
but in both cases the LIUS source is left in place, enabling a comparison
of the techniques in conditions as similar as possible to one another. For
each firing, either of a single array element for conventional SA imaging or
a single optical fibre for LIUS, the echoes are picked up by most or all of
the elements in the detector array.

2.2 Optical Fibre multiplexing system

The sequential illumination of equally spaced locations on the absorbing
film is achieved by pulse-to-pulse switching of the illuminated fibre with a
lab-developed system (Fig. 3.2) comprising a pair of galvanometer mirrors
and a telecentric scanning lens. The light source is a diode-pumped
Nd:YAG laser (M-NANO PR147, Montfort Laser, Austria) with a 1064 nm
wavelength, 4.7 ns pulse duration and a repetition rate of 100 Hz. The laser
beam is first reduced in diameter from 3 mm to 0.8 mm by means of a beam
reducer (BE02-1064, Thorlabs, USA), this also increases the quality of the
laser spot profile. Next the beam passes through a half-wave plate which
can be used to tune the polarization of the light, allowing attenuation by
means of a polarizing beam splitter. Following this a periscope is used as a
compact means to align and couple the beam into a 2-axis scanning mirror
galvanometer system (GVSM002, Thorlabs, USA). The galvo system
directly couples the light into a telecentric scanning lens (S4LFT3162-
328, Sill Optics GmbH & Co KG, Germany), allowing near-perpendicular,
selective coupling into a honeycomb array of 32 multimode optical fibres
with 600 µm core diameters (FT600UMT, Thorlabs, USA). The system
is controlled by an off-the-shelf DAC system (NI USB-6343, National
Instruments, USA), programmed via MATLAB®. The DAC applies the
desired voltages to the galvo system, as well as sending trigger pulses to
signal the laser to fire, the laser in turn controls the start of acquisition
by the ultrasound system. Before commencing the LIUS experiments the
fibre coupling system is characterized to ensure consistent illumination
of the LIUS source per fibre. The laser pulse energy is measured before
and after the fibre array, per fibre, using a pyroelectric energy meter
(PE50BF-DIF-C, Ophir Photonics, Israel).
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Figure 3.1: (a) Schematic side view of US array in water with co-planar LIUS absorber
placed 2.2 mm in front, with a 32-fibre array sequentially illuminating at a 14◦ angle
to the absorber surface to generate the sources. (b) Top view of the same, showing the
array of illumination fibers (not all 32 are pictured). The fibers sequentially fire and
illuminate the LIUS source with ns pulsed light, to produce diverging waves to insonify
the sample. The US array receives the ultrasound from the sample on all detector
elements for every firing. (c) Side view photograph showing, from left to right, the
detector array, which is rigidally attached to the mount with the LIUS transmitters
and fibres, and the sample which is breast mimicking phantom in this case. (d) The
same set up from above and behind, showing how the fibre array is clamped in the set
up and the LIUS transmitter behind the detector array.
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Figure 3.2: Schematic of optical fibre multiplexing system, including an inset with the
acquisition sequence; A DAC positions the mirrors to illuminate the desired fibre and
subsequently triggers the laser to fire, the US acquisition in turn is dependent on the
laser trigger.

To sequentially illuminate the LIUS transmitter in 32 different loca-
tions a specific scanning pattern of the honeycomb fibre array is required.
Sequential horizontal rows of fibres are scanned left-to-right and right-to-
left in an alternating pattern. Once the end of the fibre array is reached
the mirrors return the spot to the first fibre, for this resetting step the
vertical mirror traverses an angle of 11.2◦, the largest angle in the scanning
pattern. To step horizontally between fibres and vertically between rows
of fibres the mirrors move by 2.0◦ and 2.5◦ respectively. The settling time
of the galvanometer mirrors is measured for each of these angular steps, an
indication for the maximum scanning rate that can be achieved with this
system. Characterizing the range of power tuning enabled by the maximum
pulse energies achievable by the laser, as well as the polarization-based
tuning range will round out the analysis of the device performance.
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2.3 LIUS transmitter

The LIUS transmitter is designed to insonify as much of the imaging
plane as possible, while also retaining spectral characteristics well matched
to the receiver array properties. It consists of a 30 µm thick film of
carbon black-doped PDMS, spin coated on a polyester substrate, with a
thickness of 100 µm. The shape of the illumination spot on the PDMS
film determines the geometry of the generated pressure field. To ensure
in-plane insonification with a sufficiently large opening angle, an elliptical
illumination spot was created by placing the optical fibres at a 14◦ angle
with respect to the transmitter surface at a distance of 3 mm. Further
details on the required materials and fabrication methods can be found in
previous work, using the same transmitters [17]. The main difference with
the previous work is in the illumination geometry, as described, and the
fact that the laser wavelength is now 1064 nm rather than 532 nm. This
means that the optical properties of the black PDMS film as measured
by a spectrophotometer (UV1600, Shimadzu, Japan) will differ in that
the absorption coefficient µa has a value of 344 mm−1 at 532 nm, but 213
mm−1 at 1064 nm. This leads to the expectation that the maximum of the
frequency spectrum shifts somewhat towards lower frequencies compared
to the source used in our previous work on plane wave imaging[17].

2.4 Ultrasound System

Ultrasound detection is performed with a linear array (L3-12, Alpinion
Medical Systems, South Korea), with 128 elements spaced 0.3 mm apart
and a 4.5 mm elevational size. The detection bandwidth is from 5-11 MHz
(-6dB), and the elevational focus is located at 20 mm from the detector
face. The data is acquired by an EC12-R research ultrasound system
(Alpinion Medical Systems, South Korea), a modified version of a clinical
ultrasound scanner. The same array is also used as the ultrasound source
when taking conventionally generated SA images, in which case all 128
elements are excited individually, and the echoes recorded by all elements
each time.

2.5 US and LIUS characterization

The ultrasound fields transmitted by both the linear array and the LIUS
transmitter are characterized with a calibrated fibre-optic hydrophone
system (Precision Acoustics, UK), the sensitivity of which is known from
1-30 MHz, with a maximum at 30 MHz and a -6dB cut-on at 2.5 MHz.
The signals from this system are detected on a digitizer (DP105, Agilent
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Technologies, USA) built into a PC. Measurements are taken by raster-
scanning to determine the field profile in the imaging plane and in the two
planes perpendicular to it. From these scans it is possible to learn not
only the pressure distribution in the imaging area, but also to determine
the arrival times of the signals at all locations in the imaging plane as well
as characterize individual time signals and spectra. This relatively coarse
scan of arrival times can be used as a basis to fit the transmit delays to
be used in the reconstruction algorithm for both techniques at a higher
resolution.

2.6 Signal Processing and Image Reconstruction

After applying a band-pass filter with cut-offs at 4 and 10 MHz, a basic
delay-and-sum algorithm incorporating the measured transmit delays
and geometrically determined receive delays is implemented per firing
to generate the sub-images. The absolutes of these sub-images are then
summed together to generate the final image. In the reconstruction of
the conventionally excited SA image all elements are fired, but only the
signals of a subset of 32 firings spread evenly along the array are used in
the reconstruction, the better to mimic the situation in the LIUS imaging
case.

2.7 Test Objects and Phantoms

A wire phantom is used to characterize the point-spread function (PSF)
of the imaging system for conventional and LIUS excitation. Transparent
fishing wire (Extreme Nylon, JVS, The Netherlands) with a 60 µm diameter
was strung between a pair of PMMA plates spaced 10 cm apart, in three
rows. Rows 1 and 3 consist of a pair of crossed wires, while row 2, in
the middle, contains three vertically aligned wires. In this manner it is
possible to check if the LIUS source and the detector array are well aligned,
as a vertical misalignment would lead to easily discernible smearing and
shifting of the crossed wires, but less so of the straight wires. Figure 3.3(a)
shows a photograph of the wire phantom.

To also evaluate images of more clinically relevant samples, a commer-
cially available breast-mimicking phantom and biopsy trainer (Model 074,
CIRS, USA) with tissue-like acoustic properties is imaged. The phantom
contains various hyperechoic and anechoic regions, representing tumors
and cysts respectively, which present comparable images as the pathologies
they are meant to mimic. Figure 3.3(b) shows a coronal view of the breast
phantom, including indication of the locations of the ultrasound images
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Figure 3.3: (a) Photograph of the wire phantom, with 2 pairs of crossed wires in the
front and rear, and 3 straight wires inbetween. (b) Coronal (frontal) view of the breast
mimicking phantom, with blue and red dashed rectangles indicating the imaging planes
of Figs. 3.8(a) and (b) respectively. (c) Caudocranial (bottom) view of the breast
phantom, blue dashed line indicates Fig. 3.8(a) imaging plane. (d) Sagittal (side) view
of the breast phantom, red dashed line indicates Fig. 3.8(b) imaging plane.

shown in Fig. 3.8. A caudocranial view and a sagittal view of the phantom
are shown in Figs. 3.3(c) and (d) with the imaging planes indicated as
needed.

Finally, in-vivo images of the left forearm of one of the authors (DT),
near the wrist, are also taken, to evaluate the performance on living tissue.

3 Results and Discussion

3.1 Multiplexer characterization

Figure 3.4 shows the measured laser pulse energy directly before and after
fibre coupling, per fibre. The coupling efficiency varies somewhat between
fibres, owing to the slightly different coupling angles at different locations
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on the array, as well as some variability in the optimisation of the energy
throughput per fibre. The coupling efficiency varies between 83% and 93%
which is an acceptable range.

Taking the galvo settling time based on the largest angular step of 11.2◦

yields a value of 1.6 ms, giving a conservative estimate of the maximum
continuous scanning rate of 625 Hz. However if one assumes the step
size of 2.5◦ to get from fibre to fibre to be the limiting factor, this yields
a maximum scanning rate of 1.67 kHz based on a settling time of 0.6
ms. This would require either a different scanning pattern to circumvent
the large vertical step at the end of each 32-fibre cycle, or scanning at a
variable rate, moving quickly from fibre to fibre and allowing a slightly
longer pause of 1.6 ms at the end of each cycle to reset to the first fibre.
Regardless, the scanning rate of the system is more than sufficient for use
with the current laser at a 100 Hz repetition rate. This also opens the door
to future optimisation of the imaging system using more rapidly pulsed
lasers.

The laser pulse energy can be tuned directly by setting the pump
voltage, between 0.25 mJ and 21 mJ, while polarization tuning by the λ/2
plate allows further tuning in the range of 5% - 95% of the laser output.
This gives the system an energy tuning range of 12.5 µJ to 19.95 mJ, giving
considerable flexibility in the pressures one can generate. That said, pulse
energies starting in the range of 5 mJ begin to adversely affect the optical
fibre inputs, setting a limit on the amount of light that can be used in
this configuration. As optical pulse energies in the range of 0.5 to 1.5 mJ
generate sufficient LIUS pressure levels for effective imaging, an increase
in imaging speed might be achieved by switching to a lower-power, more
rapidly pulsed, laser. Conversely, finding a way to couple more energy
non-destructively into the fibres would allow a sizeable improvement of
the generated pressure and thus the SNR of the LIUS images.

The fluctuations in the coupling efficiency between 83% and 93%
translate into similar fluctuations in the generated LIUS pressure. From
this result, fluctuations in the mean intensity of the reconstructed images
are to be expected in the LIUS sub-images, but not the conventional
ones. Measuring the mean intensity for all sub-images of the reconstructed
images presented further on actually yielded similar fluctuations for the
conventional and LIUS sub-images, though it varied somewhat image per
image. One explanation for this is the possibility of the fluctuations due
to the insonification of different parts of the samples inherently lead to
differences in the total strength of the reflected signals. In addition, it also
appears that some fluctuations in the conventional sub-images were due to
multiple elements firing at once, a case of intermittent cross talk, something
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Figure 3.4: Left y-axis: Laser pulse energies as measured before coupling into the fibre
array and after the fibre outputs, represented by the blue and red curves. Right y-axis:
Coupling efficiency per fibre, green curve.

LIUS is not hampered by. As there are already natural fluctuations because
of the nature of the imaging approach and the sub-images partially overlap,
leading to some averaging in the summation of the final image, this was
not deemed problematic.

3.2 US and LIUS transmitter characterization

Figure 3.5(a) shows a comparison of the hydrophone-measures time signals
from the conventional (64th element) and LIUS (16th fibre) sources, as
well as their frequency spectra. It is important to note they are plotted
on different axes to allow a comparison of the relevant features of the two
without resorting to normalization. The upper temporal axis corresponds
to the conventional signal trace and is shifted by 1.2 µs relative to the
lower axis which corresponds to the LIUS signal trace. The right y-axis
shows the signal amplitude for the conventional source whereas the left
y-axis corresponds to the LIUS pulse. Contrasting the two signals, the
LIUS pulse has a much more positive nature than the conventional pulse,
which is built up more or less equally of compressive and rarefactional
parts. The peak-to-peak pressure of the LIUS pulses is 2.5 ± 0.5 MPa,
while that of the conventional pulse is 215 kPa with a negligible deviation.
On the temporal side, the duration of the positive part of the LIUS pulse
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is nearly 60 ns, while the duration including the first negative peak is
100 ns. When also taking the minor secondary wiggle after the main
pulse into account, the total pulse duration comes to 180 ns. The initial
compressional and rarefactional peaks in the LIUS pulse correspond to the
build up and subsequent relaxation of stress due to thermalization of the
absorbed optical energy. The smaller subsequent wiggle is a reflection of
the backward-propagating pulse off the interface between the substrate
and the surrounding water. The duration of the entire conventional signal
burst, meanwhile, is 300 ns. Given a more broadband detector, this means
the use of a LIUS source has the potential to improve the PSF by virtue
of the shorter pulse duration. The spectra of both signals, shown in Fig
3.5(b), also highlight the more broadband nature of the LIUS source.
On the whole, the frequency overlap between the LIUS source and this
detector as shown in Fig. 3.5(b) is such that there should be no problems
reconstructing an image, especially considering the much higher signal
amplitudes that can be achieved when using a LIUS point source, as
opposed to a conventional one.

Figure 5(c) and (d) show the time signals and corresponding spectra
of the backscattered pulses from a fishing wire, as measured by the con-
ventional array. The convolution of the generated LIUS pulse with the
impulse response of this detector leads to a much narrower bandwidth,
very close to that of the conventional source. The measured amplitude
of the LIUS is still a little more than the conventional pulse, though the
large difference seen in the hydrophone measurements is all but gone. The
reverberations due to the presence of the LIUS transmitter in the detection
path are visible but small for both signals, though they seem somewhat
smaller in the LIUS case.

Figure 3.6 shows peak-to-peak amplitude maps of the generated acoustic
fields in a top view of the imaging plane on the left. The corresponding
fitted signal arrival time maps are shown on the right. In both cases the
signals and generated acoustic fields for all elements or optical fibres are
similar to such a degree that they can effectively be taken as laterally shifted
versions of those shown here, though the amplitudes will fluctuate a bit in
the LIUS case, as described in section 3.1. The e−1 opening angle of the
conventional source is 44◦ and that of the LIUS source is 29◦, considerably
less. However, when looking at the signal amplitude, this is actually higher
throughout the imaging plane for the LIUS case. In other words, while the
strength of signal coverage throughout the plane relative to the pressure
generated at the source is higher in the conventional case, the signal
strength is in fact higher in absolute terms in the case of the LIUS source,
owing to the much stronger signals generated. The difference in opening
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angle and field geometry in general also manifests in differences in the time
delay maps, which are used for a more accurate image reconstruction. The
out-of-plane fields do differ somewhat as well, the conventional detector
array being elevationally focussed at a depth of 20 mm, with a post-focal
opening angle of 12◦, while the LIUS is an elliptical spot source with an
elevational opening angle of 7.5◦ as seen in Figs. 3.6(e) and (f). However,
for depths between 30 and 60 mm relative to the detector array, this has
the fields almost completely overlapping elevationally, meaning no large
differences linked to the out-of-plane opening angle should be seen at these
depths in the images. When taking the filtering effect of the narrowband
detection into account the conventional sources do have much broader
coverage laterally, although the pressure does diminish much faster with
depth, due to both the larger in-plane opening angle and the elevational
profile broadening more at larger depths. Effectively this means that
lateral coverage per sub-image will be larger at depths around the focal
depth of 20 mm for the conventional images, while the LIUS images should
have a relatively better contrast at depth.

3.3 SA ultrasound images

Figures 3.7 (a) and (b) show a side-by-side comparison of representative
images of the wire phantom taken using conventional and LIUS SA imaging.
The six bright dots in both images are the wires, 2 at the top and bottom,
3 in the centre of the image. All wires present a signal-to-noise ration of
30 dB, as can also be seen in Fig. 3.7(c)-(e). The lateral extents of the
wires are between 0.6 and 0.7 mm at the top in both images, between
0.45 and 0.6 mm in the middle and between 1 and 2 mm at the bottom,
with only small differences between conventional and LIUS. Axial PSF
values in Fig.3.7(a) and (b) are consistently around 0.3 mm in both images,
though they are slightly lower for the shallowest wires, at the top in the
images, again the differences between both imaging methods are minimal.
In both images a line can be seen beneath each wire, which is caused by
reverberation of the signals between the LIUS absorber and the detector
array. These reverberation artefacts are 2.2 mm below the wires, in the
conventional image secondary reverberations at twice that distance, as well
as a haziness can be seen around the three straight wires in the middle.
The source of the haziness around the central wires in the conventional
image is unclear, though based on its absence in the LIUS images one could
speculate it might be caused by inter-element cross talk in the conventional
array.

Lateral profiles of all wires are plotted in Fig. 3.7 (c)-(e) and axial
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Figure 3.5: (a) Representative time signals of a LIUS fibre (#16) and array element
(#64). Left y-axis shows LIUS amplitude (2.2 MPa pk-pk for this fibre), right shows
conventional. Differing arrival times (lower axis for LIUS, upper for conventional)
are owed to the separation of 2.2 mm between the conventional and LIUS source
(b) Frequency spectra of both pulses. Note the large bandwidth of the LIUS signal
leading to a large spectral overlap between the sources, though some higher-frequency
components are not efficiently detected in the imaging experiments. (c) Backscattered
signals from a fishing wire as detected by the detector array and (d) the corresponding
spectra.

Figure 3.6: (a) and (b) Field scans in the imaging plane from 11.46 mm to 90.46 mm
in front of the LIUS source, for conventional (element # 64) and LIUS (fibre # 16)
excitation respectively. (b) and (c) show corresponding fitted time delay maps. (d) and
(e) show a ’side view’ of the fields of element 64 and fibre 16 respectively, showing the
out-of-plane behaviour of the field.
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profiles in (f)-(h). From these profiles it can be determined that both
lateral and positions of the wires in both image reconstructions correspond
well, and the PSF values in this particular image are identical to within
about 30 µm. More details of the behaviour of the PSF between wire
phantom images, 9 of which were taken for different elevational positions,
are shown in Fig. 3.7(i)-(n). For both the lateral and axial PSFs the lateral
dependence is weak in the central region of the image (5-33 mm), with
stronger deviations from the mean towards the edges of the images. As is
apparent in Fig 3.7(i)-(k), the lateral PSF values are slightly smaller for the
conventional images throughout, although they are in the same range. This
seems to be the other way around for the axial PSF, with the LIUS values
being smaller throughout. A further overview of the mean values and
variabilities is given in table 3.1, showing the same tendencies. The most
likely sources of the slightly better lateral PSF in the conventional images
are the larger excitation aperture used (38 mm vs. 34 mm) compared to
LIUS, as well as the larger single-element opening angle. The most likely
reason for the slightly better axial PSF values for LIUS throughout is the
shorter ultrasound pulse duration. Although this effect is weakened by
the limited detection bandwidth, it appears there is some effect still to be
observed, however slight.

