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Abstract
The field of developmental biology aims to understand the genetic control of the development, differentiation, and growth processes by which organs evolve from a single cell
into complete and functional organs and organisms. A better understanding of these
developmental processes is necessary to understand how and why certain diseases form
and ultimately how they can be cured.
However, in modern developmental biology there is an urgent need for new imaging
techniques which allow for fast and accurate observation of the effects that genetic
alterations have on studied model organisms. The conventional imaging techniques
currently available are not able to provide the required high resolution images at depths
of up to several millimeters and with sufficient imaging speed.
The fast-growing field of optoacoustic (OA) imaging aims to overcome these limitations by offering high resolution images deep inside living animals and with rich
contrast. Despite in principle being well-suited for rapid and accurate phenotyping,
the OA systems developed thus far have not been optimized for the specific requirements of imaging model organisms for developmental biology. Raster-scan optoacoustic mesoscopy (RSOM) has been successfully used to image both Drosophila pupae
and zebrafish larvae. However, the ultrasound detectors used have a limited angle of
acceptance and could therefore not detect all anatomical structures. Both acoustic attenuation and uneven illumination further compromised the strength of the generated
OA signals, reducing both the signal-to-noise-ratio and resolution of the reconstructed
structures.
This thesis describes the design and evaluation of a mesoscopic, OA imaging system called Multi-Orientation Raster-Scan Optoacoustic Mesoscopy (MORSOM). MORSOM is specifically optimized to image small, non-transparent model organisms which cannot be optimally imaged with conventional microscopic or macroscopic techniques. This is achieved by coherently combining several measurements
taken from different orientations (views) of the sample and by optimizing the sample
illumination. MORSOM was characterized using black microspheres and the resulting
reconstructions show a strong improvement in the transverse resolution (24 µm in-plane
resolution using a 50 MHz transducer) as well as an 10 dB improvement of the SNR
in comparison to state-of-the-art OA systems while also revealing more anatomical
structures. The system was finally used to image a seven-day old zebrafish embryo to
showcase the system’s performance when measuring small model organisms.
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Chapter

1

Introduction
Geneticist seeks engineer: must like flies
and worms.
Editorial of Nature Methods, June 2007

There is an urgent need in modern developmental biology for new phenotyping techniques which allow for quick and accurate observation of the effects that genetic alterations have on the model organisms studied. Current techniques such as microscopy or
ultrasound imaging are limited in terms of resolution, imaging depth and contrast. The
fast-growing field of optoacoustic (OA) imaging aims to overcome these limitations, offering high-resolution images of the tissue and organs deep inside living animals and
with rich contrast. This chapter will provide a brief introduction to the challenges
faced by developmental biologists and how optoacoustic imaging can help overcome
these challenges.

1.1. The Bottleneck in Developmental Biology
Developmental biology is a fascinating field that tries to understand the process by
which organs grow and develop from a single cell to complete and functional parts of
animals or plants. The goal is to understand how cells divide, how they differentiate
into specific cell types, such as brain or liver cells, and how they eventually form tissues,
organs and whole organisms. A better understanding of this developmental process is
useful in understanding how and why certain diseases develop and ultimately how to
cure them. The underlying mechanisms which control how cells evolve and develop are
mostly programmed in the genotype, or the whole of the genetic code of an organism.
Modern developmental biologists investigate how changes in the genetic code affect the
appearance and behavior of the organism, the so-called phenotype or morphology.
While the influence of genetic modifications on the human organism are of main
interest, developmental biologists have to use animal model organisms for their studies. These must be small, low-cost and should require low-maintenance in order to
simply culture them in large amounts and to use them for modern high-throughput
genetic screening. Therefore, organisms producing large numbers of embryos are essential. Typically, fruit flies (Drosophila melanogaster), zebrafish (Danio rerio) or African
clawed frog (Xenopus laevis) are used, which are shown in Figure 1.1. Geneticists often favor Drosophila due its fast life cycle and breeding as well as the possibility to
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(a)

(b)

(c)