Row Lateral PSF (µm) Axial PSF (µm)

Conventional LIUS Conventional LIUS
1 530±260 600±120 285±50 270±100
2 450±130 490±100 350±30 340±50
3 1340±400 1300±330 360±60 305±60

Table 3.1: Mean lateral and axial PSF values from the 9 wire phantom images, divided
per row. PSF values increase with distance from the source and detector, more noticeably
for the lateral cross sections. Even in row 2, which contains the straight wires, some
variation in PSF is apparent.

Figure 3.8 shows representative examples of conventional and LIUS
images of the CIRS breast phantom. A total of 7 images at different
locations and orientations were taken, and contrast values were determined
for 10 hypoechoic structures as well as 4 hyperechoic structures. The
locations of the imaging planes are shown in Fig. 3.3(b). The images are
accompanied by schematics to aid in the description of the features. In Fig
3.8(a) two hypoechoic (C1 and C2 in the schematic) and one hyperechoic
(T) feature can be distinguished in both the conventional and LIUS images.
The contrast values of the hypoechoic structures are -2.5 dB and -2.3
dB for C1 and C2 respectivelyin the conventional image, -1.4 dB and
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-2.6 dB in the LIUS image. The lower contrast for the C1 in the LIUS
image is mainly due to a decrease in the background brightness towards
the edges of the image, especially at smaller depths, due to the narrower
transmit aperture and smaller single-element opening angle. Feature T has
a contrast of 1.77 dB in the conventional image, 1.3 dB for LIUS. The main
feature of Fig 3.8(b) is a large, centrally located, hypoechoic structure
(labeled C in the schematic). This feature exhibits a contrast of -3.95 dB in
the conventional image, -4.5 dB in the LIUS image. All images also show
some strong scatterers spread throughout the phantom volume, meant to
represent microcalcifications, as well as some scattered hyperechogenicity
meant to represent scattered tumorous masses or glandular tissue (marked
Sc in both schematics). The prevailing tendency through all images taken
of the breast phantom is that the LIUS images have better contrast for
hypoechoic features, while the converse is true for hyperechoic features.
Although feature visbility at depths beyond 3-4 cm appears better in the
LIUS images, there were no features that were invisible for one method,
yet visible for the other.

Figure 3.9 shows images of one of the authors’ (DT) left forearm near
the wrist viewed from the left ((a) and (b)) and from a palmar perspective
in the carpal tunnel region ((c) and (d)). The brightest feature in Fig
3.9(a) and (b) is a specular reflection of a bone, the ulna, approximately
6 mm below the skin (B in the diagram). Below this reflection several
reverberations at a spacing of roughly 2 mm can be seen, corresponding to
the spacing between the LIUS transmitter and the detector array. Towards
the right from the brightest spot the ulnar surface can be seen to continue
laterally throughout the image. The large area of reduced echogenicity
above the bone is one of the muscles responsible for finger movement, likely
the flexor digitorum profundus (marked M). The muscle has a contrast
of -4.5 dB in the conventional image, -5.3 dB in the LIUS image, again
showing better contrast for hypoechoic features in the LIUS image. In the
LIUS image a dark area can be distinguished near the apex of the dermis,
with a contrast of -3.5 dB, which is not visible in the conventional image
(marked V). This small darker area corresponds in size and location with
the basilic vein, a superficial vein running more or less parallel to the ulna.
The bright horizontal feature between the dermis and the large muscle
likely represents the muscle sheath boundary between the large muscle and
the dermis. Deeper-lying areas than the bone surface are characterised
by a washed-out look, caused by various artefacts due to the acoustic
impedance mismatch between soft tissue and bone. Figure 3.9(c) and (d)
do not contain any strong reflections from superficial bones, contributing
to a more favourable dynamic range for the visualisation of soft tissue
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structures. From top to bottom the first clear feature is again the 2 mm
thick scattering region of the dermis (D), including 2 blood vessels (V1
and V2) which can be discerned both from the contour of the dermis and
the decreased scattering. In the conventional image both blood vessels
exhibit a contrast of -3.3 dB, in the LIUS image it is -4.0 dB for the V1
and -5.5 dB for V2. In and below a hypoechoic subdermal region at least
3 tendons (T2-T5)) can be discerned, with a possible fourth and fifth also
possible on the left and right (T1 and T5). The most obvious tendon is
T3, 7 mm below the skin just left of V2. This presents a contrast of 4.2
dB in the conventional image, 6.3 dB in the LIUS image. About 5 mm
deeper, regions of increased scattering are also visible 5 mm to the left
and right of T3, presenting 4.5 and 2.9 dB contrast in the conventional
image, 5.0 and 3.3 dB in the LIUS image for T2 and T4 respectively. T1
and T5 both present contrast values of 2.5 dB in the conventional image
and 3.6 dB in the LIUS image.

Based on the phantom results, the enhanced visibility of small hypoe-
choic regions in the LIUS images was to be expected and can be clearly
observed in the images in Fig. 3.9. The enhanced contrast of hyperechoic
structures like dermis and tendons, however, does not correspond to the
behaviour seen in the phantom images in Fig. 3.8. The large variability
between imaged locations and small number of in-vivo images make it
difficult to identify any sort of pattern definitively, but the fact that overall
contrast is somewhat better for LIUS in both these sets of in-vivo images
at least hints at some possible advantages, especially in the imaging of
small vasculature and nerves, which should appear similar. Another diffi-
culty in comparing the conventional and LIUS images in-vivo comes from
slight movements between images, easily avoided in phantom images but
virtually guaranteed to happen when imaging a live subject. Especially
from Fig. 3.9(c) to (d) a shift in the relative positions of the three clearest
tendons due to a minor finger motion can be seen.

3.4 Overall discussion, outlook

While we have shown that, in the presented configuration, conventional
and LIUS synthetic aperture imaging perform with a broadly similar level
of quality, it is of interest to consider situation in which the use of LIUS
insonification could be advantageous. Looking at the images taken here
a possibility presents itself that smaller hypoechoic regions such as mm-
size blood vessels and nerves may well be easier to spot in LIUS images,
though imaging and comparison of a more diverse range of in-vivo targets
would be needed to confirm or disprove this idea. The possible cross
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Figure 3.7: (a) and (b) Representative wire phantom images taken using conventional
and laser-induced ultrasound transmission, for the same wire positions.(c)-(e) show
lateral cross sections of the top, middle and bottom rows of wires. (f)-(h) show axial
cross sections of the left column, central wire and right column. (i)-(k) show the lateral
dependence of the lateral PSF, and (l)-(n) show the same for the axial PSF, based on
the full set of wire phantom images.

talk-based artefact in Fig. 3.7(a) also shows a possible application for
LIUS in applications with tightly packed arrays of sensitive ultrasound
transducers, where cross talk is likely and can be avoided by optically
exciting the ultrasound instead.

Over the course of several months of experimenting no degradation
in the LIUS transmitters under normal illumination circumstances was
observed, though illumination with pulse energies in excess of 1 mJ led to
detachment of the film from the substrate surface, paired with a massive
degradation of the signal. A preliminary assessment of the stability of the
transmitters over time, also considering the time between their use for
previous work in late 2018 and early 2019, would be that the transmitters
may be stable over multiple years, as long as they are not illuminated
above a certain threshold, the precise value of which would depend on
the optical fluence at the transmitter surface and thus the illumination
geometry. Detailed work by Baac et al.[21] provides more detail on the
optical damage thresholds of carbon/PDMS composites.

The current set up is based on a more broadly applicable illumination
apparatus. The fibre multiplexing system allows for the selective excitation
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Figure 3.8: SA images of breast phantoms. (a) and (b) Sagittal view, with side-by-side
representation of conventional and LIUS images of the breast phantom. From top to
bottom the following features can be distinguished, referring to the schematic on the
right: A water layer, the skin (S), a small cyst-like hypoechoic structure (C1) on the
leftmost edge of the image, neighbored by a slightly larger, deeper-lying hypoechoic
structure (C2). Located centrally and at a similar depth to the hypoechoic structures
is a solid tumor-like hyperechoic object (T) 2 cm from the skin surface, at around 4
cm depth a region of increased scattering (Sc) can be seen. (b) Craniocaudal view,
the main feature is a large cyst-like hypoechoic object located roughly centrally 2 cm
beneath the skin (C). An extended region of increased scattering (Sc) can also be seen.

of up to 42 LIUS sources, placed in any geometry that can be achieved
by positioning of the optical fibre outputs. This opens the door to many
imaging geometries besides linear-array synthetic aperture imaging. For
example, a sample could be placed between a detector and the LIUS
array for transmission imaging. Another interesting possibility would
be to spread the transmitters three-dimensionally on a rotating mount,
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Figure 3.9: In-vivo SA images. (a) and (b) Left-side view of the left wrist of one of
the authors (DT), also referring to the diagram on the left, the main features from
the top are a hypoechoic muscle tissue region (M), and the bone surface of the ulna
(B). (b) also has an additional hypoechoic region within the dermal layer (V), likely
corresponding to the basilic vein, which cannot be seen in (a). (c) and (d) Palmar view
of the wrist, showing the dermis (D), including a pair of superficial blood vessels (V1
and V2). Three tendons (T2-T4 in the diagram) can be clearly distinguished, with
a further two (T1 and T5) less clearly visible to either side. At larger depth a tissue
interface, possibly bone (marked ‘B?’) can be distinguished.

to allow for tomographic imaging using similarly positioned detectors
[22]. This would allow the detectors to be fully optimised for detection
and also facilitate cross talk-free ultrasound emission. Further still, in
any set up based upon the current fibre multiplexing unit, changing the
emission bandwidth would be as simple as replacing the absorbing material
with another, having different optical absorption characteristics or indeed
physical geometry. This would form a solid basis for highly adaptable
ultrasound imaging equipment, at the cost of some PDMS and any optically
absorbing material that can be mixed with it. Aside from this, the option
to add optics or change the positioning of fibres relative to the absorbing
material would also allow for adaptations to the illumination spot shape,
and thus the ultrasound field geometry.

A drawback of the set up as it is now is that it would be quite challenging
to use in a clinical setting, the need for a stably positioned fibre multiplexer
and the need for water for coupling between the LIUS transmitter and the
detector preclude handheld usage of the system. The need for the set up
to be in an aquarium also makes most parts of the body difficult to reach,
meaning the earlier suggestion to measure a wide range of targets would
also meet with difficulties. A miniaturised version of the illumination
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solution, possibly based on an array of diode lasers, might help to make
the set up more portable. A solution to achieve acoustic matching between
the front side of the LIUS transmitter and the target in handheld mode
would also need to be devised. Additionally, the current frame rate for
LIUS imaging, at 3 Hz with 32 emissions is on the low side, especially for
in-vivo imaging this could lead to major motion artefacts. As discussed
in section 3.1, the scanning rate is limited by the repetition rate of the
laser. While the 100 Hz rep rate laser is part of the set up to also allow
imaging in future experiments where higher pulse energies will be required,
a more specialised illumination set up for SA imaging with LIUS could
incorporate a more rapidly pulsed diode laser. Such diode lasers can reach
multiple kHz rep rates, meaning the frame rate would then be limited by
the scanning mirrors, to 52 Hz when using 32 emissions.

One of the main challenges in obtaining the images as presented here
was to find a good distance to place the LIUS source from the detector
array. Ideally the distance would be as small as possible, to prevent any
reverberations between the source and the detector at all. However, this
would leave no room for the light to reach the absorber as it would be
blocked by the detector array itself. As could be seen in Figs. 3.7(a)-
(b) and 3.9(a)-(b), the presence of strong specular reflectors like fishing
wires or superficial bone produces reverberation artefacts at multiples of
the LIUS-detector separation, which is 2.2 mm in this instance. A way
to lessen the impact of these reverberations could be to have a larger
distance between the source and the detector. The problem with this
solution is that now the reverberations of the initial pulse between source
and detector arrive at the same time as the scattered signals from the
sample itself. This manifests as a series of lines cutting straight across the
image, obscuring many interesting features. In fact, an earlier iteration
of the set up was constructed in just such a manner, leading to great
limitations in the image quality. While it should be possible to diminish
or get rid of this sort of artefact in post-processing [23, 24], early attempts
indicated that physically removing them by repositioning the set up would
be less time-consuming and allow for a complete removal of the large
artefacts. Currently the limited number of channels used (32), is down
to the diameter of the multimode fibres. Their size does not allow much
more than 32 fibres to be positioned within the detector aperture, which
put some limits on the image SNR. Using smaller multimode fibres, as the
required pulse energy is much less than the maximum that can be safely
transmitted through the fibres, would increase the number of transmit
channels.

In the future, the use of a less broadband optical absorber such as
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Au nanoparticles[25] and multiple wavelengths of light could enable the
combination of laser-induced SA imaging and photoacoustic imaging. In
this set up, one wavelength of light for example 532 nm, would be absorbed
by a PDMS/Au film to generate LIUS as in this work, and another, for
example the fundamental Nd:YAG wavelength at 1064 nm would be
transmitted through the film to be absorbed by the tissue. Combining all
this in the illumination system presented in this work would be a large
step towards clinical application of hybrid laser-induced ultrasound and
quantitative photoacoustic imaging as presented by Held et al.[20]

4 Conclusion

We have demonstrated the use of laser-induced ultrasound with a serial
fibre-optically illuminated light-absorbing film, resulting in images of very
similar quality to conventional synthetic aperture imaging with a medical
ultrasound array. In this particular instance the in-plane opening angle
of the conventional ultrasound elements (44◦) is larger than that of the
LIUS elements (29◦), as determined by the geometry of the illumination
spot. However, the application of optics to shape the illumination for
a more similar ultrasound emission pattern could serve to remove this
difference, should it be desired. Another feature of this approach to LIUS
imaging is the use of a flexible source, which itself may also be shaped
to further influence any focusing behavior that might be needed. Based
on the comparable PSF and contrast values reported here as well as the
demonstration of in-vivo imaging on a human subject, the use of a LIUS
source in ultrasound imaging has the potential to add a degree of flexibility
to the emission that cannot be achieved by more conventional means.
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Abstract

We present a protocol for the design, fabrication and characterisation
of laser-induced ultrasound transmitters with a specific, user-defined fre-
quency response for the purpose of ultrasound tomography of large-volume
biomedical samples. Using an analytic solution to the photoacoustic
equation and measurements of the optical and acoustic properties of the
materials used in the transmitters, we arrive at a required mixture of
carbon black and polydimethylsiloxane to achieve the desired frequency
response. After an in-depth explanation of the fabrication and characteri-
sation approaches we show the performance of the fabricated transmitter,
which has a centre frequency of 0.9 MHz, 200% bandwidth and 45.8◦

opening angle, multi-kPa pressures over a large depth range in water.



1 Introduction

Laser-induced ultrasound (LIUS) for biomedical imaging applications has
been an emerging field of study for the last two decades [1–3]. LIUS
entails the use of ultrasound pulses generated by optical means, using the
photoacoustic effect, for ultrasound imaging. In the field of nondestructive
materials evaluation it is usual to use the surface of the sample itself as
the ultrasound source, as the samples are often similar enough to one
another to generate reproducible signals [4, 5]. In biomedical imaging the
sample surface is generally much more variable and complex in shape and
composition, and safety concerns limit the possible illumination strength,
necessitating the use of an external LIUS source. A LIUS transmitter,
then, is an engineered optically absorbing object with a specific set of
optical and mechanical properties to generate a desired ultrasound field
depending on the ultrasound imaging application at hand.

LIUS is preferred for minimally-invasive imaging applications eg. in-
terstitial imaging [6, 7] owing to the ease with which transmitters can be
miniaturized by coating the tip of an optical fibre to create an active ele-
ment. Another advantage of using LIUS is the ability to avoid inter-element
crosstalk when independently exciting many closely spaced ultrasound
sources [8–11], a feature of interest considering the current trend towards
miniaturisation of ultrasound multi-element arrays. The potentially very
broadband frequency response of LIUS transmitters [12, 13] also promises
advances in the fields of acoustic microscopy and mesoscopy.

Ever more sophisticated fabrication methods offer a large degree of
control over the LIUS pulse properties [14] by manipulating the backing
structure. It has also been shown that dynamic focusing can be achieved by
creating a mechanically deformable transmitter [15], as well as combining
a LIUS transmitter and broadband detector in a single package [16].

Several applications also make use of the natural combination of LIUS
imaging with photoacoustic imaging (PAI) or tomography (PAT) to achieve
multimodal acoustic imaging using all-optical excitation. In one such
example an optical fibre was fitted with a selectively absorbing film for
LIUS excitation and an integrated optical sensor based on a ring resonator,
to allow miniaturised PA/LIUS sensing and imaging [17]. In another
example a larger-scale tomographic set up was built for combined PAT
and LIUS transmission and reflection tomography of small animals [18],
giving PA, B-mode and speed-of-sound images of the target.

Most of the applications of LIUS in biomedical imaging from the
literature share the characteristic that they tend to focus on imaging
relatively small targets like zebrafish and mice, or intravascular imaging.
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In these cases it is advantageous to use LIUS sources with high optical
absorption, to both maximise the generated peak pressure and bandwidth
of the generated acoustic pulses to improve spatial resolution. Recent
work by Joo et al. [19] looks towards non-invasive applications in larger
tissue volumes with the resulting need for a larger penetration depth of
the LIUS pulse. Their set up generates focused ultrasound for non-invasive
tissue ablation, where the desired treatment depth of multiple centimetres
precludes the use of high-frequency, broadband pulses as attenuation
scales with frequency in a power law. They achieve this frequency tuning
primarily by using thicker absorbing films, up to 1.4 mm in thickness, with
lower optical absorption. The combination of the two serves as the main
method of controlling the output characteristics of the transmitter.

The current work presents a detailed look at the design, fabrication
and characterisation of unfocused LIUS transmitters for large-volume
ultrasound CT of, for example, the human breast. The use of LIUS can
be beneficial for the prevention of crosstalk, because the transmitters
are intended to be used with a high density of highly sensitive PZT
detectors. Further, this decoupling of transmission and detection allows
for the independent optimisation of both. Since it is important, in this
case, to detect the LIUS signal with as many detectors as possible per
shot, a large opening angle in addition to a lower centre frequency for
transmission through around 10 cm of tissue are desirable features. We
present the design considerations in terms of geometry and dimensions and
an analytic approach to estimating the output characteristics of such a
transmitter. A protocol for fabricating such a transmitter will be presented
in detail. We also show the methods used to optically and acoustically
characterise the materials in the active element and the response of the
finalised transmitters. While the transmitters presented here are designed
for a specific imaging application and have the properties to match, the
design and fabrication approach can be easily adapted to attain any desired
set of transmitter properties using low-cost, readily available materials.

2 Materials and Methods

2.1 Design requirements

The transmitters are designed to match with a reasonable precision to the
response and sensitivity of a custom detector (Imasonic SAS, Besançon,
France). The detector frequency response peaks at 1 MHz with a bandwidth
of roughly 100%. The remaining pressure after transmission across the
imaging volume, a distance of some 30 cm, needs to be above the minimum
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detectable pressure, around 0.5 Pa. An opening angle of at least 30◦ (1/e)
is desired, to match the angular sensitivity of the detectors. A greater
opening angle, if sufficient pressure can be maintained, would be beneficial.

For this particular transmitter design the physical dimensions are re-
stricted by the need to use them with an existing set up [20]. The set up
encompasses a 30 cm diameter hemispherical imaging volume, surrounded
by a pair of 20 mm thick 3D-printed nylon hemisphere segments with uni-
versal mounting holes for any desired combination of ultrasound detectors,
transmitters and optical fibre bundles for photoacoustic tomography. The
mounting holes comprise an initial opening with a 10 mm diameter and
an 11.5 mm depth, with the rest of the hole having an 8 mm diameter.

2.2 Transmitter design

Figure 4.1(a) shows the design and resulting dimensions, the different
components are also labelled. The dimensions of elements D and F in
figure 4.1 are fixed, while the thickness of the active element, component
A, can be varied depending on the required optical and acoustic properties,
with the length of component C being allowed to vary accordingly so as
to maintain the overall required dimensions. In response to the design
constraints the transmitter is cylindrical in shape, with a 10 mm diameter
head of 11.5 mm length and a tail of 8 mm diameter and 22 mm length.
The final 15 mm of the transmitter are threaded, to allow easy fastening
in the mounting hole with a nut.

Figure 4.1: (a) Schematic representation of the transmitter, including essential outer
dimensions and individual components. A) Optically absorbing active element, B)
High-impedance backing layer, C) Tube segment enclosing air cavity, D) Threaded
mounting piece with fibre passage, E) Outer and inner O-rings for watertightness and
fibre clamping (inner only), F) Fibre clamping chuck, G) Optical fibre for light delivery.
(b) Photograph of a finished LIUS transmitter.
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2.3 Analytical model for LIUS generation

The properties of the generated acoustic pulse can be influenced, within
our design, by the optical absorption coefficient µa [m−1], the dimensions
and fluence of the projected light spot and the dimensions of the active
element. To be able to guide the fabrication process, it is important to
be able to predict the behaviour of a transmitter with some accuracy
when the above-mentioned properties are varied. To this end, an analytic
expression for the generated signal as a function of the design parameters
is derived in the following.

The pressure detected at a given point as a function of time can be
described as follows, by solving the photoacoustic equation with the Green’s
function approach for an optical delta pulse [21, 22]:
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The first term in Eq. 4.2 is due to the direct pulse from the initial pressure
distribution while the second term denotes its reflection off the back surface
of the absorber, with Rpg the coefficient of reflection between the active
element and the backing material. The third term is a summation of all the
internal reflections in the backing material, with Tpg denoting the pressure
transmission coefficient into the backing, Rga the reflection coefficient
off the interface with the air pocket, Rgp the reflection coefficient at the
interface between backing and active element and Tgp the tranmission
coefficient at the same location. Each consecutive internal reflection gives
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rise to a virtual source shifted by a distance nδ, where δ depends on the
sound speed and thickness of the backing material and the sound speed
in the active element. Additionally, ηth denotes the thermal conversion
efficiency, r, w0 and z are the radial coordinate, e−1 width of the laser
spot and depth into the absorber respectively, all in m, and finally φ0
[J ·m−2] is the light fluence at the origin. The gate functions that ensure
this behaviour are defined as follows:

Π
(
z ± κ

2

)
=

{
0 if

∣∣z ± κ
2

∣∣ > κ
2

1 if
∣∣z ± κ

2

∣∣ ≤ κ
2

(4.4)

Here, κ denotes the thickness of the absorbing layer. The dimensionless
Grüneisen parameter is defined as follows:

Γ =
β

κρCV
(4.5)

where β [K−1] is the thermal expansion coefficient, κ [Pa−1] the isothermal
compressibility and ρ [kg ·m−3] and CV [J · kg−1 ·K−1] the mass density
and isochoric specific heat capacity, respectively.

In the following we assume the laser spot size to be significantly smaller
than the diameter of the absorber, which is thus treated as though it
extends infinitely in the lateral dimension r′. For a detector placed on the
acoustic axis at a distance z = h from the origin as shown in Fig. 4.2,
equation 4.1 then becomes:

p(h, t) =
∂

∂t


∫

2π

0

∫
r′max

r′min

r′p0(r′)√
(vst)2 − r′2

dr′dθ

 (4.6)

The integral over θ simply yields a factor 2π. By changing variables in
the integral to α =

√
(vst)2 − r′2 and adding the explicit expression for
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p0 this results in the following series of Gaussian integrals:

p(h, t) = A
∂

∂t

−
∫

α+
max

α+
min

e
α2−(vst)

2

2w2
0
−µa(h−α)

dα

−Rpg

∫
α−max

α−min

e
α2−(vst)

2

2w2
0

+µa(h−α)
dα

+
∑
n

T

∫
αIR(n)
max

α
IR(n)
min

e
α2−(vst)

2

2w2
0

+µa(h−α)
dα




(4.7)

The first integral describes the pulse propagating directly towards the
detector, the second is the contribution from the reflection off the backing
and the third term is the total contribution of any internal reflections
in the backing. The integration limits as function of time and detector
position are

[
α+
min, α

+
max

]
=

{
[vst, h−κ] for h−κ ≤ vst ≤ h

[h, h−κ] for vst > h[
α−min, α

−
max

]
=

{
[vst, h] for h ≤ vst ≤ h+κ

[h+κ, h] for vst > h+κ[
α
I(n)
min , α

I(n)
max

]
=

{
[vst, h+nδ] for h+nδ ≤ vst ≤ h+κ+nδ

[h+κ+nδ, h+nδ] for vst > h+κ+nδ

(4.8)

The two ranges of vst values for the direct pulse are illustrated in Fig.
4.2. Performing the integration and differentiation in equation 4.7 leads to
three sets of equations in terms of Dawson functions [23], for the direct
forward propagating pressure pd:
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pd(h, t) = A
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0 D(X3)

)
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(4.9)

for the reflection of the interface between active element and backing,
ppg:

ppg(h, t)=

ARpg



0
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1√
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w2
0

e
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2

2w2
0 D

(
X3

))
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v2st

w2
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(
e
(h+κ)2−(vst)

2

2w2
0

−µaκ
D(X2)−e

h2−(vst)
2

2w2
0 D(X3)

)
for vst ≥ h+ κ

(4.10)

and finally for the contributions from internal reflections in the backing
layer, pga:
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pga(h, t) = A
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(4.11)

Where the following variables are defined, for compactness’ sake:

X1 =
µaw

2
0+2vst

2w0
; X2 =

µaw
2
0+2(h−κ)

2w0
; X3 =

µaw
2
0+2h

2w0

X1 =
µaw

2
0−2vst

2w0
; X2 =

µaw
2
0−2(h+κ)

2w0
; X3 =

µaw
2
0−2h

2w0

X1 = X1; X2 =
µaw

2
0−2(h+κ+nδ)

2w0
; X3 = X3

(4.12)

Evaluating eqs. 4.9-4.11 for a set of µa values and absorber thicknesses
will produce analytical time signals, of which the frequency spectra can also
be calculated numerically. Examining the resulting spectra and pressure
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Figure 4.2: Schematic of the geometry of the analytical problem, showing the lower
surface of the absorber at z = 0, the upper surface at z = κ, detector on the acoustic
axis at z = h, and the different integration regions for the direct pulse.

values will inform the fabrication process and assist in choosing the proper
values for µa, the absorber thickness and the laser pulse energy.

2.4 Fabrication

Fabrication materials

The base material for the LIUS transmitters is polydimethylsiloxane
(PDMS, Sylgard 184, Dow Corning, USA), which is mixed with an appro-
priate amount of carbon black (CB, Printex 60, Palmer Holland, USA)
for optical absorption, 45 g of PDMS with 3.63 g of CB for a weigth
percentage of 8.07%. The transmitter casings are made of machined poly-
methylmethacrylate (PMMA), and the backing consists of a disc-shaped
borosilicate glass microscopy cover slip with a 5 mm diameter and 100 µm
thickness (Agar Scientific, UK). The various parts are bonded together
using a cyanoacrylate-based adhesive (Loctite, Germany).

Fabrication protocol

Figure 4.3 shows an illustration of the fabrication steps, from the prepara-
tion of the absorber material to the assembly of the transmitters themselves.
To expedite fabrication of a range of samples in the appropriate range of
CB-percentages, and thus optical absorption coefficients, a stock solution
with a high concentration of CB was first prepared. This serves the twofold
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purpose of minimising the requirement for handling CB powder and in-
creasing the accuracy of the amounts weighed, by simply taking larger
amounts. By placing an amount of CB powder in a pre-weighed, sealed
container and weighing it one can minimise contamination of equipment
and loss of CB. By pouring the viscous liquid PDMS on top of the powder
and again weighing, the weight percentage of CB in the stock solution is
determined. A homogeneous mixture is achieved by mechanical mixing
(RW16 basic, IKA Labortechnik, Germany) at 500 rpm for 90 minutes,
breaking up any CB aggregates by the applied shear forces from the flow
of the viscous mixture [24].

Next, in a separate container or dish, a desired amount of stock mixture
is weighed, denoted mstock. Of this weight mCB

0 = Cstockmstock is the
weight of carbon black contained in the stock. Equation 4.13 can then
be used to determine the weight of clear PDMS, denoted mPDMS , to be
added to achieve the desired weight fraction of CB, Cfinal, based on the
weight fraction of CB in the stock mixture (Cstock), assuming a 10:1 weight
ratio of PDMS to curing agent.

mPDMS =

mCB0

Cfinal
− 1.1(1− Cstock)mstock

1.1
(4.13)

After adding the required weight of clear PDMS a disposable plastic
pipette is used to add curing agent of the desired 10% of the total PDMS
weight, after which it must be well mixed with a small spatula until it
appears homogeneous, as the volume is too small to use a mechanical
mixer. To facilitate the production of multiple transmitters the mixture is
cured in a slab by transferring it to a flat-bottomed rectangular container,
degassing in a vacuum vessel at -1 bar and regulating the thickness with a
PMMA plate on a translation stage. Any excess liquid will flow past the
edge of the plate and is cut off after curing. The mould is then placed in
an oven at 70◦C for 90 minutes to cure.

Once cured and cooled, 10 mm diameter discs are cut from the slab with
a mechanical hole punch and a hammer. A small drop of cyanoacrylate
adhesive is deposited on one face of a cut disc and smeared out into a
thin layer with a needle tip. A glass backing disc is gently but firmly
pressed onto the glue for tight adhesion to the disc. The tube segment and
fibre mount need to be bonded coaxially, for which purpose a cylindrical
alignment piece was machined, shown in image III on the right-hand side
of Fig. 4.3. The centre of the alignment piece contains the cut-off end
of one of the optical fibres, which fits snugly into the hollow of the fibre
mount, ensuring alignment of the pieces. Cyanoacrylate adhesive is once
again deposited and smeared out over the exposed rim of the tube segment,
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Figure 4.3: Making a slab of CB/PDMS of the right concentration from a high-
concentration stock and assembling it into a LIUS transmitter

after which the mounting piece is firmly pressed against it and allowed
a minute to set. Finally, adhesive is applied in the same manner as the
previous steps to the open side of the tube segment, which is then pressed
gently but firmly against the CB/PDMS disc and left for a few minutes to
dry. After addition of the external and internal o-rings and insertion of an
optical fibre the transmitter is now ready for use.

2.5 Characterisation methods

Before fabrication of the transmitters could begin, the dependence of the
optical properties of the CB/PDMS mixture in the concentration of CB
had to be determined. Once known, the acoustic properties of a sample
with the required optical properties also had to be characterised. This
section will describe the various characterisation approaches taken.

Materials Characterisation

The required weight concentration of CB is determined by measuring the
optical transmission spectrum for a range of samples of PDMS with CB
contents between 0.03% and 0.28%, beyond which the transmitted light
is insufficient for an accurate measurement. Any higher concentrations
could not be measured by the spectrophotometer (UV2600, Shimadzu,
Japan). The samples are prepared by mixing a range of concentrations
from the previously prepared stock solution and placing a drop inside a
circular, 120 µm spacer (SecureSeal, Grace Bio-Labs, USA) in between
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two microscope slides. By measuring the transmittance over a wavelength
range from 400 to 1100 nm, µa can be determined for any illumination
wavelength within that range and a wide range of CB concentrations, by
taking a linear fit to the data. The scattering coefficient of the mixture
can be estimated from the mean CB particle size of about 21 nm [25] and
the volume fraction of CB in the mixture for any given concentration. We
assume Rayleigh scattering [26], as the particle size is significantly smaller
than ≈ 10% of the wavelength of 1064 nm. Using the refractive index and
density of CB of 2.00 and 1.8 kg ·m−3 respectively [27] and a value of 1.41
for the refractive index of PDMS, the mean scattering cross section of a
CB particle is :

σ =
8π

3

(
2πnPDMS

λ

)4

d6
(
m2 − 1

m2 + 2

)2

(4.14)

where m = nCB
nPDMS

, d is the particle diameter and λ the wavelength of the
light. The scattering cross section is multiplied by the number density of
CB to obtain the scattering coefficient µs, which is on the order of 10−20

mm−1 for the CB concentrations in the range of interest, many orders of
magnitude below µa, and thus negligible.

Once the proper CB-percentage for the desired photoacoustic response
is known, a precursor slab for a desired number of transmitters is fabricated
according to the description in section 2.4. By making an excess of material
for the slab, a block for measurement of the acoustic properties can also
be produced. This excess material is poured to a depth of roughly 25 mm
in a 50x35x30 mm3 polypropylene container and cured with the slab to
produce a block measuring 50.0x34.9x25.0 mm3 as measured with a Vernier
caliper. Through-transmission ultrasound measurements of the block are
performed at frequencies of 1, 2.25, 5, 7.5 and 15 MHz produced by single
element transducers (Olympus Panametrics NDT, USA) and measured
by a 1 mm diameter PVDF needle hydrophone (Precision Acoustics, UK).
From the transmission ultrasound measurements the material sound speed
can be determined from the differences in arrival times when measuring
through different thicknesses of material. Comparing the signal arrival
times between different sides of the block, as well as comparing it to a
reference measurement in water then lets us determine the speed of sound
[28]:

vs =
δ

∆t δ
vref

(4.15)

In equation 4.15, δ [m] denotes the difference in sample thickness between
measurements, ∆t is the difference in arrival time between two signals and
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vref [m s−1] is the speed of sound in water.

While the acoustic attenuation between roughly 0 and 4 MHz can
be determined from transmission measurements on this block, it was
deemed preferable to measure it over a broader frequency range. For this
purpose a pair of disc-shaped samples of 2.5 cm diameter and 3.97 and
5.97 mm thicknesses was also cast. In this manner the sound speed can be
measured with greater accuracy due to the smaller relative uncertainty in
the measured sample thickness, while the attenuation will be known over
a broader frequency range. The acoustic attenuation in dB per cm as a
function of frequency can be determined from [28]:

α(f) =
20

δ
log10

(
A2(f)

A1(f)

)
(4.16)

where A2(f) is the amplitude spectrum of the signal through the thinner
sample, A1(f) the same for the thicker sample. The frequency dependence
of the acoustic attenuation generally follows a power law, so a fit to the
data can be found in the form:

α(f) = α0f
b (4.17)

Once the values of α0 and b are known they can then be used to estimate
the impact of acoustic attenuation on a transmitter of a given thickness.

Transmitter response measurements

A fibre-optic needle hydrophone system (Precision Acoustics, UK) is used
to characterise the response of the transmitter under illumination by a 3.6
mm diameter (1/e) Gaussian spot from a compact diode-pumped pulsed
Nd:YAG laser (M-NANO PR147, Montfort Laser, Austria) emitting 4.7 ns
pulses at a 100 Hz repetition rate at a 1064 nm wavelength. The light from
the laser is coupled into a multimode optical fibre (FT600UMT, Thorlabs,
USA), in a fibre multiplexer described in more detail in chapter 3. The
hydrophone is placed on a 3D translation stage to enable characterisation
of the full acoustic field that is emitted. The temporal and frequency
response as well as the field geometry are characterised, emphasising
opening angle and on-axis pressure decay. By increasing the laser pulse
energy the response of the transmitter to optical fluence, as well as the
optical damage threshold, can be found. The on-axis response is also
measured using the custom-built single element transducer mentioned in
section 2.2 for comparison.
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Figure 4.4: (a) Calculated temporal response for µa = 6.4 mm−1 at a depth of 300 mm,
exhibiting 49.3 Pa peak-to-peak pressure, inset shows the response of a 1 mm thick
absorber as function of µa. (b) Spectrum for µa = 6.4mm−1, with an inset showing
spectra as function of µa. The red line follows the maximum amplitude, the black lines
encompass the -6dB cut-offs of the spectra.

3 Results and discussion

3.1 Analytical results

Evaluating eqs. 4.9-4.11 for a glass-backed PDMS (Γ ≈ 0.71) active
element with values of µa between 1 mm−1 and 10 mm−1 at a depth of 300
mm with an optical pulse energy of 1 mJ and w0 = 2.0 mm, or a fluence
of 7.95 mJ cm−2 gives the signals and spectra shown the insets in Fig. 4.4,
for 1 mm active element thickness. The maximum of the spectrum occurs
at 1 MHz for a value of µa = 6.4mm−1, with a bandwidth from 0 to 5.5
MHz and peak-to-peak pressure of 49.3 Pa at 300 mm in water. The signal
and frequency spectrum for µa = 6.4 mm−1 are shown in figure 4.4(a) and
(b) respectively. The negative part of the time signal contains a series of
diminishing oscillations, the source of which are the internal reflections in
the backing layer described by Eq. 4.11. As acoustic attenuation was not
taken into account for these calculations, a somewhat smaller bandwidth
is to be expected in the experimental results. With the values extracted
from these calculations, the next step is to determine the weight fraction
of CB required to achieve a µa of 6.4 mm−1.
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Figure 4.5: (a) Plots of measured transmittance for a range of CB concentrations in
PDMS, (b) the absorption coefficient derived therefrom and (c) µa vs concentration at
1064 nm wavelength, including a linear fit to the data. The dashed red lines indicate
the desired µa value and the corresponding concentration of 0.075% CB by weight.

3.2 Materials characterisation

Optical properties

Figure 4.5 shows plots of the transmittance and the corresponding µa over
a wavelength range from 400-1100 nm. The sample CB concentrations
range from 0.03% to 0.28%. Figure 4.5(c) shows the measured values
of µa for the full range of concentrations, denoted C, and a linear fit to
the data at λ = 1064 nm. The fit indicates that the desired µa-value of
6.4 mm−1 requires a CB concentration of 0.075% by weight. Calculating
the expected value of the scattering coefficient µs using the approach
delineated in section 2.5 yields a value of 1.3 · 10−20 mm−1, 20 orders of
magnitude below µa and thus of little consequence to the behaviour of the
transmitter.

Acoustic properties

Figure 4.6(a) shows speed-of-sound results of the through-transmission
ultrasound measurements of the large block. The different data sets show
sound speed values derived from a comparison of a measurement through
one side of the block to a reference measurement through water or a
measurement through one of the other sides. The sound speed values all
cluster together, except for the measurements through the 34.9 mm side
referenced to the 25.0 mm side (the purple curve). This discrepancy may be
due to the lower reliability of the measured thickness of the 25.0 mm side.
The 25.0 mm side includes the top surface of the PDMS which was exposed
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Figure 4.6: (a) Through-transmission speed-of-sound measurements based on 5 single
element transducers, the different coloured curves specify through which side of the block
the signal was acquired and to what measurement it was referenced. (b) Attenuation
measurements based on comparison of the received spectra through samples of 2 different
thicknesses, 3.97 mm and 5.97 mm, using the same set of 5 transducers. The dashed
line shows a mean of the fits to the individual measurements.

to the air while curing and exhibits a concave meniscus which may have
led to a slight overestimation of the thickness. However, no such noticeable
deviation can be seen for the green curve, which is the measurement
through the 50.0 mm side referenced to the short side. Overall, from
these measurements the sound speed in the 0.075% CB/PDMS material is
1041.78 ± 3.60 m/s, in line with literature values for clear PDMS [28].