Figure 1.1.: (a) Zebrafish, (b) fruit flies or (c) frogs (here shown as embryo) are typically used
to study developmental processes due to their small size, low-cost and easy breeding. [3–5]

easily investigate genes in the larvae1 . However, fruit flies and other invertebrates lack
complex anatomical features such as a cardiovascular, immune or endocrine system
which are highly relevant in human biology and physiology. Vertebrate models such as
zebrafish or Xenopus share a longer evolutionary history with mammals and typically
share all the tissues affected by common human diseases, which renders them superior
model organisms for predicting human biology [2].
In order to understand how the genotype affects the phenotype, developmental biologists have two main tasks: genetic engineering and phenotyping. The aim is to create
and describe changes in the phenotype caused by intentional genetic manipulations
made to help understand gene function.
The first step, genetic engineering, describes the ability to sequence and alter the
genetic code. There has been a reversal in what is now considered the major impediment
in the field of genetics. Examining an entire genome was a major challenge in the past
few decades but has since become a fast and standard procedure owing to microarrays
and other tools for analyzing the genetic code. The first sequencing of the entire
human genome, called the Human Genome Project, took 13 years at an estimated cost
of 3.8 billion dollars [6]. Today, it is possible to sequence an entire genome in less than
a day and for less than 1000 dollars [7].
The second task, namely the phenotyping of the genetically engineered species, is necessary to observe how the morphology of these modified organisms changes as compared
to their unmodified fellow species. This second step of fast and accurate phenotyping
has now become the major bottleneck [8]. Phenotyping for small model organisms is
typically performed using different microscopy techniques, depending on the required
information. However, all microscopy techniques are more or less limited to transparent
organisms. This is not a problem for the early, embryonic stages in the development of
most small model organisms since they are almost transparent. It does, however, become a large problem for Drosophila pupae, adult zebrafish and older Xenopus embryos
which are basically opaque2 . For these post-embryonic development stages, there are
only limited alternative imaging techniques, all of which have certain disadvantages.
One currently used phenotyping technique is histology, i.e. to fix, stain and slice the
1

Fruit fly larvae contain cells with polytene chromosomes. These chromosomes undergo DNA replication but do not subsequently divide and hence contain a huge number of parallel DNA double
helices instead of just one. The cells therefore grow to about 150 times their original volume, which
simplifies gene localization [1].
2
It was for this reason that a transparent zebrafish mutant called "‘Casper"’ was created [9].
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Figure 1.2.: (a) Adult zebrafish, (b) Drosophila pupae and (c) Xenopus embryos are not transparent, which makes it difficult to phenotype them with existing technologies. Images adapted
from [10–12].

Figure 1.3.: Images of a cleared, 500 µm thick mouse brain slice showing fluorescent signals
in individual neurons of the hippocampus. Images created using confocal microscopy with a
standard immersion objective. The image is adapted from [14].

animals. While this technique offers very high resolution and good contrast (as shown
in Ref. [13] for adult zebrafish), it is also very time consuming. The investigated organism has to be sacrificed and it is impossible to image intact organs. A similar approach
is to clear the whole animal using chemicals. It is possible to essentially render a whole
mouse transparent and then use the abovementioned microscopy techniques [14]. This
has impressive results, as are shown in Figure 1.3, where a cleared and 500 µm thick
slice of a mouse brain shows fine details such as single neurons which can be observed
with a standard confocal microscopy. While the results are truly magnificent, the technique also has major drawbacks. Prior to injecting the chemicals and replacing a large
part of the lipids, the animal has to be killed which makes in vivo imaging impossible.
The preparation procedure furthermore takes days or even weeks depending on the size
and structure of the prepared sample [14], which makes it difficult and expensive to
phenotype large numbers of specimen. Imaging techniques such as ultrasound imaging
which are not based on optics, allow for fast, in vivo imaging but have disadvantages
in terms of image contrast.

3

Developmental biologists, in particular those studying Drosophila, Xenopus or adult
zebrafish, are therefore in great need of phenotyping techniques which allow for fast,
in vivo, high resolution imaging at a reasonable price. This would result in accelerated
research and better data quality due to improved statistical analysis.