Fig 4.6(b) shows the attenuation results of the thinner samples. The
attenuation curves measured by the different transducers all appear to fall
on a similar trend, providing reliable data between 0.64 MHz and 12.84
MHz. Taking the mean values of the fitted parameters of the power law in
equation 4.17 gives us α0 = 1.75 dB cm−1 MHz−1 and b = 1.45, in line
with values found in literature [29, 30].

3.3 Transmitter performance

The generated peak-to-peak pressure was measured using illumination
pulse energies between 809 µJ and 2149 µJ, or fluence values between 7.9
and 21.1 mJ cm−2, at a distance of 6.2 mm from the transmitter surface.
An overview is shown in Fig. 4.7(a), the pressure increases linearly from
166.8 kPa to 398.1 kPa between 809 and 1664 µJ, after which it seems to
decrease in a more or less linear fashion. The time signals started deforming
at illumination pulse energies in excess of 1505 µJ (φ0 = 14.8 mJ cm−2),
exhibiting oscillations in the rising flank of the negative peak currently
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Figure 4.7: (a) Overview of peak-to-peak LIUS pulse pressures with increasing illu-
mination pulse energy, showing a clear levelling off and subsequent decrease due to
damage to the back face of the transmitter.(b) Comparison of LIUS pulse at 809 µJ
illumination before and after laser-induced damage. (c) LIUS pulses when illuminating
at 1829 and 2149 µJ, showing appearance and subsequent disappearance of oscillations
in the rising edge of the negative peak.
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suspected to indicate detachment of the backing from the absorbing layer.
There appear to be no oscillations visible in the pre-damage curve in
Fig. 4.7(b), in contrast to the simulation results in Fig. 4.4(a). This
could be due to the intervening layer of cyanoacrylate adhesive acting
as a matching layer, smoothing out the signal. Optical damage to the
glue layer may then have changed the acoustic properties and thickness
of the bond, introducing the oscillations from internal reflections in the
backing, which can be seen clearly in the green curve in Fig. 4.7(b). Both
signals in Fig. 4.7(b) were measured at an illumination pulse energy of
809 µJ, the post-damage curve being measured after going through the
full range of pulse energies up to 2150 µJ. All signals for this particular
transmitter, up to a pulse energy of 1664 µJ, also exhibited a positive
spike in the middle of the falling edge of the positive peak (red arrow in
Fig 4.7(c)), most likely due to an excess of glue between the glass and the
CB/PDMS. As can be seen in Fig 4.7(c) this spike disappears at pulse
energies of 1829 µJ and over, as do the rising-flank oscillations, though
both reappear at lower energies. The higher-energy signal still has a bulge
at the spike location and the negative peak has shifted to the right by
36 ns. The positive temporal shift of the negative peak would indicate a
further increase in the distance between the PDMS and the glass backing,
which would shift any signals due to reflection off the backing to the right.
As the effect seems reversible it is likely to be a thermal expansion effect
in the cyanoacrylate layer.

The detachment may well have worsened at higher pulse energies,
partially explaining the decrease in generated pressure. At higher pulse
energies the amplitude of the internal-reflection peak at t = 8µs also
increased, this persisted when illuminating at lower energies again, as
seen in Fig 4.7(a). Upon disassembly of the damaged transmitter the
backing appeared white and optically opaque, likely due to damage in
the cyanoacrylate layer. This opacity may well be the main cause for
the decreased amplitude, while damage-induced changes in the acoustic
properties of the glue could account for the appearance of the oscillations.
Indeed, after disassembly the backing was only partially bonded to the
PDMS, falling off altogether after being lightly touched. Even after
incurring optical damage, the peak-to-peak pressure of the signal remains
96% of that before damage at 159 µJ, though the quality of the signal is
more severely impacted. As this transmitter already had a spike due to
a somewhat thick glue layer, it may be that it was more damage-prone
than a transmitter with a thinner layer where the backing is more securely
bonded. On this basis illuminating the transmitters with fluence values
below 15 mJ cm−2 should allow for damage-free operation.
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Figure 4.8: (a) Representative on-axis time signals for 950 µJ pulse energy. The bottom
and left axes, in blue, correspond to the hydrophone-measured signal while the top
and right axes correspond to that measured by the transducer.(b) Frequency spectra
corresponding to both time signals.

For further measurements, using an undamaged transmitter, a liberal
safety margin to prevent damage was maintained. The transmitter was
illuminated with pulse energies of 950 µJ, giving an approximate fluence
of 9.3 mJ cm−2. Figure 4.8 shows the on-axis waveforms and spectra
as they typically appear, measured at a depth of 7.42 mm by fibre-optic
hydrophone and 147 mm by the custom US transducer mentioned in section
2.1. The hydrophone measured LIUS signal shows no spike in the falling
edge, indicating better adhesion of the backing. The secondary pulse at
7.5 µs, from the internal reflection, has a peak-to-peak amplitude of 13.5%
that of the main peak in both the hydrophone and the transducer signals.
The peak-to-peak pressure is 144.7 kPa, from a maximum of 39.8 kPa to
a minimum of -104.9 kPa. The spectrum of the hydrophone measurement
has a -6 dB bandwidth of 1.88 MHz from 0.17 to 2.05 MHz, the centre
frequency is 0.94 MHz, the maximum is located at 0.85 MHz. As measured
with the custom transducer the spectrum peaks at 0.97 MHz, with a 98.9%
bandwidth from 0.52 to 1.48 MHz. The peaks in both spectra overlap well,
meaning that the signals can also be detected with adequate efficiency
by the more narrowband detector. The slight deviation of the centre
frequency from the model may be attributable to the absence of acoustic
attenuation in the design model, something which can be improved in
future iterations.

Figure 4.9(a) shows a hydrophone scan of the emitted pressure field
in the plane perpendicular to the acoustic axis, here referred to as the
XY-plane. Figure 4.9(b) shows the on-axis pressure decay with axial depth
together with a fit ∝ r−1. The fit allows us to estimate the pressure at
greater depths than 80 mm, beyond which point the hydrophone sensitivity
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Figure 4.9: (a) Face-on pressure map at 8 mm distance from the front face of the
transmitter, showing the symmetry of the field. (b) On-axis axial scan of peak-to-peak
pressure (blue circles) and fitted function ∝ r−1. (c) Pressure map in the horizontal
plane containing the acoustic axis and (d) row-by-row normalised version of the same,
including dashed lines indicating the acoustic axis and e−1 cut-off, encompassing the
far-field opening angle of 45.8◦.
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was not sufficient to practically detect the signal. From the fit, the
estimated pressure at 300 mm depth would be around 10 kPa. Even after
transmission through a full 30 cm of tissue (α = 2 db·cm−1 [31]), this
would still leave a pressure of 10 Pa, well above the minimum detectable
pressure of our custom transducer. Figure 4.9(c) and (d) show the pressure
map in the horizontal plane containing the acoustic axis, here referred
to as the XZ-plane, in kPa and normalised row by row respectively. The
pressure maps, together, show the axisymmetric nature of the acoustic
field as well as its behaviour with increasing depth. The black dashed
lines in (d) indicate a fitted line to the e−1 points at each depth, from
which the opening angle of 45.8◦ was derived. The white dotted line in (d)
indicates the acoustic axis. These hydrophone scans took about 1.5 hours
to complete, illuminating with 970 µJ pulse energy at a 100 Hz repetition
rate. This entailed an estimated total of 5.4 · 105 laser pulses fired at the
transmitter, after which there was no noticeable degradation of the signal
quality. This gives some indication of the potential for long-term stable
operation of the LIUS transmitters.

3.4 General Discussion

The LIUS transmitters presented in this chapter are still very much proto-
types. Were they to be made for wider distribution and application some
further improvements would be advised. The glass backing is quite fragile
in the current design, meaning even fairly light mechanical pressure applied
to the front face of the transmitter can lead it to break or detach. This im-
mediately deteriorates the signal quality, if not necessarily the pressure, in
unpredictable ways. One way to make it more robust would be to have the
backing not simply attached to the PDMS, but integrated with the casing.
This could be done by using a wider glass disc or machining the PMMA
casing to incorporate a thin layer of material on top of the air pocket. To
lower the chances of the backing detaching a different bonding mechanism
may also be considered. In microfluidics highly robust bonding of PDMS is
regularly performed to both glass, through oxygen plasma treatment [32],
and PMMA, by treatment with 3-aminopropyltriethoxysilane [33]. Such a
bonding method has the added bonus that it does not introduce an extra
layer of a different material, however thin it may be, to the transmitter as
the use of cyanoacrylate does. The main motivation for not doing this here
is that various materials and shapes for the backing could be more rapidly
tested by having a quick, simple bonding method that does not require
any extra infrastructure to apply. For future iterations of these LIUS
transmitters it is highly recommended to apply the mentioned surface
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modification bonding methods for a more robust result.

While PMMA is a low-cost material that is also easy to machine, a
further simplification of the fabrication process might be achieved by 3D-
printing the casings instead. As long as the precision is high enough to
allow for the placement of the optical fibre with variations of no more than
≈ 200 µm and the PDMS can be bonded to the material, this should not
be problematic. Screw threads can also be printed [34], meaning it should
be possible to print the entire casing in just 2 pieces, the main casing and
the fibre clamp, greatly simplifying the whole process. While this chapter
presents a general approach to designing and fabricating a range of LIUS
transmitters with different responses, we only show a single type. In future
work it would be good to test the approach for various different frequency
ranges to get a more complete outlook on the reliability of the process.

As described above, the current method of fabrication includes a
considerable potential for variability in transmitter properties, due to the
hand-made nature of the transmitters. In applications using multiple
transmitters in concert, it is therefore important to characterise each
transmitter well, and to be sure that their properties do not change
during an measurement. Even if there is an appreciable variation in
transmitter pressure output, or even centre frequency, knowing exactly
what these variations are will let them be taken into account. Ideally, in
future improvements to the fabrication process any variability would be
minimised by more standardised and automated fabrication steps, as well
as by ensuring robust bonding methods that do not vary with time and
are not susceptible to optical damage in the course of normal operation.

The calibrated fibre-optic hydrophone used for the characterisation
measurements was well-suited to determining the field geometry, the active
sensor having a diameter of 10 µm and the associated wide acceptance angle.
This does, however, limit the sensitivity of the sensor and thus its ability
to detect lower-pressure signals at greater depths. The addition of a larger,
more sensitive, calibrated sensor for long-distance measurements would
have allowed a more precise assessment of the transmitter’s performance
at such depths needed for large-volume USCT measurements. As it stands,
the fit to the data in Fig. 4.9(b) seems to give an adequate estimate of
performance, though future measurements would bolster this conclusion.

For integration into a hemispherical large-volume PAT/USCT system
the positioning of the transmitters needs to be considered carefully. De-
pending on the requirements of the PAT illumination and the density of
detecting elements, a minimum number of LIUS elements for sufficient-
quality images should be arrived at. Considering the desire to insonify as
much of the imaging target as possible with each LIUS shot, it is likely
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that a narrow ring nearer the rim of the bowl would be optimal. In this
manner a large range of angular positions could be covered by perhaps
a few tens of transmitters. With such a number of transmitters in mind,
the illumination method should also be addressed. One method to effi-
ciently illuminate such an array of LIUS transmitters sequentially could
be through the use of a fibre-optic multiplexer based on a matrix of fibre
inputs, selectively illuminated by a laser via galvanometer mirrors and a
scanning lens, as we have presented in previous work [8].

A final consideration for the integration of the LIUS transmitter into a
multimodal system with a PAT capability is the generation of parasitic
signals. When illuminating the imaging volume for PAT measurements,
light hitting the front face of the LIUS transmitters is absorbed and can
generate unwanted signals orders of magnitude stronger than the actual PA
signals. This is highly undesirable and has to be addressed by preventing
optical absorption in the front face of the LIUS transmitters. One of the
easiest ways to do this, with minimal impact on the LIUS signal quality,
would be to place gold foil stickers on the front faces of the transmitters,
which would reflect most of the light and drastically, if not completely,
reduce parasitic signals. A similar approach has already been shown to
work in preventing parasitic signals from optically absorbing ultrasound
detectors in a photoacoustic mammoscope [35].

For future work, several options present themselves to further improve
control over the output of the LIUS transmitters. For one, the addition
of a broadband acoustic matching layer [36, 37] to the front face of the
transmitter would allow increased energy transmission and diminish or
remove the internal reflection peak. The same could be achieved with a
simple quarter-wave layer of an impedance-matching material like PDMS
with embedded TiO2 [29] if the bandwidth of the generated signal could
somehow be further reduced, which may be desirable depending on the
detector being used. Further control over the frequency spectrum of the
transducer could be achieved both by altering the laser pulse duration and
by changing the physical parameters of the absorbing material [38]. In the
former increasing the optical pulse duration up to values on par with the
stress confinement time will broaden the generated acoustic pulse and thus
decrease the bandwidth and centre frequency. One can imagine matching
optical absorption properties to laser pulse duration and temporal profile
to attain a range of desired spectral responses. In the latter the deposition
of multiple low-absorbing layers of any combination of thicknesses and
optical properties may also serve to shape the pulse and thereby also shape
the spectrum.
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4 Conclusion

We have presented an approach to designing laser-induced ultrasound
transmitters for large-volume ultrasound computed tomography. The
transmitters produced according to our method behave in a satisfactory
and reproducible manner, though some room for improvement in the
process and result still remains. The LIUS transmitters produced here
have a centre frequency of 0.94 MHz with a bandwidth from 0.17 to 2.05
MHz, producing pressures between 180.2 kPa and 24.4 kPa for a range of
depths between 7.42 and 62.25 mm. The ultrasound field has a cylindrical
symmetry about the acoustic axis and an opening angle of 45.8◦. These
design and fabrication methods can be used to create a wide range of LIUS
transmitters for any number of applications.
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Abstract

We present a lab-built prototype for a 3D hybrid photoacoustic/laser-
induced ultrasound computed tomography device for breast phantom
imaging. The device, inspired by a hemispherical geometry, allows some
flexibility of combining laser-induced ultrasound transmitters, light sources
for photoacoustic imaging and sensitive, purpose-built ultrasound detectors
in standardised mounting points. Our initial results employ tailored 1 MHz
centre frequency laser-induced ultrasound transmitters to achieve sound
speed mapping in a breast-sized phantom. The phantom, a 2-layer breast
analogue contructed using everyday lab supplies, consists of polyvinyl
chloride plastisol and agarose-based tissue mimicking materials. Using
transmission-mode and reflection-mode acquisition protocols respectively,
2D maps of the sound speed and ultrasound reflectivity are reconstructed.
Both sets of data compare well with the ground truth of the phantom.
Simultaneously, conventional photoacoustic imaging of the phantom is
also performed. A comparison of image quality in photoacoustic images
using 3 different sound speed models: a single-speed, two-speed and full
sound speed map model, shows the advantages of measuring the sound
speed map, especially when imaging more complex objects such as the
human breast. This work shows promise for implementation in a more
densely populated setup, where the benefits of laser-induced ultrasound in
otherwise cross talk-prone situations may become clear.



1 Introduction

Photoacoustic tomography (PAT) is an area of increasing interest in the
biomedical imaging field in recent decades [1–5]. An important area of
focus for PAT [6–11], and ultrasound computed tomography (USCT), is
imaging of the human breast for the screening and diagnosis of breast
cancer. The absence of bone and air, combined with the possibility of
360-degree access, makes the breast a prime target for these techniques
[12, 13].

Imaging using PAT is achieved by sending short (ns) light pulses into
tissue, where they are absorbed, predominantly by blood. Upon absorption
of the light the tissue heats up. Due to the thermal associated expansion,
an ultrasonic pulse is generated, which is then detected. The promise of
using photoacoustic imaging is that it can use the advantages of light such
as relatively low cost, and the potential to perform molecular imaging.
The image resolution is better than in purely optical methods as the
acoustic signals undergo significantly less scattering than light in biological
tissues. The combination of high resolution at depth and the chemical
sensitivity of the optical excitation is a powerful one, however PAT still
carries some challenges. To reconstruct a photoacoustic image, the arrival
times of the detected signals are assigned to a spatial location via the
sound speed, which in most cases is assumed depending on the organ
of interest. This assumed sound speed does not take into account the
fact that different tissue-types have different sound speeds, nor is the
physical structure of the target organ considered. Combining with USCT
can make a crucial contribution in a PAT system, by performing through-
transmission sound speed mapping as well as reflection mode structural
imaging [14–17]. Specifically for breasts, which can exhibit considerable
variations in tissue types and structure, an accurate sound speed map may
be of added value. Sound speed maps can be used in image reconstruction
to calculate more accurate backprojection paths, improving the PAT image
reconstruction ans signal-to-noise ratio (SNR).

Various breast PAT and USCT imaging prototypes have been developed
and are still under development [6–13]. Especially in a device combining
PAT and USCT, the optimal positioning of ultrasound detectors, ultra-
sound sources and light sources for optimal illumination, insonification
and detection is not a trivial problem. The need to simultaneously achieve
homogeneous illumination of the entire sample for PAT, a maximum insoni-
fied volume for each USCT excitation and also a large density of detectors
with a large variety of viewing angles in a limited space can give rise to con-
flicting solutions for the different sub-systems. We have designed and built
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a 3D lab prototype PAT/USCT system using laser-induced ultrasound
(LIUS) excitation for the USCT part. In this chapter we present initial,
two-dimensional, phantom imaging results from a single imaging plane.
The phantom was a 12 cm diameter, 3.2 cm height cylinder, containing
2 different materials with differing acoustic and optical properties. We
imaged the phantom using PAT and LIUS-CT, then used the sound speed
maps to reconstruct the PAT images. We compare the quality of PAT
images using a single-speed, 2-speed and fully mapped reconstruction, as
well as looking at the sound speed images on their own merit. B-mode
reflection LIUS-CT images are also reconstructed to inspect the structural
properties of the phantom.

2 Materials and Methods

2.1 Concept

The imaging system, depicted in Fig. 5.1, is based upon a design for a
hemispherical geometry clinical breast imaging system. It consists of a
pair of curved wedges held on two arms which are mounted on a 2-axis
rotation stage. The two curved wedges (30 cm radius of curvature) can be
rotated independently of each other to synthezise a hemisphere, reminiscent
of a hemispherical imaging bowl as used in PAT [9, 11] except inverted
(Fig. 5.1(a)). The wedges have holes to accommodate LIUS transmitters,
ultrasound detectors, or optical fiber bundles for photoacoustic excitation
as the case may be. The scanning arms can rotate over the full 360◦

range, as well as relative to one another over a 329◦ range limited only
by the need to not collide with one another. This allows the emulation
of a full circular or hemispherical array, depending on the placement of
transmitters and receivers.

In this demonstration study we used only a 2D geometry where one
arm holds a single detector and the other a single LIUS transmitter. A
close-up of the inner surface of one of the arms containing a single detector
at an arbitrary position is shown in Fig. 5.1(b), with an orange arrow
indicating the eventual location of transmitter or receiver in this work.
Optical fibre bundles can be mounted separately to allow the addition of
photoacoustic imaging. In 2D PAT configuration only a single arm with a
single detector is mounted as seen in Fig 5.1 (c).
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Figure 5.1: (a) SolidWorks® drawing of the setup, showing the 2 scanning arms (I)
mounted on a 2-axis rotation stage within a water tank (V). The rotation stages (II
and III) are mounted on a translation stage (IV) to allow vertical motion as well. (b)
Close-up of the inner face of one of the scanning arms, showing dummies mounted
in all the holes except one, which contains a detector. The orange arrow indicates
the mounting location eventually used for both LIUS transmitter and detector in this
work. (c) Photograph of the setup in PAT mode, without the water tank for clarity.
The fibre bundles are evenly spaced around the centre of the scanning volume to have
illumination as uniform as possible with this bundle.

Figure 5.2: (a) Transmission LIUS-CT protocol, showing the 120◦ scanning arc of
the detector and the 359.5◦ scanning range of the transmitter arm. (b) Reflection
mode LIUS-CT protocol, showing the 4 positions the detector takes up for a single
projection and the angles between them and again the full scanning range of 359.5◦ is
also indicated. (c) PAT scanning protocol, showing the illumination geometry and the
scanning range.
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Figure 5.3: (a) Triggering schematic for the LIUS-CT measurements. A function
generator continuously supplies a TTL signal at 100 Hz to the LIUS laser, while a 20
Hz trigger, delayed by 220µs to account for trigger and Q-switch delays is supplied to
the DAC. (b) Triggering schematic for the PAT measurements. The PAT laser, firing
at a 10 Hz repetition rate, supplies a trigger pulse to the DAC each time the Q-switch
activates. (a) and (b) The PC moves the stages and waits for them to finish, then sends
the acquisition command to the DAC which will take the desired number of averages
on arrival of the next trigger pulse.

2.2 Scanning Protocols

Three scanning protocols were followed, one each for transmission and
reflection LIUS-CT and one for PAT. Figure 5.2(a) shows an overview of
the transmission LIUS-CT acquisition protocol. For a single projection,
the LIUS transmitter is kept stationary and the detector is scanned over a
120◦ arc on the opposite side of the phantom in 2◦ steps. A total of 719
such projections with a 0.5◦ step size are taken to cover the full 360◦ range.
Figure 5.2(b) shows the reflection mode LIUS-CT scanning protocol, where
each projection sees the detector in 4 positions, 2 on either side of the LIUS
transmitter. Due to the size of the arms the minimum angular distance the
transmitter can have from the detector is 31◦ on either side. The distance
between adjacent detector positions is chosen to be 6.6◦ for a detector
spacing of 15 mm, similar to what it would be in a full imaging bowl.
Again, the angular step between projections is 0.5◦, giving a total of 719
projections. The LIUS transmitters have a wide, cylindrically symmetric,
emission profile which is roughly matched to the sensitivity profile of the
detectors. In a 2D reflection mode configuration as used here this leads to
out-of-plane clutter due to backscattered signals originating above or below
the imaging plane. To alleviate this, reflection mode scans were taken at 6
additional elevational positions, 2 below and 4 above the intended imaging
plane, at 1.5 mm intervals covering most of the phantom. Figure 5.2(c)
depicts the PAT imaging protocol, where the entire assembly of detector
and 9 fibre bundles is rotated over 359.5◦ in 0.5 ◦ steps.
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2.3 Hardware

The main components of the setup, in both LIUS-CT and PAT modes,
are shown in the triggering schematics in Fig. 5.3. In either mode
a PC with LabVIEW (National Instruments, USA) first positions the
stage or stages prior to sending the command to start an acquisition. The
acquisition command is sent to a DAC system specialised for photoacoustic
mammoscopy [8](PA Imaging R&D B.V., The Netherlands). This DAC
allows to trigger a maximum of 20 acquisitions per second, where each
acquisition is performed with a sampling rate of 25 MHz and a maximum
duration of 163.84 µs. In LIUS-CT mode a 20 Hz, 5V TTL signal is
supplied to the DAC by a function generator (AFG 3102, Tektronix, USA),
synchronised to the 100 Hz trigger signal required for optimal stability
by the 1064 nm, 4-ns pulsed diode-pumped LIUS laser (M-Nano PR147,
Montfort Laser, Austria). The 20 Hz detection trigger is delayed by 220 µs
relative to the 100 Hz illumination trigger to account for the laser’s trigger
and Q-switch delays. The laser is coupled into the fibre of the lab-built
LIUS transmitter [18], which emits an acoustic pulse with an opening
angle of 45.8◦. The pulse traverses the sample and is picked up by the
ultrasound detector (Imasonic SAS, France). One of two detectors is used
in each acquisition, one with a flat surface or one with a diverging acoustic
lens built in. The flat detector with 3 mm active element diameter has a
minimum detectable pressure (MDP) 0.23 Pa, a 1 MHz centre frequency
with a 100% bandwidth and a 30◦ e−1 opening angle. The lens-equipped
detector has a larger opening angle of 58◦, though a higher MDP of 0.5
Pa due to insertion losses in the lens. The frequency response of the
lens-equipped detector is centred at 0.78 MHz with a 134% bandwidth.
The signal from the detector is stored in local memory on the DAC system
and transferred to the PC for display in LabVIEW, following which it is
saved in a .txt file for later processing.

In the PAT mode the role of the PC, rotation stage and DAC re-
main unchanged. The detection is now triggered by the 10 Hz Q-switch-
synchronised trigger pulse from the 532 nm, 10 ns pulse PAT laser (Quanta
Ray pro 250, Spectra Physics, USA). The light from the laser is coupled
into a fibre bundle with 9 separate outputs which are mounted evenly
spread around the phantom. The excited PA signals are detected and
again transferred to the PC and saved for later processing.

2.4 LIUS transmitters

The laser-induced ultrasound transmitters are based on the absorption
of ns-pulsed laser light in polydimethylsiloxane (PDMS) (Sylgard 184,
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Dow Corning, USA) doped with optically absorbing carbon black (Printex
60, Palmer Holland, USA), which causes emission of a photoacoustically
generated ultrasound pulse. The transmitters are described in more detail
in chapter 4, but will also be briefly discussed here. Figure 5.4 shows
a diagram and a photograph of the LIUS transmitter, as well as plots
showing the temporal and spectral properties of the LIUS signals. The
optically absorbing part of the LIUS transmitter consists of a 10 mm
diameter, 1 mm thick PDMS disc containing 0.075% by weight carbon
black. The active element size is determined by the illumination spot
diameter, which is approximately 3.6 mm in this work. A 100 µm thick, 5
mm diameter borosilicate glass microscopy cover slip (Agar Scientific, UK)
is bonded to the back of the PDMS with cyanoacrylate adhesive (Loctite,
Germany) to increase the positive pressure content in the signal. The
glass-backed PDMS disc is bonded in the same way to a PMMA casing
containing an air pocket to prevent reflections from within the casing to
mix with the LIUS pulse. The casing contains a multimode optical fibre
(FT600UMT, Thorlabs, USA) to supply the light. The casing can be
mounted in the scanning arms by inserting it from the front into one of the
mounting holes and fastening it with a specially made nut. The plots in
the bottom half of Fig. 5.4 show the temporal and frequency response as
measured with a fibre-optic hydrophone with a 0-30 MHz -6dB bandwidth
(Precision Acoustics, UK), and as measured with the custom detector
which is also used in this work. The transmitter has a 0.94 MHz centre
frequency with a 200% -6 dB bandwidth, showing large overlap with the
more narrowband detector. Pressures of up to 200 kPa can be generated
when illuminating with 1 mJ laser pulse energy, without adverse effects on
the transmitter.

2.5 LIUS-CT image reconstructions

Through-transmission sound speed mapping

Similar to X-ray CT, USCT recovers an image of sound speed based on
projections of this physical property, in this case a projection being the
imprint of the sound speed onto the wave field that is detected after
transmission through the sample. The sound speed is reconstructed from
a large number of projections obtained with different view angles covering
360°, where a single view angle means one rotational position of the
transmitter with all receiver positions. In time-of-flight (ToF) tomography,
the projection is quantified as the ToF, i.e. the arrival time of the US
pulse at the receiver, which is related to line integrals of slowness (inverse
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Figure 5.4: (a) Schematic and photograph of the LIUS transmitter (top), indicating
the various components: A) Optically absorbing active element, B) High-impedance
backing (glass cover slip), C) Tube segment enclosing air cavity, D) Threaded mounting
piece with fibre passage, E) Outer and inner O-rings for watertightness and fibre
clamping (inner only), F) Fibre clamping chuck, G) Optical fibre for light delivery. (b)
Photograph of LIUS transmitter. (c) Waveform from the LIUS transmitter as measured
by a hydrophone and the detector in the imaging apparatus. (d) Frequency spectra of
both signals, showing the narrower bandwidth of the detector, with good overlap of the
maxima. Adapted from Ref. [18].
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sound speed). ToF is commonly seen as having low spatial resolution
due to diffraction, i.e. the finite size of the acoustic wavelength blurs the
width of the hypothetical acoustic rays that constitute the integration
lines. A full-wave inversion, i.e. the iterative fitting of a model of wave
propagation to the amplitude data, is typically used to avoid this problem,
but is computationally expensive.

We have chosen an alternative approach, where the detected wave field
is virtually back-migrated into the sample prior to ToF determination,
in that way focusing the diffracted parts of the wavefront back to the
diffractors [19]. For each view, a 2D map of ToF is thus obtained instead
of a 1D ToF profile, in which the ToF increment imprinted by a diffractor
onto the projection is resolved with (ideally) diffraction-limited resolution
at the location of the diffractor. In the present study, a back-migrated
view is calculated for each rotational position of the transmitter, using
the paraxial approximation/ angular spectrum technique. Given the quite
large 2◦ angle step between receiver positions (corresponding to 20.94 mm),
the back-migrated wave field contained a high level of grating artefacts. To
mitigate these artefacts, back-migrated views were coherently compounded
over a range of rotational positions (5◦ around each view angle) prior
to ToF determination, thereby virtually increasing the spatial sampling
density of the receivers per view angle. The view angles were chosen
identical to the transitter rotation angles (i.e. 0◦ to 359.5◦ in 0.5◦ steps).
As in ref. [19], a modified filtered back-projection is then performed to
reconstruct the 2D distribution of slowness: the 2D ToF maps of all views
are averaged after scan conversion to lab coordinates, and the average is
ramp-filtered in the frequency domain.

Reflection B-mode imaging

For reflection B-mode imaging, a complex radio-frequency (CRF)-mode
image is reconstructed for each rotational position of the transmitter from
the Hilbert-transformed signals, using a delay-and-sum algorithm. Again,
coherent compounding of the CRF-mode images over a range of rotational
positions is used, to virtually increase the spatial sampling density of the
receivers and thus reduce grating artefacts. Given the isotropic angular
sensitivity of the transmitter and receiver, such CRF-mode images have a
strong contribution from out-of-plane echoes. In order to focus in elevation
(direction z perpendicular to imaging plane), CRF-mode images from
the same view angle but from multiple vertical positions were coherently
averaged. Such images were generated for view angles covering the 360° in
0.5◦ steps. All images were then incoherently averaged (i.e. after taking
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the square modulus) to yield the final B-mode image.

2.6 Photoacoustic image reconstruction

The photoacoustic images were reconstructed using the k-Wave software
package in Matlab® [20], using time reversal. In k-Wave time reversal is
implemented by propagating the detected signals back into the reconstruc-
tion region, taking the user-defined acoustic properties of the medium into
account. The reconstruction was performed on a 2D grid of 1024x1024
pixels, the sound speed can be defined separately for each pixel, if desired.
Three reconstructions were performed, using 3 different sound speed maps.
The first reconstruction assumes a homogeneous sound speed throughout
the image, which is optimised by eye to achieve a sharp image. The second
reconstruction uses a 2-speed model, with 1485 m/s outside the phantom
and 1441 m/s inside the phantom, the average speed of the phantom
materials. The final reconstruction incorporates the measured sound speed
map from the LIUS-CT data to also differentiate between the sound speed
in different regions within the phantom.

2.7 Phantom

A cylindrical 2-layer phantom was developed to provide a regular outer
surface of the phantom, but an irregular interface between two layers, in
a simple analogy to the fat and glandular tissues of the human breast
rendered down to a 2-dimensional geometry. The tissue-mimicking materi-
als (TMMs) were prepared according to Dantuma et al. [21]. The outer
layer of the phantom was made of polyvinylchloride plastisol (PVCP, Lure
Flex Firm, Lure Factors, UK) with 25 mg/mL glass beads (Sigma Aldrich,
USA) with diameters ≤ 106 µm added to provide acoustic scattering, as
well as 6.4 mg/mL TiO2 powder (Sigma Aldrich, USA) to provide optical
scattering. The inner layer is made from a gel of 1% agarose (Sigma Life
Sciences, USA) in water, with 105.5 mg/mL glass beads and 3.5 mg/mL
TiO2.

The outer layer of the phantom was created by pouring the PVCP-
based TMM mixture into a 12 cm diameter springform pan to a depth of
3 cm in 2 stages. After pouring the first layer, 2 ink-coated stainless steel
microspheres (100 µm diameter) were placed at 2 locations 2-3 cm from
the edge of the pan, to serve as photoacoustic point sources. The second
layer was poured on top and once it had set and cooled, an irregularly
shaped opening was cut into the centre of the PVCP cylinder, using a
duck-shaped cookie cutter. Three black surgical sutures of diameter 100
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Figure 5.5: (a) Schematic representation of the phantom in a top view, indicating the
2 TMM layers, point absorbers as they were approximately placed and the sutures
labelled W1 through W3. (b) Photograph of the PCVP-based TMM outer layer of the
phantom placed on the base of the spring form pan, with 3 surgical sutures threaded
through. (c) Phantom with cavity filled in with agarose gel-based TMM, placed in the
imaging device in USCT mode. (d) Full phantom in the setup in PAT mode, with 9
fibre bundles evenly spaced around.
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µm (NYL1CN, VetSuture SAS, France) were threaded through the PVCP
and inner cavity as shown in figure 5.5(a) to also provide photoacoustic
sources which extend through both TMMs. After placement of the sutures
the outer wall of the spring form pan is replaced and the agar-based TMM
is poured into the inner cavity and allowed to cool and set. Figures 5.5(b)
and (c) show the finished phantom placed inside the imaging apparatus in
LIUS-CT and PAT modes respectively.

For characterisation of the material sound speeds and the acoustic
attenuation, blocks measuring 60x40x30 mm3 were cast from both TMMs.
These were then characterised using the modified insertion method de-
scribed by Dantuma et al. [21], using the differences in arrival time and
amplitude of signals transmitted through the 60 mm side and the 40 mm
side. The signals are produced from a single-element PZT transducer
(Olympus NDT, USA) and detected using a 1 mm needle hydrophone
(Precision Acoustics, UK). Transducers with centre frequencies of 1, 2.25,
5, 7.5 and 15 MHz were used. A power law describing the frequency
dependent acoustic attenuation is fitted to the data:

α(f) = α0f
b (5.1)

Here, α0 is in dB/cm/MHz−b, f is in MHz and b is a dimensionless
exponent governing the frequency dependence.

3 Results and Discussion

3.1 Phantom materials characterisation

The values of the relevant acoustic and optical properties of both phantom
TMMs are shown in Table 5.1. The sound speed is the mean value between
1 MHz and 15 MHz, and the acoustic attenuation is the amplitude and
exponent of the attenuation power law (Eq. 5.1). Although the sound

Acoustic Properties
Property vs (m/s) α0 (dB/cm/MHz−b) b

PVCP 1410 0.8112 1.404
Agar 1476 0.0539 1.77

Breast (glandular)[22, 23] 1515 0.87 1.5
Breast (adipose)[23, 24] 1436-1481 0.16 1.7

Table 5.1: Values of the acoustic properties for the phantom TMMs and literature
values for adipose and glandular breast tissues.

speed values are somewhat lower than literature values for breast tissue,
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Figure 5.6: (a) Sound speed map of the phantom. (b) Vertically compounded B-mode
image.

the contrast between them is similar to what is found in actual breast.
The acoustic attenuation in the PVCP outer layer is in the appropriate
range for human mammary glandular tissue. The agar has a low α0 of
about a third of the literature value for adipose tissue while the value of b
matches well. The main property of interest for this study is the sound
speed contrast, which is in the correct range to simulate breast tissue.
With the acoustic attenuation properties of the PVCP layer matching
well to literature values for glandular tissue, the acoustic properties of the
phantom were deemed sufficient to proceed with the imaging study.

3.2 SoS map and B-mode US images

Figure 5.6(a) shows the reconstructed sound speed map, clearly showing
the 3 regions, water, the outer phantom layer and the inner duck-shaped
layer. The sound speed has mean values of 1484.6 m/s in the water,
based on the mean measured water temperature of 20.6◦C, 1408.5 m/s
in the PVCP and 1465.1 m/s in the agar. The mean sound speed value
in the agar layer is lower than the result in Table 5.1. The sound speed
distribution is also highly non-uniform, with higher sound speed values
are near the boundary of the duck and vary between 1470 and 1500 m/s,
while the central region contains values between 1440 and 1460 m/s. The
non-uniformity is an artefact, probably caused by view angle-dependent
acoustic refraction at the irregular interface between the agar and PVCP
compartments. Based on the single sound speed measurement for agar in
Table 5.1, actual sound speed fluctuations within the material itself can
not be entirely excluded.
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The resolution of the material boundaries, determined by taking perpen-
dicular cross sections across each boundary in 10 locations, is consistently
6 mm for the water-PVCP boundary, while it fluctuates between 6 and
10 mm for the PVCP-agar boundary. As with the non-uniformity in
the sound speed the variations in the PVCP-agar boundary resolution
may also be influenced by view-angle-dependent acoustic refraction at the
irregular shape, in contrast to the regularly cylindrical outer boundary
where refraction did not depend on view angle.

The B-mode image in Fig. 5.6(b) clearly shows the duck-shaped
outline of the agar layer of the phantom, including a difference in the
spatial distribution of echoes. The contrast between the inner and outer
phantom layers is -4.3 dB, as determined from the difference between the
mean normalised dB values of the PVCP and agar layers in the image.
The clear specular reflection at the boundary assists in separating the
two regions. The boundary appears as a double line because of the sound
speed mismatch between the PVCP and the agar, as the sound speed map
was not used in this image reconstruction. Looking at cross sections of the
brightest point scatterers and the material interfaces in the image, FHWM
values between 2 and 3 mm are observed.

3.3 PAT reconstructions

Figure 5.7 shows a comparison of 6 PAT reconstructions, one for each
combination of the 3 sound speed maps and 2 detectors. In the single-speed
reconstructions, an optimal sound speed was chosen empirically to visually
maximise the sharpness of the wires in the inner layer. The optimum
sound speed was 1438 m/s for the images taken with the flat detector,
1416 m/s for those taken with the lens-equipped detector. Depending
on the choice of single sound speed the quality of the reconstruction is
optimal for a different part of the image. With the sound speed optimised
for the inner layer, the wires appear to split outside of the boundary of
the duck, whereas if one were to optimise the sound speed to maximise
the sharpness of the outer point sources, some of the inner wires would be
too blurred to be clearly seen, while others would appear split.