1.2. Whole Body Imaging Using Optoacoustics
Optoacoustic imaging is a very promising candidate for whole body, small animal phenotyping. It overcomes most of the problems faced by most conventional imaging
modalities. A wealth of OA systems have been developed during the last decade, but
all are based on the same underlying principle: the optoacoustic3 effect. When a short
and intense pulse of laser light travels through biological tissue, a part of that light is
absorbed and it is transformed into an ultrasonic pulse. This pulse propagates relatively
undisturbed through the tissue and can then be used to map the optical absorption
once it is detected by an ultrasound detector.
OA imaging combines the advantages of optical imaging with those of ultrasound
imaging. Microscopic techniques offer a high resolution and benefit from strong and
tissue-specific light absorption which makes it possible to distinguish between different
cell and tissue types. Light-based imaging techniques, however, can only image superficial structures in biological tissue up to a depth of approximately one millimeter due
to strong light scattering. Ultrasound imaging on the other hand offers a much larger
penetration depth while still providing sufficient resolution. Scattering of ultrasound
waves is more than one order of magnitude weaker than light scattering in biological
tissue, allowing the ultrasound pulse to travel through the tissue almost undisturbed.
Although ultrasound imaging has an improved penetration depth compared to microscopy techniques, it lacks the rich optical contrast. In ultrasound imaging, the
backscattered signal created due to a mismatch in acoustic impedance is measured.
Since the acoustic impedance within organisms and especially within a certain tissue is
relatively homogenous, few ultrasonic signals are reflected and therefore the ultrasound
contrast is low4 .
Optoacoustic imaging unites the advantages of both techniques by utilizing the tissuespecific optical absorption of the pu7lsed laser light in the specimen and the unperturbed propagation of the ultrasound wave created by the specimen. OA imaging is
therefore able to provide high contrast and high resolution images of whole organs and
even of small animal bodies.
With OA imaging, it is possible to phenotype the abovementioned small, opaque
model organisms used in developmental biology. The possible applications of OA imaging, however, are much wider due to its capacity to simultaneously provide anatomical,
functional, and molecular information on tissues [16]. In recent years, OA imaging has
found widespread application in medical and biological research. In particular, cancer detection, structural, functional, molecular and single-cell imaging techniques have
been successfully demonstrated with OA techniques [17, 18]. It is possible to provide
functional, in vivo images of rat brains [19–21] and both functional and structural information about the vasculature [22–25], which helps to identify common diseases such
as heart attacks. Imaging and detection of early stage cancer is another important application of OA imaging [26] and has been demonstrated for breast, skin, and prostate
3

The terms optoacoustic and photoacoustic are used interchangeably in the literature. The term
optoacoustic will be used throughout this work.
4
This drawback can be partially overcome by using ultrasound contrast agents, but the use thereof is
limited to visualizing the blood flow and not whole organ structures [15].

4

tumor detection [27–32]. The technology can also be used for whole body and whole
organ immune cell imaging in small animals [33].

1.3. Purpose of this Work
Optoacoustic imaging has great potential for imaging small model organisms used in
developmental biology. OA imaging techniques which operate in the mesoscopic regime,
i.e. between the microscopic and macroscopic regimes, are well suited for imaging these
model organisms. The mesoscopic regime offers a spatial resolution which is better than
conventional, macroscopic techniques while providing penetration depths larger than
what microscopic methods can provide (see section 2.5 for a detailed description of
different macroscopic, microscopic and mesoscopic imaging techniques). The rasterscan optoacoustic mesoscope (RSOM), which has been developed and evaluated prior
to this work, is such a mesoscopic imaging technique based on the OA effect [11, 34].
The working principle of the system is illustrated in Figure 1.4a. Pulsed laser light
is used to illuminate the sample in either a trans-illumination or reflection mode with
a pulse duration in the order of only a few nanoseconds. This light is absorbed by
the sample and creates OA waves which are detected with a spherically focused, high
frequency ultrasound transducer (central frequency of 50 MHz and above). This transducer is raster-scanned over the sample, the OA waves are digitized and subsequently
reconstructed. The weak scattering of ultrasound waves in combination with the used
high-frequency transducer provides the required high spatial resolution while with penetration depths beyond those of currently available microscopy techniques. The RSOM
system achieved an axial resolution of 4 µm and a transverse resolution of 18 µm at
depths of up to 5 mm using an ultra-wideband ultrasound transducer with a bandwidth
of 20 − 180 MHz. The system has been successfully used to image adult Drosophila,
Drosophila pupae as well as zebrafish.
While the RSOM system displayed a remarkable imaging performance due to the
high-frequency transducer used, the whole-body imaging of certain biological specimen
remained a challenge. There are three distinct problems which limit the ability of the
RSOM system to successfully image small model organisms for developmental biology. The first problem with the existing RSOM system is illustrated in Figure 1.4b,
where a maximum intensity projection (MIP) is shown along the long axis (y-axis) of
a Drosophila pupa measured with RSOM . OA waves generated by anatomical structures facing in the direction of the ultrasound transducer (z-axis) will be detected by
the transducer and create a strong signal, resulting in a successful reconstruction of
these anatomical features. This can be easily observed in the top and bottom parts of
Figure 1.4b, where the hardened outer skin, called puparium, is clearly visible. However, the puparium surrounds the whole of the Drosophila pupa but the parts facing
away from the ultrasound transducer, i.e. to the left and right side in Figure 1.4b,
are not successfully reconstructed. This is due to the limited acceptance angle of the
focused ultrasound transducer which cannot detected OA waves propagating with a
larger angle with respect to the transducer axis. The structures generating these OA
waves hence also cannot be reconstructed. Most of the commonly used model organisms have an elongated shape with structures facing in all directions, as is shown in
Figure 1.2. Being able to image only a part of these anatomical features is a large
drawback for whole-body imaging of biological specimen in RSOM.
The second problem with the RSOM system is the large resolution anisotropy between the axial resolution, i.e. along the z-axis, and the transverse resolution in the
x- and y-directions. This difference in resolution is due to the utilized transducer and
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Figure 1.4.: (a) Illustration of the RSOM measurement principle with trans-illumination on
the left and reflection mode on the right. The violet disk on the left is a diffuser, the violet
rods on the right are arms of a fiber bundle. (b) Maximum intensity projection along the long
axis (y-axis) of the fruit fly pupae shown in Figure 1.2b. Images from [11, 34].