The 2-speed model employs the water sound speed of 1484.6 m/s based
on the measured water temperature outside of the phantom region. The
inside of the phantom, the location of which can be identified in the B-
mode image, is given a sound speed of 1443 m/s, the mean of the phantom
materials (see also table 5.1). The 2-speed reconstructions look similar to
the single-speed images, with the wires and point absorbers appearing to
be well focused in the central region, less so towards the outside of the
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Figure 5.7: Comparison of PAT images taken with both detector types, reconstructed
with either a single-speed model (1438 m/s with flat detector, 1416 m/s with lens-
equipped), 2-speed model (1485.5 m/s outside, 1441 m/s inside) or the measured SoS
map. The 2-speed model offers a substantial improvement over the single-speed model,
though structures further from the centre still appear double. The full sound speed map
gives the best reconstruction, with a consistent PSF throughout the imaging region
and higher SNR (see also Table 5.2).
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phantom. This can be seen in the wires, when following them from the
inside outwards they appear to gradually split and fade in contrast. The
wires’ splitting can be understood by considering the difference in arrival
time in signals measured from opposite sides of the phantom. On the near
side a signal from the edge propagates mostly through water, whereas a
signal from the same location must traverse the entire phantom to reach a
detector on the other side. Signals of the same object detected on opposite
sides of the phantom will thus experience different sound speeds on the
way to the detector, leading to them finally being reconstructed in slightly
different locations.

In the reconstructions employing the reconstructed sound speed map,
the splitting of the wires is no longer visible. The size of the point
absorbers is more consistent and they appear more point-like. To quantify
the resolution of the images the mean full width at half maximum (FWHM)
in mm of the 5 most obvious point sources and the wires (indicated as
P1-P5 and W1-W3 in Fig. 5.7, respectively) is listed in Table 5.2 for each
sub-image of Fig 5.7. For the point sources the mean FWHM is the mean
value of the maximum and minimum FWHM, for the wires it is the mean
of the minimum FWHM, only evaluated where the wire is clearly a single,
non-split structure.

Model 1-speed 2-speed Reconstructed SoS Map
Detector Flat Lens Flat Lens Flat Lens

FWHM SNR FWHM SNR FWHM SNR FWHM SNR FWHM SNR FWHM SNR

W1 0.76 0.65 0.82 1.37 0.75 0.12 1.15 0.31 0.72 2.41 0.89 3.63
W2 0.72 0.64 0.76 0.49 0.72 0.78 0.89 0.42 0.67 2.75 0.88 2.40
W3 0.73 1.59 0.71 1.66 0.87 1.72 0.80 1.61 0.69 2.58 1.04 2.91
P1 1.56 5.69 1.38 6.29 2.03 4.53 2.38∗ 4.32 0.98 7.82 1.15 6.29
P2 0.98 4.28 1.12 4.86 0.91 4.36 1.16 5.32 0.83 2.15 1.16 5.44
P3 0.92 3.62 0.94 4.61 0.92 4.11 1.08 5.01 0.70 4.04 0.82 5.11
P4 0.91 3.29 1.02 1.90 1.05 3.16 0.80 1.86 1.09 2.44 1.36 1.18
P5 1.24 3.35 1.38 3.31 1.30 3.27 1.47 2.97 0.79 3.75 1.07 2.80

Table 5.2: Size (FWHM, mm) and SNR values (unitless) for the three wires (W1-W3
in top left Fig. 5.7) and five most prominent point absorbers (P1-P5).
∗split into 2 distinct parts, value denotes distance between peaks

Table 5.2 also lists the signal-to-noise ratios (SNRs) of the same 3 wires
and 5 point absorbers. The SNR, taken in hand-defined regions of interest
containing a feature and a surrounding margin of background, is defined
to be:

SNR =
µft
σbg

, (5.2)

where µft is the mean value of the amplitude of a feature and σbg is the
standard deviation of the background amplitude directly surrounding the
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feature. For the wires, the ROI to be evaluated is based on the wires as
seen in the reconstructed images using the sound speed map, making the
effect of the splitting visible.

The FWHM values of the wires don’t change more than 50 µm between
the different sound speed maps, largely because only the well-reconstructed
part of the wire was considered each time. As can be seen easily by eye in
Fig. 5.7, the wires are well reconstructed over their entire visible length
when using the reconstructed sound speed map, and only partially in the
other cases, mostly inside the duck-shaped inclusion. The splitting of the
wires away from the image centre appears somewhat worse in the 2-speed
reconstruction compared to the single-speed images. The point sources,
with the exception of P4, are more similar in size to one another in the
images employing the reconstructed sound speed map compared to the
other two methods. The points outside the duck are more blurred in both
the 1-speed and 2-speed reconstructions, while the inner point sources are
reconstructed almost as well as with the sound speed map.

For the flat detector, the SNRs of W2 and W3 increase a little going
from the 1-speed model to the 2-speed model, while that of W1 decreases.
For the lens-equipped detector the SNR barely changes for W2 and W3
between the 1-speed and 2-speed models, while W1 again decreases by a
factor of 4.4. For both detector types, however, the SNR of all wires in
the sound speed-mapped images is superior to the other models.

While similar image qualities can be achieved locally for each recon-
struction approach, the map-based reconstruction shows a more consistent
quality throughout the image. Comparing the results from the flat detector
and the lens-equipped detector, the FWHM of all features is smaller in the
images taken with the former, in keeping with the lower centre frequency
and lower bandwidth of the latter, as discussed in section 2.3.

3.4 General Discussion

The imaging device in its current form takes considerable time to collect
enough data for a high quality image, as much as 20 hours for either type
of LIUS-CT image. The PAT images can be obtained within 30 minutes,
and are thus less problematic. This limitation means that the phantom
is required to be stable in both position and composition for at least this
period of time. While this should not be a problem for the PVCP, it may be
that the properties of the agar did change somewhat over time, as agar can
absorb water and is also subject to biological degradation processes. The
addition of more detectors in a curvilinear array for a 2D configuration will
drastically decrease the imaging time as fewer positions for the detection
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arm per projection will be needed. Using a laser with a higher repetition
rate and a DAC-system with a correspondingly higher acquisition rate will
enable faster PAT imaging as well, possibly even allowing for continuous
rotation of the scanner. For the purpose of phantom imaging, however,
the current acquisition speed is adequate, if somewhat cumbersome.

In future work, it may be of interest to perform 3D imaging with both
types of detector used for the PAT images. For an optimal resolution it
would be best to use the flat detector, though weaker features may then be
obscured where the larger acceptance angle of the lens-equipped detector
could render them visible. Meanwhile, to further optimise 2D LIUS-CT
imaging it might be interesting to confine the emitter LIUS field to the
imaging plane of interest, rather than having an axisymmetric source. This
may be achieved by changing the shape of the illumination spot on the
LIUS transmitter to a more linear or elliptical shape as in chapter 3, or by
changing the shape of the absorber itself. This will reduce out-of-plane
reflections and could remove or reduce the need for axial scanning for the
reflection mode acquisition.

4 Conclusion

We have presented a lab-based reconfigurable acoustic tomography device
for transmission and reflection LIUS-CT and PAT, and demonstrated its
use on a multimodal 2D phantom. The transmission sound speed images
with a 120◦ scanning range per projection and 719 projections show sound
speed values which correspond well to the independently measured values,
enough to improve the PA images. The reflection mode LIUS-CT image
shows a -4.3 dB contrast between the different materials in the phantom,
with a resolution of a few millimetres. The effect of the choice of sound
speed model is evident in the quality of the PAT reconstructions, the
superior result coming from the use of the measured sound speed map.
The 2D configuration of this system, combined with a simple phantom
shows potential for continued development into a fully 3-dimensional
system for assessment of different measurement configurations for PAT
and LIUS-CT of more complex breast phantoms.
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Abstract

We introduce broadband frequency-tunable laser-induced ultrasound trans-
mitters, based on the photoacoustic response of an engineered optical
absorber to a square laser pulse with a tunable duration. Under these
circumstances the duration of the optical excitation pulse has an influ-
ence on the frequency content of the generated ultrasound pulse, while
maintaining a short laser pulse rise time prevents loss of acoustic pressure.
We report centre frequency tuning between 0.8 MHz and 5.5 MHz, with
bandwidths ranging from 88% to 148%, for a total usable frequency range
from 0.5 MHz to 8.9 MHz at multi-kPa pressures. Currently this tuning
range is achieved using several separate laser-induced ultrasound sources,
we also discuss how to integrate such a response into a single device in the
future.



1 Introduction

Laser-induced ultrasound (LIUS), while already widespread in the field of
nondestructive testing [1, 2], is a relative newcomer in biomedical imaging
[3]. The basis of LIUS lies in the photoacoustic effect, the generation of
ultrasound pulses by the rapid thermal expansion of materials when they
absorb short laser pulses in the nanosecond range [4]. These photoacoustic
pulses are generally broadband and depend on the optical properties and
physical dimensions of the material being illuminated. When combined
with broadband detection, LIUS can improve imaging resolution, and thus
diagnostic power, in a cost-effective manner. The optical nature of the
excitation pulses means using LIUS is also advantageous in applications
where electronic cross talk between elements in a dense detector array
would otherwise be problematic.

It would be advantageous to be able to develop LIUS sources for a
specific set of applications in mind, as is the case with conventional piezo-
electric ultrasound sources. For example if LIUS sources were available
with tunable centre frequency and bandwidth, this could allow lower fre-
quency sources to be chosen favouring a larger imaging depth, or a broader
bandwidth for improved resolution. Further, a broadly and precisely
tunable ultrasound source may serve to improve and add flexibility to
the imaging of contrast agents with a specific resonance frequency. By
scanning the frequency response of the source it would be possible to
optimise the response to a contrast agent or some other resonant structure,
increasing sensitivity for imaging. When using injected microbubbles in
a therapeutic capacity [5], it might be possible to decrease the required
ultrasound power to produce cavitation, by hitting the resonance frequency
more precisely. In other applications where multiple frequency bands are
required, such as in harmonic imaging, acoustic radiation force imaging
(ARFI) or second-order ultrasound field imaging (SURF) [6], complex
multilayered US probes are generally employed [7]. A rapidly tunable
LIUS transmitter can serve to simplify the ultrasound sources required in
such applications.

Changing the pulse duration (τp) of the exciting light under the stress
relaxation time of the LIUS material:

τs =
da
vs

(6.1)

with da the length of the absorbing zone and vs the speed of sound, does
not lead to a perceptible change in the frequency content of the generated
pressure. Excitation with a τp exceeding τs leads to escaping stress during
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the heating pulse resulting in changes in the frequency of the generated
signal, but with the drawback of a drop in the generated photoacoustic
pressure. For this reason, LIUS pulses are usually generated with τp well
under τs and within the stress confinement regime, which provide a fixed
(high frequency) content.

In this work, we present an approach with long excitation light pulses,
which nevertheless produce strong photoacoustic responses due to the
sharp rising and falling flanks of the square-wave pulse profile chosen.
The tunability of the pulse duration allows manipulation of the frequency
content of the generated LIUS. We have chosen to implement this approach
using vertical-cavity surface-emitting laser diodes (VCSELs) which feature
convenient pulse duration control using a custom- built flexible pulsing
system, which enables the generation of broadband tunable LIUS pulses.
The realisation is also attractive due to its relatively low cost [8], which can
lead to affordable tunable ultrasound sources for improved access to high
quality ultrasound diagnostic techniques where cost is a major concern,
such as in low-income areas or as educational tools.

2 Materials and Methods

2.1 Concept

The photoacoustic generation of ultrasound pulses is governed by the
photoacoustic equation [9]:(

∇2 − 1

v2s

∂2

∂t2

)
p (~r, t) = − β

CV

∂H (~r, t)

∂t
(6.2)

where vs [m·s] is the speed of sound, p [Pa] the pressure, β [K−1] is
the thermal expansion coefficient, CV [J·kg−1·K−1] the heat capacity at
constant volume and H (~r, t) is a heating function. The heating function in
the source term describes the volumetric and temporal conversion of optical
energy to heat, which is proportional to the optical fluence and the µa of
the target. Because the source term depends on the time derivative of the
deposited optical energy, the generated photoacoustic pressure depends not
only on the optical pulse energy, but also the temporal shape of that pulse.
The steeper the flanks of the pulse, the shorter the rise time, meaning
energy is converted to pressure more efficiently. In practice, this is taken
to mean that the optical pulse duration must be shorter than the stress
confinement time τs.

The stress confinement time is a function of size of the optically absorb-
ing region, da and the sound speed, and can be conceptually understood as
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the time it would take an acoustic pulse to traverse the absorbing region.
Thus, if the optical pulse or, more accurately, the rise time of the optical
pulse is much longer than τs the pressure build-up is diminished as the
acoustic pulse begins propagating away. Aside from the loss of pressure
involved in breaking the stress confinement condition, the acoustic pulse
is also stretched in time, changing the frequency content. This behaviour
can, in principle, be leveraged to use the optical pulse duration to tune
the frequency downwards in both centre frequency and bandwidth from
the stress-confined response [10].

However, the Gaussian or Lorentzian temporal pulse profiles emitted
by the Q-switched lasers commonly employed in photoacoustics exhibit
an increase in rise time as they increase in duration. This means a loss
of pressure is paired with the desired frequency tuning behaviour. To
circumvent this issue, we can instead consider a square pulse, as could be
generated electronically with a diode laser. In this case, no matter how far
the pulse is stretched, the rising and falling edges will keep their short rise
time, and thus generate ultrasound efficiently. This means that as long as
the rise time is shorter than the stress confinement time for a specific LIUS
transmitter, each edge of the pulse acts as a delta pulse heating function.
The rising edge provides a positive delta pulse, the falling edge a negative
one. As long as the square optical pulse is shorter than approximately
twice the stress-confined LIUS pulse duration, the resulting signal can be
considered a single pulse.

Figure 6.1(a) shows a 2D representation of the time evolution of the
generated LIUS pulse by a square laser pulse as a function of the laser
pulse duration, based on calculations from chapter 4 for a LIUS transmitter
with a 6.4 mm−1 optical absorption coefficient (µa) [11]. The signals are
simply the superposition of a positive delta pulse response and a negative
one delayed by the laser pulse length τ . Figure 6.1(b) shows the resulting
frequency spectra as function of τ , Where in the 0.1 to 0.7 µs range a single
maximum can be observed, with an initial full width at half-maximum
(FWHM) bandwidth from 0.45 to 4.17 MHz and tuning down to 0.27 to
1.12 MHz as the laser pulse length increases. From values of τ of 0.8 µs and
upwards oscillations appear in the spectrum, indicative of the transition
from a single-pulse regime to a dual-pulse regime. We define the dual-pulse
regime here as the point where one of the secondary oscillations in the
spectrum exceeds half of the maximum of the primary peak. The envelope
bandwidth in this dual-pulse regime oscillates between 1.6 and 2.1 MHz
FWHM.

The experiments presented in this chapter will explore the responses of
LIUS transmitters having a range of µa-values between 3.2 and 64 mm−1
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Figure 6.1: (a) Selection of simulated LIUS signals for laser pulse durations of 100 ns,
2 and 4 µs (b) Map of simulated time signals for a 6.4 mm−1 absorption coefficient,
and laser pulse durations between 100 ns and 7 µs. (c),(d) Corresponding frequency
spectra, showing an initial downshifting as the 2 generated pulses still overlap, after
which they split, showing multiple peaks in the spectrum.

to illumination with a square laser pulse with durations between 80 ns and
7 µs. Illumination is provided by a vertical cavity surface-emitting laser
diode (VCSEL) driven by a custom-built pulser with the LIUS transmitter
mounted near the VCSEL surface. Hydrophone measurements of the
generated signal on the acoustic axis are used to characterise the temporal
and frequency responses of the LIUS source to the various excitation
pulses.

2.2 Illumination module

The VCSEL pulser electronics, shown in a top view in Fig. 6.2(a), are
based on a previous design used primarily for LED-based and VCSEL-
based schlieren supersonic flow imaging [12, 13]. The VCSEL chip itself
(Vixar, 940 nm 4W VCSEL array, USA) is mounted directly on the leading
edge of the printed circuit board (PCB), as can be seen in Fig 6.2(c). This
way of mounting serves the dual purpose of having short wires to and from
the VCSEL, to minimise self-inductance, and of dissipating heat from the
VCSEL more readily into the PCB itself. The electronics allow power
level regulation by an adjustable voltage (up to 120 V), with a pulse width
circuit regulating the pulse duration between 50 ns and 7 µs. Because
of the short pulses the VCSELs can be driven at up to ten times their
rated CW operating power, at about 40 W. Pulse repetition rates up to 1
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Figure 6.2: (a) Full view of the custom-built VCSEL pulser. (b) Frontal view of the
pulser with mounted LIUS transmitter and needle hydrophone rigidly attached. (c)
Close-up view of the VCSEL chip mounted on the pulser inside the 3D-printed LIUS
transmitter holder. (d) Close up of one of the LIUS transmitter discs.
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kHz can be achieved, though high repetition rates with pulse durations
exceeding 1 µs can lead to some loss of power as function of time due
to heating and discharge of the capacitor bank. The capacitance could
be readily increased to counteract the second effect, however it was not
deemed necessary for this experiment. The rise time of the optical output
of the VCSEL was measured at 18 ns, for all pulse durations.

2.3 Laser-Induced Ultrasound Transmitters

A 3D-printed mounting piece with a 10 mm diameter circular opening (Fig.
6.2(b) and (c))), into which a LIUS transmitter (Fig. 6.2(d)) fits snugly,
is attached to the module directly against the front of the VCSEL. The
LIUS transmitters fabricated for this work were 10 mm diameter, 2 mm
thick discs of polydimethylsiloxane (PDMS, Sylgard 184, Dow Corning,
USA) doped with five different weight percentages of carbon black (Printex
60, Palmer Holland, USA) for optical absorption. The transmitters were
prepared according to the mixing, moulding and curing protocol described
in more detail in chapter 4. Based on the absorption coefficient used there,
6.4 mm−1, we chose to use fractions and multiples of the 0.074% percentage
of carbon black (CB). The five transmitters have CB percentages of 0.038%,
0.074%, 0.148%, 0.224% and 0.75%, corresponding to µa-values of 3.6, 7.0,
13.9, 21.2 and 70.0 mm−1 respectively, at 940 nm.

2.4 LIUS source characterisation

The LIUS time signals were measured on the acoustic axis with a 1
mm PVDF needle hydrophone (Precision Acoustics, UK), shown in Fig.
6.2(b) mounted rigidly to the VCSEL module with several metal posts
at a distance of 7 mm from the front of the LIUS transmitter. The
needle hydrophone has a -6 dB sensitivity range of 0.1 - 20 MHz. The
detected signals were acquired at a 500 MHz sampling rate and saved
on a PC through a digitiser (DP105, Agilent, USA), concurrently the
current through the VCSEL, directly proportional in magnitude to the
optical power, is also monitored and saved on a digital storage osciloscope
(TDS2022B, Tektronix, USA).

All measurements were performed with the set up suspended vertically
in a water tank, with the LIUS source just below the surface, keeping the
electronics dry and the hydrophone needle submerged. The time signals
for a range of optical pulse durations between 80 ns and 7 µs are measured
and Fourier transformed to evaluate the frequency spectra as well. This
will result in a series of maps of the frequency spectra as function of laser
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pulse duration, letting us evaluate the tunability of the transmitters.

3 Results and Discussion

Figure 6.3 shows the frequency tuning concept at work for the 0.224%
carbon black LIUS transmitter, in three stages. Fig. 6.3(a) shows the
effect of a 217 ns excitation pulse (red, dashed line), with the LIUS pulse
(blue, solid line) still looking like a single, smooth pulse. In reality it is a
composite of 2 bipolar pulses generated by the flanks of the laser pulse, as
can be seen more clearly when exciting with longer laser pulses. In Fig.
6.3(b) the effect of a 1.15 µs excitation pulse is a near-total separation
of the two LIUS pulses, with the final bump of the first pulse still just
merging with the second pulse. Here it is clearly visible that the polarity
of the second pulse is reversed relative to the first pulse, because it is
generated by a decrease in energy deposition rather than an increase. This
illustrates that it is the derivative of the heating function that results in the
photoacoustic effect. Figure 6.3(c) shows the two pulses fully separated,
excited by a 4 µs laser pulse. In both (b) and (c) a decrease with time
of the driving current can be seen, a result of the capacitor banks in the
pulser losing some of their charge over time. This also shows, especially in
Fig. 6.3(c), the relation between not only the pulse rise/fall time, but also
the pulse height itself and the generated pressure. The pressure decreases
proportionally with the decrease in current, as the steepness of the flank
will decrease as its height does, for a given rise/fall time.

Figure 6.4 shows the full temporal and frequency response maps of
all the LIUS transmitters illuminated with pulses in the 80 ns to 7 µs
range. The time signals in Fig. 6.4(a)-(e) can be seen to comprise, initially,
a single pulse which broadens out until it splits into two pulses, at an
increasing separation corresponding to the laser pulse duration. From
τ = 4µs onwards a burst of noise can be seen entering the signal, eventually
overlapping with the first LIUS pulse for all transmitters. The source of
this noise is the VCSEL pulser itself, as the EM field generated by the
falling edge of the driving voltage is picked up by the hydrophone needle.
This signal could be removed by positioning the hydrophone further from
the LIUS source, avoiding temporal overlap altogether, however this was
not deemed necessary as the effect of the noise does not appear excessive.
The spectrum maps in Fig. 6.4(f)-(j) show a similar structure to the
calculated map in Fig. 6.1(b). All spectra have a single initial lobe from
τ = 88 ns up to the start of the two-pulse regime, which is different
depending on the optical properties of the transmitter. In all spectra the
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Figure 6.3: (a) An electronic excitation pulse of 217 ns duration generates a 2.5 kPa
peak-to-peak pressure in a LIUS transmitter with µa = 21.2 mm−1, exhibiting a
single ultrasound pulse. (b) The same transmitter excited with a 1.15 µs pulse, the
2 generated pulses are on the verge of separation, but still show minor overlap in the
central area. A slight decrease in VCSEL current from the start to the end of the
excitation pulse can be seen, the amplitude of the second LIUS pulse follows along. (c)
A 4 µs excitation pulse generates a pair of fully separated pulses, the VCSEL current
decrease and corresponding drop in generated pressure for the second pulse is more
evident here. (d)-(f) Frequency spectra corresponding to the LIUS signals in (a)-(c)
respectively, showing oscillations of increasing frequency for increasing pulse separation.

downward tuning of both centre frequency and bandwidth can also be
observed, with the shift being more rapid for higher µa values. The limit
of the single-pulse regime (τc), where the amplitude of the secondary peak
equals half that of the primary peak, and the minimum and maximum
bandwidths and centre frequencies for each transmitter are summarised in
table 6.1.

µa (mm−1) τc (µs) Min. BW (MHz) Max. BW (MHz) fc−min (MHz) fc−max (MHz)
3.6 0.75 0.5-1.2 0.6-4.0 0.8 2.3
7.0 0.66 0.7-1.4 0.8-4.1 1.0 2.4
13.9 0.51 0.8-1.8 1.0-5.0 1.3 3.0
21.2 0.40 0.9-2.2 1.2-6.0 1.5 3.6
70.0 0.24 1.4-4.3 2.1-8.9 2.8 5.5

Table 6.1: Table of the main properties of the spectrum maps in Fig. 6.4(f)-(j), laser
pulse duration tuning was from 88 ns to 7 µs in all cases.

The results summarised results in table 6.1 show a decreasing τc for
increasing µa, starting at 0.75 µs and going down to 0.24 µs. The centre
frequency is tunable between 0.8 and 2.3 MHz for the lowest µa and between
2.83 and 5.48 for the highest. It can also be seen that the bandwidths and
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Figure 6.4: (a)-(e) Time signal maps for laser pulse durations of 88 ns to 6.8 µs for
LIUS transmitters with µa values of 3.6, 7.0, 13.9, 21.2 and 70.7 mm−1 respectively.
(f)-(j) Frequency spectrum maps corresponding to the time signals in the same row.

centre frequencies show appreciable overlap for several of the transmitters.
The 3.6 mm−1 and 7.0 mm−1 transmitters are close in response, though
the lower frequencies are more strongly present for the lower µa. The same
can be said for the 13.9 mm−1 and 21.2 mm−1 transmitters, and of the
high-frequency end of those two with the low-frequency end of the 70.0
mm−1 transmitter.

Combining the properties of just three of these transmitters, with
µa values 3.6, 21.1 and 70.0 mm−1, it is possible to cover a range of
centre frequencies from 0.8 to 5.5 MHz. Taking the total bandwidth into
account this covers frequencies from 0.5 to 8.9 MHz. Figure 6.5 (a) shows
a selection of the measured time signals of these three LIUS transmitters
plotted together for easy comparison. For each transmitter three signals
are plotted, representing three situations. The dashed lines represent
the situation where the excitation pulse is shorter than 100 ns, the solid
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Figure 6.5: (a) Time signals of the three absorbers (µa of 3.6, 21.2 and 70.0 mm−1)
and (b, c, d) the spectrum maps for a range of excitation pulse durations from 88 to 1
µs for each absorber.

lines the limit of single-pulse LIUS generation and the dotted lines a
point somewhere in the middle. Blue lines correspond to the 3.6 mm−1

transmitter, red lines to the 21.2 mm−1 transmitter and black lines to
70.0 mm−1. For the signals of all three transmitters it can be seen that
the pulse begins as a single, narrow, mostly negative pulse, which then
broadens out and gains a more positive component as the excitation pulse
length increases, finally beginning to split into a pair of separate pulses at
the longest pulse length. Pulse durations between 400 ns and 2.5 µs are
observed, at peak-to-peak pressures between 2.7 kPa and 1.3 kPa.

The corresponding spectrum maps in Fig. 6.5(b) show single-peaked
spectra for shorter pulse durations, with additional peaks appearing as
the LIUS pulse splits into two. The available frequency range would
enable a range of biomedical ultrasound imaging applications with a single
transmitter. Lower frequencies in the 1-2 MHz range can be used for
tomographic imaging of the breast, for example, while higher frequencies
allow detailed imaging of smaller, less deep-lying structures such as the
carotid artery or thyroid gland.

Each individual source, of course, is less broadly tunable so this does
not yet constitute a single tunable source. A possible future development
to remove the need to swap between different absorbers, would be to
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design the absorption spectrum to contain a sharp peak. Illuminating at
wavelengths situated on the flank of this peak could then allow access
to a wide range of µa values and thus a broad LIUS spectrum. One
possibility to achieve this would be to use tunable VCSELs, which have
been available for several decades already [14–17]. However, the output
power of available tunable VCSELs falls far short of the capabilities of the
power VCSEL arrays used in this chapter, as they generally consist of just
a single emitter. From this point of view, it may be preferred to use several
separate, non-tunable, power VCSELs at different wavelengths instead,
which would then need to all illuminate the LIUS source in the same
location. Combining the beams with one or more dichroic mirrors and
optionally coupling into an optical fibre may be a solution, although the
costs will be increased by the need for sophisticated optical components.

If there is no need for such broad tunability during a single measurement,
the current concept may already suffice as it still provides access to a
broad range of frequencies at low cost. The materials and fabrication
methods for the LIUS transmitters themselves are quite low-cost, as all
that is needed are PDMS and carbon black, and a simple mould for curing.
That leaves the bulk of the cost in the electronics and the VCSEL itself,
the latter of which costs less than $100.

The current device is tunable only by hand, meaning that fine control
over the laser pulse duration was difficult. Especially at higher values of
µa, such as the 64 mm−1 transmitter, this fine control would allow more
control over the tuning range in the single-pulse regime. Having ns-scale
control over the pulse duration would also open the door to using much
higher µa values to gain access to higher LIUS frequencies and pressure
amplitudes.

The current excitation pulse is rather simple, just a square pulse. More
complex modulation schemes can lead to more sophisticated pulse shapes
or pulse trains, which may find application in coded excitation ultrasound
imaging [18–20].

4 Conclusion

We have presented tunable LIUS transmitters based on PDMS discs, with
a range of optical absorption coefficients, illuminated by a 940 nm VCSEL
module with a tunable pulse duration. The broad tuning range offers
potential for a wide range of biomedical imaging applications, allowing
rough imaging of entire organs or more detailed imaging of smaller, super-
ficial structures. The transmitters may even offer a convenient, affordable
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source for nonlinear US imaging techniques like ARFI or SURF. In com-
bination with broadband detection, the development of a truly tunable,
multi-purpose laser-induced ultrasound imaging system is in sight.
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Chapter 7

Outlook

If an elderly but distinguished scientist says that something is pos-
sible he is almost certainly right, but if he says that it is impossible
he is very probably wrong.

Arthur C. Clarke



1 Introduction

This thesis has expanded the field of laser-induced ultrasound for biomedi-
cal imaging in a number of ways. Firstly, knowledge has been gained on
the effect of the use of LIUS for plane wave and synthetic transmit aperture
imaging using linear array ultrasound probes. Because the LIUS plane
waves discussed in chapter 2 are generated using a continuous ultrasound
source, formed by a uniform illumination spot rather than the phased
array-approach used conventionally, it produces a cleaner wave front (see
Fig. 2.5, pg. 32). This, in combination with a well-chosen elevational spot
size, allows more uniform insonification of the region of interest, with more
of the ultrasound field contained within the imaging plane (see Fig. 3.6,
pg. 56). For applications where plane wave images are made over a large
range of depths, this may improve the signal-to-noise ratio (SNR) outside
of the focal region of the detecting ultrasound probe.

Similarly, the synthetic transmit aperture imaging method, presented
in chapter 3, shows the potential of flexible illumination methods to tailor
ultrasound fields to the application at hand. The illumination using
discrete ellipsoidal spots from tilted multimode fibers allowed a large in-
plane opening angle, while elevationally containing the field within the
imaging plane as much as possible (Fig. 3.6, pg. 56). In addition, the cross
talk-free operation afforded by the laser-induced ultrasound generation
approach made for clearer images with fewer artefacts and a somewhat
better SNR.

Secondly, the results presented in chapters 4 and 6 contribute to a
comprehensive approach in the design, fabrication and characterisation of
laser-induced ultrasound transmitters. While chapter 4 focuses specifically
on transmitters designed for use in a 1 MHz-centered PA/LIUS tomography
system, the methods used can be co-opted for transmitters with a wide
range of characteristics. Some of the potential for tunable frequency content
can be seen in Fig. 4.4 on pg. 84. The augmentations to the process
suggested in section 4.3, on pg. 84, could lead to the repeatable production
of robust, reliable and affordable multifunctional LIUS transmitters. The
work shown in chapter 6, expanded upon this to include the rudiments
of full manipulation of the generated frequency content through not only
the composition of the transmitters, but also the spectral and temporal
characteristics of the laser-excitation pulse. These calculations and results
can be seen in Figs. 6.1 on pg. 126 and 6.4 on pg. 131.

Third, chapter 5 has shown the feasibility of using LIUS-CT in transmis-
sion and reflection mode to greatly augment the quality of photoacoustic
tomography images (Fig. 5.7, pg. 114) by providing anatomical context
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and sound speed maps (Fig. 5.6, pg. 112).

In what follows we will first consider the potential ways forward for the
work presented in this thesis, according to the three categories sketched
above. Finally, we will explore what the future may hold for biomedical
laser-induced ultrasound imaging, sensing and therapy in a more general
sense.

2 Thesis outlook

2.1 Linear array LIUS imaging

There is one great potential benefit of using broadband LIUS sources in
linear array ultrasound imaging that is largely untapped in this thesis.
The improved axial resolution afforded by broadband LIUS pulses is not
directly apparent in chapters 2 and 3 because of the band-limited nature of
the detectors used. In plane wave ultrasound imaging the axial resolution
depends mainly on the bandwidth, while the lateral resolution depends
more on the centre frequency [1], together with other factors such as the
source size, number and magnitude of insonification angles. Convolution
of the generated high-frequency, broadband LIUS signals with the detector
impulse response leads to a loss of this potential benefit in the current
work.

By instead employing broadband detectors, a large improvement in
axial resolution can be anticipated, going by the difference in fractional
bandwidth of 75% for the conventional detector versus around 200% for
the LIUS sources, in both cases with a centre frequency around 8 MHz.
There are several ways in which broadband detection could be achieved
in linear array LIUS imaging, with varying degrees of complexity and
expense. Using conventional piezoelectric materials such as lead zirconate
titanate (PZT) and polyvinylidene fluoride (PVDF), for example, various
designs of dual-frequency or multi-frequency transducer arrays have been
proposed and built [2]. Particularly PVDF, possibly with transparent
indium tin oxide (ITO) electrodes to allow easy incorporation of a LIUS
generating layer, offers the potential of a broadband response in a relatively
simple device. A drawback of PVDF that is often mentioned is the lower
sensitivity, though if needed this could be compensated for by increasing
the pressure output of the LIUS transmitters. The transmitters used in
this thesis all employ carbon black as an optical absorber, much higher
pressures have been reported by others when using vertically aligned
carbon nanotubes or candle soot [3, 4].
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Another potentially useful type of broadband detector for LIUS imaging
are micromachined ultrasound transducers (MUTs). These come broadly
in two classes, capacitive (CMUTs) [5] and piezoelectric (PMUTs) [6].
Both types can be made transparent [7, 8], which greatly simplifies the
implementation of PA and LIUS imaging. The CMOS fabrication processes
used to make MUTs are also well established and eminently scalable,
meaning costs can be kept relatively low as well [9, 10]. Either type
of MUT has advantages and disadvantages depending on the intended
application. For example CMUTs, in theory, can achieve 100% coupling
efficiency, making them attractive as high-sensitivity detectors, however
they are at a disadvantage where pressure generation is concerned [6].
PMUTs on the other hand are able to generate higher pressures but have
a very low coupling coefficient without extensive modifications to the
production process [6]. Either type of MUT is also susceptible to electronic
and acoustic cross talk when applied in dense arrays [11, 12]. One possible
way to solve the cross talk issue for dense MUT arrays is to combine
transparent detectors with laser-induced ultrasound excitation. In this
way the narrowband detection-problem for LIUS imaging is solved, and
any electronic cross talk that may be produced when using the MUT array
for transmission is eliminated entirely.

Perhaps the most natural broadband acoustic detection method to
combine with LIUS imaging would be one of the various available forms of
optical ultrasound detection [13]. Out of the many options, the best match
in terms of sensitivity and bandwidth would probably be interferometric,
rather than refractometric. An example could be taken from the work
of Alles et al. [14, 15], who developed a technique based on an array of
LIUS sources with a similar transmission aperture to the US array in
chapter 2 and 3, and a single Fabry-Pérot etalon-based fibre-optic needle
hydrophone. A point of improvement mentioned by the authors concerns
the limited SNR and the presence of artefacts due to the limited number
of sources, and indeed the single detector. The placement of multiple
fibre-optic hydrophones would make for a rather costly system, though
in our geometry a few alternatives could be found without compromising
the imaging rate. A Doppler interferometer as described in [13, 16] with a
scanning spot reflecting off the back of the substrate of the LIUS transmitter
could, in principle, allow an imaging rate of several hundred Hz when
using 32 transmitters and interrogating the film at 32 locations. In this
way the LIUS source would also be elegantly co-opted as part of the
detection method, and noise-equivalent pressures of around 200 Pa should
be achievable [13]. The ability to flexibly place an interrogation spot
anywhere along the detection aperture will also facilitate experimentation
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with the pattern of detection locations to minimise artefacts.

The devices used in chapters 2 and 3 were bulky compared to a clinical
ultrasound probe, which is fine in tabletop proof-of-concept experiments,
but less desirable when considering clinical implementation. A miniaturi-
sation of the basic concept may help in that respect, perhaps difficult for
plane wave imaging, where physical rotation of the LIUS source is currently
required for spatial compounding. The potential for miniaturisation of
the SAI set up, however, is much greater. For example, implementing a
LIUS-based linear probe with a transparent acoustic detector of some sort
as, described above, would decrease the spatial footprint of the LIUS source
considerably. Another bulky part of the set up is the fibre multiplexer (Fig.
3.2, pg. 48, and the array of optical fibres leading to the LIUS transmitter.
By instead integrating a small scanning mirror into a probe, illuminating
from a single fibre and scanning the laser spot with the mirror, a further
miniaturisation could be achieved.

It will be interesting to see how linear-array based LIUS imaging will
increase in quality and flexibility in the coming years and decades. It
appears likely that a shift towards all-optical detection will facilitate easier
integration with photoacoustic imaging, increase the image resolution and
potentially reduce artefacts. Additionally, the use of all-optical methods
will also give a robustness to electronic noise not present in conventional
ultrasound imaging, with the added benefit of being MRI-compatible as
well.

2.2 LIUS transmitter design and fabrication

As has been covered in chapter 4 in some detail, there are a lot of details
in the design and fabrication methods for LIUS transmitters that can be
optimised further. Methods for more reliable mass production and more
robust results are also discussed in detail in chapter 4.

In a more general sense, the work presented in chapter 4 and 6 may
serve as a basis for increasingly sophisticated designs of LIUS transmitters
for a broader range of applications. The ability to both choose a baseline
acoustic response of a LIUS transmitter, as well as manipulate it further
by tailoring the excitation light together afford great flexibility in the
design and implementation of LIUS. It is therefore likely that we will see
many variations and elaborations upon the basic designs presented here;
different frequency ranges, tuning abilities, different sizes, but all built
upon a common foundation.

One important factor that bears further examination is that of cost.
The materials used for transmitter fabrication, such as PDMS, PMMA,
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carbon black and other optical absorbers are not expensive. The largest
cost in most currently-used LIUS and PA excitation systems lies in the
light source, which is still quite often a large, powerful Nd:YAG laser or
something similar. To bring down the cost of generating LIUS signals
of an acceptable pressure, in the 100 kPa to 1 MPa range for example,
a two-pronged approach could be taken. First, the still-decreasing cost
per mW and increasing emission power and efficiency of diode lasers [17]
in itself offers hope for much cheaper light sources. Second, increasing
the conversion efficiency from light to sound will further increase the
utility of diode lasers for LIUS generation. The conversion efficiency can
be increased by increasing the Grüneisen parameter Γ, or increasing the
surface area relative to particle volume of the optical absorber, to increase
the rate of heat flow from the absorber to the matrix.

While PDMS already offers a very good balance between cost, ease of
use, acoustic impedance matching to biological samples and high Grüneisen
parameter, other, more convenient composite materials may yet be found.
Epoxy composites, for example [18] have a higher Γ than PDMS (≈ 0.84[18]
vs ≈ 0.71). However, the acoustic impedance mismatch between epoxy
an water, or biological tissues for that matter, is much larger (≈ 0.72
MRayl) than that between PDMS and water (≈ 0.48 MRayl), which would
negate any gains in generation efficiency without additional broadband
impedance matching measures [19]. Another option would be to utilise the
temperature dependence of Γ [20, 21], which is negatively temperature-
dependent in the case of many elastomers, meaning the absorber would
have to be cooled to increase emission efficiency, not the most practical
approach either.