measurement geometry (see section 2.4 for a detailed review). While the RSOM has
an axial resolution of 4 µm, its transverse resolution of 18 µm is more than four times
worse (using the 20 − 180 MHz bandwidth transducer). This resolution difference can
also be observed in Figure 1.4b, where the pupa structures along the z-axis can be
differentiated more easily than along the x-axis. This resolution difference is a problem
since it complicates the correct assessment of anatomical structures within the model
organism and it would be beneficial for the in-plane resolution (along the z-axis and
the x-axis) to be isotropic.
The third problem with RSOM for imaging of small model organisms lies in the
illumination. The samples are placed horizontally in a tank and both the sample and
the ultrasound transducer are immersed in water. The ultrasound transducer is then
raster-scanned over the sample, while the samples are illuminated from either the top or
bottom side, as is shown in Figure 1.4a. The reflection mode illumination scheme, where
the illuminating fibers are placed to the side of the ultrasound transducer, allows for
various sample geometries to be imaged with the RSOM system. It is possible to in vivo
image parts of large samples such as human skin [35], tumor cells in mice [36], the the
vascular system in a mice ear [34], as well as the above described adult Drosophila and
their pupae [11]. However, this illumination scheme does not result in a homogenous
light distribution within the sample. The light entering the sample from only one
side will be gradually absorbed within the sample. This will reduce the light fluence
for structures deeper inside the sample and the generated OA signals hence will also
be weaker. There is no alternative to this illumination scheme for measuring skin
and superficial structures of larger samples with current OA imaging methods and
hence this has to be acceptable in those cases. However, the small size of most model
organisms allows for a more homogenous illumination of the sample by illuminating
it from more than one side. This would result an a more uniform OA signal strength
within the body of the organisms and result in a more authentic reconstruction. This
uniform illumination from multiple sides is difficult to realize with the horizontal sample
positioning in the RSOM.
The purpose of the presented work was to design and evaluate a new, mesoscopic
imaging system called Multi-Orientation Raster-Scan Optoacoustic Mesoscope (MORSOM) that would overcome the above mentioned problems of the RSOM
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system in order to provide an imaging solution specifically tailored to requirements
of developmental biology. MORSOM is specifically designed to image small, nontransparent model organisms such as Xenopus embryos, Drosophila pupae and adult
zebrafish which cannot be optimally imaged with conventional microscopic or macroscopic techniques. Since the most commonly used model organisms for developmental
biology have a similar size and shape (see Figure 1.2), it is possible to restrict the
allowed sample geometry in order to optimize the laser illumination and subsequent
ultrasound detection. MORSOM, just like RSOM, uses a high-frequency ultrasound
transducer which is raster-scanned to provide high resolution 3D reconstruction with
a sufficient penetration depth for small model organisms. However, there are distinct
differences in terms of the illumination, sample mounting, measurement geometry and
image reconstruction. In MORSOM, the free-hanging sample is mounted in a rotation
stage and the illumination is arranged around the sample in order to achieve a uniform
light distribution in the sample. The system then performs measurements for different
orientations (views) of the investigated biological specimen which are independently
reconstructed. These multiple reconstructions are then coherently summed and result
in a final 3D reconstruction of the specimen. The combination of multiple sample orientation effectively increases the ultrasound transducer’s angle of acceptance, which
allows for correct reconstructions of all anatomical structures within the sample while
also providing a high, isotropic in-plane resolution. This provides high-resolution mesoscopic images for accurate phenotyping up to a penetration depth of several millimeters.
An additional objective while creating the MORSOM was a system design that allows
fast and easy measurement which allows biologists to use it without extensive training.
The presented work is structured in the three main parts. First a brief review of the
underlying principles of optoacoustic imaging will be presented in chapter 2, including
theoretical fundamentals as well the principles of ultrasound detection and image reconstruction. The second part, chapter 3, will give a detailed description of the prototype
and will illustrate system calibration and sample preparation. The final part, chapter 4
will then describes the system characterization, presenting the achieved resolution and
improved signal-to-noise ratio along with a first measurement of a biological sample.
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Chapter