A more readily applicable approach to increasing the generation effi-
ciency of our type of transmitter would then be to increase the thermal
conversion efficiency, by enhancing thermal transfer from the optically
absorbing material to the matrix material. This generally entails increasing
the surface-to-volume ratio of the particles, meaning smaller particles or
very porous materials could be used, one example being the candle soot
nanoparticles already mentioned in section 2.1. Another option would be
to bypass the thermal conversion efficiency term (ηth in eq. 4.2) by using
intrinsic optical absorption in the matrix material itself, effectively setting
it to 1. PDMS, for example [22], has a peak with µa of ≈ 0.12 mm−1 at
1183 nm and a higher one of ≈ 5.1 mm−1 at 1746 nm. By choosing an
illumination wavelength in the IR, at or near one of these peaks, a range
of frequency responses could be efficiently generated without the need for
an added optical absorber. There are, of course, some problems with this,
not the least of which is the decreased control over the value of µa and
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the need for acceptably powerful pulsed lasers in the infrared.

Another advancement that should be considered is to increase control
over the spectral content of any given transmitter by applying more
sophisticated illumination pulses. In all chapters of this thesis, a stress-
confined Gaussian or Lorentzian pulse from a Q-switched laser is used,
effectively a delta impulse, with the exception of chapter 6, where it is
instead a square wave of variable length. The variable-length square wave
already gives a degree of control over the frequency output of a LIUS
transmitter, though one can imagine more intricate LIUS pulse shapes
could be achieved by applying more complex modulation patterns within,
say, a 1 µs square pulse. Further exploration of this idea may well unlock
an entirely new degree of control over LIUS emission, possibly rivalling
that available in conventional ultrasound generation.

Aside from control over the temporal properties of the excitation light,
it should be reiterated here that spatial control can also have an appreciable
influence on the emission pattern of LIUS, as seen most clearly in chapter
3. The addition of a deformable lens array or some other means of optical
control to the illumination side of a transmitter could allow, at the very
least, a tunable optical spot size. This would allow selective adaptation
of the LIUS emission pattern depending on the needs of the user. In
addition with literal flexibility, that is, the ability to change the shape
of the optically absorbing element [23] this could lead to unprecendented
control over the ultrasound emission profile from a single transmitter or
element.

As a final thought on the optical side, control over the emission wave-
length of the excitation laser may also be of value. While in multi-
wavelength photoacoustic imaging a broad range of wavelengths is often
used to identify various biological compounds, necessitating the use of
expensive equipment such as OPOs and the high-powered lasers that pump
them, something more limited may be of interest for LIUS. If the emission
wavelength of a laser diode is somewhere on the flank of a sharp absorption
peak (say, a few nm from minimum to maximum), the frequency response
of the LIUS could be changed by slightly tuning that wavelength up or
down. With laser diodes, this can be done simply by changing the operat-
ing temperature of the diode [24], for instance by adding a Peltier element
to the illumination module.

Overall, the potential optimisations that could be applied to the design
and fabrication of LIUS transmitters come with many trade-offs and
caveats. Each of these should be weighed carefully, depending on the
specific application and desired properties at hand.
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2.3 Hybrid LIUS and photoacoustic tomographic
imaging

Many of the improvements and variations mentioned above, of course,
also apply to use in hybrid LIUS-CT and PAT of the breast. Well-
matched detectors will improve imaging resolution, more control over the
frequency content will make the whole thing more flexible, and so on. The
preliminary tomographic imaging work in chapter 5 already shows the
strength of sound-speed compensated PAT, as well as the potential value
of reflection B-mode imaging. The rest of this section will explore two ways
in which hybrid LIUS-CT and PAT can be further strengthened. First, we
will consider the potential for increased detector coverage, homogeneity
of illumination and image quality afforded by the further integration of
LIUS transmitter, illumination sources for PAT and detectors into a single
device. Second, we will consider the different LIUS-based diagnosis and
treatment techniques that may also serve to supplement and strengthen
photoacoustic tomography of the breast.

A bowl-shaped breast imager [25] such as is emulated in chapter 5,
would benefit from having a relatively large number of LIUS sources
nearer to the rim to insonify the breast volume from as many different
angles as possible for good imaging coverage. The reason to use LIUS
would be to eliminate cross talk between ultrasound transducers in such a
densely populated array, however in its current form this would eliminate
an equal number of detectors from the rim area. Combining the LIUS
transmitters with an optical ultrasound detector or transparent CMUT,
just to name 2 options from section 2.1, would eliminate that problem
and allow a maximum density of both sources and detectors. Further,
using a more wavelength-selective absorber in the LIUS transmittes, as
suggested in section 2.2 would also allow the integration of the illumination
source for photoacoustic imaging into a single package, provided it doesn’t
emit light at the LIUS excitation wavelength. Doing this would create
much greater flexibility and coverage when designing and building hybrid
LIUS-CT/PAT systems by eliminating the trade-off between placement of
detectors, ultrasound sources and light sources for PAT.

Transmission LIUS sound speed imaging could benefit from an increased
density of both sources and detectors as mentioned above, but even more
information may be extracted from the data that is already there by
considering more options for processing the data. For one thing, the
addition of a sophisticated reflection ultrasound sound speed mapping
technique [26] will also add reflected signals to the sound speed data for
each device position. This approach may improve the sound speed map,
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which can benefit not only the quality of any other USCT and PAT image
reconstructions, but also increase the diagnostic value of the sound speed
map itself [27].

As an additional diagnostic marker, the same signals used for sound
speed mapping could also be used to extract a map of the acoustic atten-
uation using similar algorithms [28]. By itself the acoustic attenuation
could already aid in the differentiation between healthy and pathological
tissues, but it may also be of value to the photoacoustic data. Especially
in large tissue volumes such as the breast, quantitative photoacoustic
imaging of blood oxygen saturation can be challenging [29–31]. To be able
to more accurately relate the photoacoustic signal strengths at different
wavelengths to specific chromophores, confounding factors such as optical
fluence decay, acoustic attenuation and spectral colouring by absorption
in other tissues must all be taken into account. Measuring the acoustic
attenuation may help to improve the quality of quantitative photoacoustic
breast images, and thus facilitate more accurate cancer diagnosis by allow-
ing the imaging of angiogenesis and hypoxic tissues. Additionally, when
attempting to extract information about the geometry of a photoacoustic
source surrounded by other tissues from the frequency spectrum of the fea-
ture, information is also lost by frequency-dependent acoustic attenuation,
which can be recovered by attentuation compensation [32].

Finally, one could even consider combining diagnostic imaging with
therapy, by including a high pressure focused LIUS source [33, 34] to
enable cavitation-based ultrasound ablation of any detected lesions. A
focussed LIUS source with a variable focus and some limited steering
ability could already allow targeting of a range of targets within the tissue
volume once detected. If combined with rapid image reconstruction and
interpretation this may indeed enable detection, diagnosis and treatment
of a lesion within a single session, saving time as wel as anxiety on the
part of the patient.

On the whole, by combining as full an arsenal as possible of acoustic
and photoacoustic techniques in a single imaging device, great strides in
the detection and treatment of breast pathologies could be made.

3 General outlook

This thesis mainly concerns itself with the application of LIUS to relatively
large-scale technologies, from linear-array ultrasound imaging to breast
tomography. This leaves another of the large potential advantages of LIUS
more or less unexploited here: the potential for miniaturisation. In the con-
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text of biomedical ultrasound and photoacoustic imaging miniaturisation
is most often associated with intravascular ultrasound (IVUS) [35].

Implementations of intravascular LIUS have been shown both separately
[36] and in combination with photoacoustic imaging [37]. These techniques
generally use one or more optical fibres in an intravascular probe, including
an ultrasound sensor. The advantage of using LIUS here is that it is possible
to deliver enough light to generate high pressures at high ultrasound
frequencies without the need to generate high voltages inside the body,
in very compact device on the tip of an optical fibre. Rotation and/or
scanning the fibre tip then allows imaging of the surrounding vessel wall.
By imaging from within rather than the outside the propagation distances
are greatly reduced, meaning higher frequencies are less attenuated, much
to the benefit of the imaging resolution. This allows detailed inspection
of the blood vessel wall for any damage and defects, especially valuable
during angioplastic interventions such as stenting. The incorporation
of photoacoustic imaging adds the ability to analyse the composition of
local tissues and, more importantly, of any defects such as atherosclerotic
plaques [38].

Intravascular implementations need not be limited to imaging alone,
a fiber-based LIUS source could also generate higher pressures and be
focussed, to allow therapeutic functions [39, 40]. Intravascular sonothrom-
bolysis [41], the use of ultrasound to break up an obstruction in an artery
or vein, is one such possible treatment. By bringing a LIUS source to the
location of a blockage before insonifying, the risk to damage intervening
tissues can be reduced, which is valuable when working in the brain, for
example. Such focused LIUS sources may also be useful for cavitational
ablation of small tumours in situ. Other intra-operative applications of
LIUS could also be found. The presence of a LIUS source and single US
detector at the tip of a catheter during laparoscopic surgery may already
be enough to aid in the detection of tissue boundaries in the direction of
motion, possibly decreasing the potential of unintended damage to internal
organs.

In larger blood vessels, a much-used technique to evaluate and quantify
blood flow is Doppler ultrasound imaging [42], where the induced shift in
US frequency by scattering from moving blood cells is used to assess the
magnitude and direction of the blood flow. When assessing perfusion in
microvasculature, Doppler US has very limited utility, as these microvessels
(diameters 10-300 µm) are generally below the imaging resolution of
most conventional US imaging techniques. Currently, the assessment
of microvascular perfusion is thus done by fully optical means such as
laser speckle contrast imaging [43] or laser Doppler perfusion imaging [44].
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These techniques tend to give only relative flow values, as opposed to
the absolute values that can be achieved with Doppler ultrasound. The
all-optical LIUS imaging techniques described at various points in this
chapter offer a convenient way to increase the US frequency and bandwidth
as well as the density of elements through miniaturisation. This implies a
potential to perform quantitative Doppler LIUS imaging in ever smaller
vessels through the further development of high frequency, miniaturised
all-optical ultrasound imaging.

4 Conclusion

This thesis has contributed knowledge on 3 facets of laser-induced ultra-
sound for use in biomedical imaging. Firstly, experiments were performed
on plane wave and synthetic transmit aperture imaging in 2D using a linear
array as a detector. Second, a comprehensive framework for designing and
fabricating LIUS transmitters was developed and presented, in the context
of tomographic breast imaging. Third, a hybrid PA/LIUS tomographic
imager was built and used for photoacoustic imaging and sound speed
mapping of phantoms.

Over the last 5 to 10 years, LIUS has become somewhat more estab-
lished in the biomedical field for imaging and diagnostic applications. Over
the next 10 years, we can anticipate a continued branching out of appli-
cations, especially where miniaturisation, hybrid imaging in combination
with photoacoustics, and high-resolution all-optical ultrasound imaging
are concerned.
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Summary

Laser-induced ultrasound (LIUS) is a technique to generate ultrasound
through the absorption of short laser pulses and subsequent rapid thermal
expansion. The properties of the generated ultrasound pulses depend
on the optical absorption properties of the absorbing medium, which
in turn can also depend on the wavelength of the light. Based on this
knowledge it is possible to precisely design a desired photoacoustic response
from a LIUS transmitter to perform various kinds of biomedical imaging.
Potential benefits of LIUS-based imaging and diagnostics are the possibility
to miniaturise transmitters compared to more conventional approaches,
lack of sensitivity to electronic cross talk in dense ultrasound detector
arrays, and the ability to easily generate broadband pulses. The ability
to influence the shape of the LIUS field by changing the illumination
geometry gives flexibility to use a single transmitter for multiple distinct
applications. While LIUS imaging is already well-established in the field
of non-destructive testing of mechanical components, it is a relatively new
contender in biomedical imaging, providing many new avenues of research.

The purpose of this thesis is to explore the use of LIUS for the imag-
ing of larger organs, particularly the human breast. It will continue the
exploration of the potential of LIUS in 2-dimensional, linear array-based,
ultrasound imaging. The design and development of transmitters for tomo-
graphic imaging, geared towards use in a hybrid photoacoustic/ultrasound
breast tomographic breast imaging device, also known as the PAMMOTH
system, will be central to the work.

Chapter 1 offers an introduction of the most important physical
phenomena at the basis of the rest of the work in this thesis. After a
brief general introduction of medical imaging and the PAMMOTH project,
we will consider the photoacoustic effect and the application thereof to
medical imaging. The chapter ends with a brief overview of the current
worldwide state of affairs surrounding LIUS, as well as an overview of the
contents of the rest of the thesis, as is also given below.



The rest of the thesis can be subdivided into roughly three subcategories.
Chapters 2 and 3 deal with linear array-based LIUS imaging. They
deal with two proof-of-concept imaging experiments with multi-angled
plane wave imaging and synthetic transmit aperture imaging respectively,
comparing both to their conventional counterparts. In Ch. 2 we will see
that even with band-limited detection the contrast of a tumour-mimicking
structure in a breast phantom can be improved by using LIUS plane waves.
The likely cause of the improvement was the better confinement of the
LIUS plane waves within the imaging plane at greater depths. In Ch. 3
similar improvements are shown when using synthetic transmit aperture
insonification, again largely due to the better in-plane confinement. In
this case it appears some effect of inter-element cross talk is also present
in the conventionally acquired images, while absent in the LIUS images.

Chapters 4 and 6 deal with the design, development, fabrication and
testing of lower-frequency transmitters tailored for use in tomographic
imaging of larger objects, such as the human breast. Chapter 4 deals more
specifically with transmitters as designed with the PAMMOTH system in
mind, providing a template for a broadly applicable design and fabrication
approach for LIUS transmitters. Chapter 6 elaborates on the design by
illuminating with a variable-duration optical pulse, which provides a broad
range of frequency tuning from just a single transmitter.

Chapter 5 introduces a lab-based prototype system emulating the
PAMMOTH design in a 2-armed variant, rather than an entire imaging
bowl. The chapter deals with photoacoustic and LIUS imaging of a
2D phantom in a single-slice tomographic set up. The combination of
photoacoustic imaging, pulse-echo ultrasound and sound speed mapping
shows the potential for much-improved imaging of an object with breast-
like dimensions and acoustic properties.

Finally, chapter 7 will provide an outlook for the field of biomedical
laser-induced ultrasound imaging. From the current status of the field,
speculation is provided to form an image of future developments and what
new frontiers in biomedical imaging they may unlock.
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Samenvatting

Laser-gëınduceerd ultrageluid (laser-induced ultrasound, LIUS) is een tech-
niek om ultrageluid op te wekken door de absorptie van korte laserpulsen en
de daarop volgende snelle thermische expansie. De eigenschappen van het
opgewekte ultrageluid hangen af van het optisch absorptiegedrag van het
gekozen absorptiemedium, alsmede de golflengte van het licht. Uitgaande
van deze kennis is het mogelijk om een precies gekozen fotoakoestische
reposns van een LIUS-bron te ontwerpen om verscheidene vormen van
biomedische beeldvorming uit te voeren. Mogelijke voordelen van LIUS-
gebaseerde beeldvorming en diagnostiek zijn onder andere de mogelijkheid
om ultrageluidbronnen te miniaturiseren, ongevoeligheid voor elektronische
overspraak in apparaten met een grote dichtheid aan detectoren, en de
mogelijkheid om met gemak zeer breedbandige pulsen te bewerkstelligen.
De mogelijkheid om de vorm van het opgewekte LIUS-veld te bëınvloeden
middels de vorm van de belichting geeft flexibiliteit om een enkele LIUS-
bron voor meerdere zeer verschillende doeleinden in te zetten. Hoewel
LIUS-beeldvorming al breed ingezet wordt voor het non-destructief testen
van mechanische componenten, is het nog een relatief nieuwe speler op het
gebied van biomedische beeldvorming.

Het doel van dit proefschrift is om het gebruik van LIUS voor grotere
organen, met name de menselijke borst, te verkennen. We zullen het
potentiële gebruik van LIUS in twee-dimensionale echografie met lineaire
detectorreeksen verder verkennen. Het ontwerp en de ontwikkeling van
LIUS-bronnen voor tomografische beeldvorming in drie dimensies, gericht
op het gebruik in een hybride fotoakoestische/echografische mammoscoop,
ook wel het PAMMOTH-systeem genoemd, zal centraal staan.

Hoofdstuk 1 zal een introductie bieden voor de belangrijkste fysische
fenomenen die aan de basis staan van de rest van het werk in dit proefschrift.
Na een korte introductie van het de medische beeldvorming in het algemeen
en het PAMMOTH project, zal stilgestaan worden bij het fotoakoestische
effect en de toepassing hiervan op medische beeldvorming. Het hoofdstuk



eindigt met een kort overzicht van de huidige stand van zaken op het
gebied van LIUS wereldwijd, alsmede een overzicht van de inhoud van de
rest van het proefschrift, zoals ook hieronder gegeven.

De rest van het proefschrift kan grofweg in drie subcategorieën worden
verdeeld. Hoofstukken 2 en 3 gaan over lineaire LIUS-beeldvorming.
Het gaat om een tweetal conceptstudies met respectievelijk beeldvorming
met vlakke golven, uitgezonden onder meerdere hoeken, en beeldvorming
met een synthetische apertuur, waar divergerende golven van meerdere
locaties worden uitgezonden. Beide technieken worden vergeleken met hun
conventionele tegenhangers. In H. 2 zullen we zien dat het contrast van een
tumor-achtige structuur in een borstfantoom verbeterd kan worden met
vlakke LIUS-golven, zelfs met een beperkte detectiebandbreedte. De meest
waarschijnlijke oorzaak van de verbetering is dat het LIUS-veld beter in
te sluiten is in het beeldvormingsvlak, tot op grotere diepte, dankzij de
gekozen belichtingsgeometrie. In H. 3 zijn soorgelijke verbeteringen te zien,
wederom grotendeels door een voordeligere overlap tussen het LIUS-veld en
het beeldvormingsvlak. In dit geval lijkt er ook enig effect van overspraak
tussen transducerelementen aanwezig te zijn in de conventionele beelden,
die niet te zien zijn in de LIUS-beelden.

Hoofdstukken 4 en 6 gaan over het ontwerp en de ontwikkeling van
LIUS-bronnen in een lager frequentiebereik, gericht op beeldvorming in
grotere voorwerpen, zoals de menselijke borst. Hoofdstuk 4 gaat specifiek
over bronnen met een ontwerp gericht op het PAMMOTH-systeem, maar
geeft ook een sjabloon voor een breder inzetbaar ontwerp- en fabricage-
proces voor LIUS-bronnen. Hoofdstuk 6 borduurt voort op het ontwerp
door te belichten met lichtpulsen met een regelbare tijdsduur, waarmee
een breed gebied aan frequentieregeling beschikbaar komt met slechts een
enkele bron.

Hoofdstuk 5 introduceert een lab-gebaseerd prototypesysteem dat
het PAMMOTH-ontwerp emuleert in een twee-armige variant, in plaats
van een volledige kom. Het hoofdstuk beschrijft fotoakoestische en LIUS-
beeldvorming van een enkele doorsnede van een 2-dimensionaal fantoom in
een tomografisch apparaat. De combinatie van fotoakoestiek, echografie en
transmissiebeeldvorming om de geluidssnelheid in kaart te brengen, toont
de potentie voor grote verbeteringen in de uiteindelijke beelde van een
voorwerp met borst-achtige dimensies en akoestische eigenschappen.

Als laatste zal hoofdstuk 7 een vooruitblik bieden voor het vakgebied
van de biomedische LIUS-beeldvorming. Uitgaande van de huidige stand
van zaken, zal er enige speculatie plaatsvinden om een beeld te vormen van
mogelijke toekomstige ontwikkelingen en de nieuwe inzichten die hiermee
behaald zouden kunnen worden.
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