2

Fundamentals of Optoacoustic Imaging
I was much struck by the idea of in this
way producing sound by the action of
light.
On the Production and Reproduction of
Sound by Light - A.G. Bell

The goal of this chapter is to provide a coherent introduction to the aspects of optoacoustic (OA) imaging which are most important for the MORSOM system. The
fundamental idea behind all OA imaging methods is the localization of ultrasound
sources which are created by nanosecond light pulses that are absorbed locally in the
tissue. This OA effect has been known for more than a century and has been extensively
studied in the last decades both experimentally and in theory. This chapter will therefore first provide a synopsis of the surprisingly long history of the optoacoustic effect
which involved many famous scientists such as A.G. Bell, W. Siemens, Lord Rayleigh
and W. C. Röntgen. After this historic overview, the underlying theoretical principles
of ultrasound generation and propagation will be briefly examined. These will include a
discussion of scattering in biological tissue as well as OA imaging resolution. Next, the
ultrasound detection and subsequent image reconstruction will be described, focusing
on the techniques used in this work. Based on these considerations, OA imaging will finally be compared to competing imaging modalities in terms of resolution, penetration
depth, imaging time and system complexity.

2.1. A Short History of Optoacoustic Imaging
Interest in research on the optoacoustic effect and in particular OA imaging has spiked
in recent years. Photoacoustics, the first peer-reviewed journal focused solely on optocoustics and thermoacoustics was first published in March 2013 and there has been
a steady increase in the number of publications on optoacoustics within the last four
years1 This is quite surprising, considering that the effect has been known for more
than a century. A.G. Bell presented the first recorded application of the optoacoustic
effect called the photophone in 1880, only a few years after his invention of the telephone [37–39]. Bell used sunlight to create an acoustic signal in a Selenium crystal,
with which he was able to transmit sound over a distance of 213 m, effectively building
the first wireless telephone. Bell’s invention and study of the properties of Selenium
1

There has been an average increase of 20 % in the number of optoacoustic papers published annually
since 2009. Data based on www.scopus.com search for the terms photoacoustic and optoacoustic.
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crystals was inspired by the work of German scientist and engineer Werner Siemens.
Siemens published a paper in Nature in 1875 in which he describes the interesting effect of light on crystalline Selenium [40, 41]. The OA effect was also studied by Bell’s
colleague Tyndall, who still in 1880 showed that light can also create an acoustic signal
in gas, with Bell being present during the first experiments [42]. These experiments
where confirmed by Bell and Wilhelm Conrad Röntgen in the following year when Bell
also confirmed the OA effect in liquids [43, 44]. It was also in the 1881 publication
that Bell first used the term “photophonic phenomenon”. Still in the same year, Lord
Rayleigh provided a simple theoretical explanation of the effect [45]:
“We may conclude, I think, that there is at present no reason for discarding the obvious explanation that the sounds in question are due to the
bending of the plates under unequal heating.”
While the photophone was probably too far ahead of its time and therefore never found
widespread application, the optoacoustic effect on the other hand was not. It has been
used extensively since 1881 for gas analysis in so-called spectrophones [46]. The term
“optic-acoustic” effect was first used by Veingerov [47] in 1938 and was later used by
Delany [48]. While spectrophones were used for over a century, they offered only few
advantages over conventional gas absorption spectroscopy until 1970. Only the advent
of the laser as well as more sensitive microphones brought the sensitivity and specificity
of optoacoustic spectroscopy to a new level [49].
In 1973, Rosencwaig et al. [46] brought the field back to its roots by following Bell’s
original approach of investigating the OA effect in solids rather than gases. It was
also Rosencwaig who in the same year suggested the potential use of the optoacoustic
spectroscopy in biology [50]. It took another decade, until 1981, when Bowen suggested an imaging scheme that would eventually lead to optoacoustic imaging as we
know it today. His approach was to use “RF or microwave electromagnetic radiation,
high intensity ultrasonic radiation or therapeutic levels of ionizing radiation” to deposit
energy in the tissue and to create a sound wave [51]. This more general approach, now
called thermoacoustics [52–55], also yields interesting results, but Bowen did not realize
the potential use of light as an excitation source. The general interest in optoacoustics steadily increased in the following decade and laser-induced sound generation was
studied to non-destructively evaluate materials [56]. The theoretical fundamentals of
photoacoustic waves generated in fluids were also developed during that time. Based
on the acoustic wave equation, Diebold et al. [56–59] were able to precisely describe the
shape and amplitude of the generated sound waves as a function of both the shape of
the absorbing body as well as the duration of the exciting laser pulse (see Section 2.2).
This understanding of the relationship between generated sound waves and object geometry would later allow the development of inverse reconstruction algorithms. These
algorithms make it possible to deduce the size and shape of the emitting body or tissue
by measuring the sound wave it creates, which ultimately enabled OA imaging.
It was only due to the combination of theoretical understanding, technological advancements (i.e. high power laser sources, sensitive ultrasound transducers, reconstruction algorithms and computing capabilities [60]) as well as an increasing need for small
animal imaging [61] that it was possible to create the first “truly” optoacoustic imaging
scheme in 1994. Both Kruger et al. [62, 63] as well as Oraevsky et al. [64, 65] presented
the first experimental implementation of optoacoustic imaging. After these first papers, the field developed very rapidly and a large number of different tomographic and
microscopic imaging methods were developed in the years which followed [66–71].
Imaging of biological tissues, organs and organisms has evolved tremendously in the
last decade and is further intensifying. The methods are becoming more complex and
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are usually tailored to a specific medical or biological challenge. It is beyond the scope
of this thesis to give a detailed overview of all the current techniques in optoacoustic
imaging. The interested reader will find that the references [18, 72–74] provide an
overview of both the current state of the field and future challenges in biomedical
photoacoustic imaging.

2.2. Optoacoustic Waves
All optoacoustic imaging modalities are based on the generation of ultrasound waves
by transient thermoelastic expansion of light absorbing structures, as was mentioned
in the introduction. The generation and propagation of optoacoustic signals has been
studied in great detail in the past century and a more detailed theoretical derivation
and description of the phenomenon can be found in the literature [75, 76]. This section
will therefore provide only a brief theoretical overview of the generation of optoacoustic waves, which focuses on the resulting technical requirements and considerations
regarding the resolution of OA imaging systems.
The properties of the optoacoustic pressure waves generated by absorption of short
pulsed laser radiation in tissue have been derived based on the solution of the wave
equation for pressure [58, 76]:
1 ∂
β ∂H
∇ − 2 2 p=−
,
vs ∂t
CP ∂t





2

(2.2.1)

where ∇ denotes the gradient, vs is the speed of sound, p is the resulting pressure
profile and with the source term on the right hand side where H is the local energy per
unit volume and time deposited by the optical pulse, Cp is the heat capacity per unit
mass and β is the thermal expansion coefficient given as:
β=

1 ∂V
,
V ∂T

(2.2.2)

where V and T are the volume and the temperature, respectively. The following section
will derive an expression for the pressure waves generated by an absorbing sphere in
order to illustrate its dependency on the geometry of the absorbing bodies. Similar
derivations can be found for other geometries such as infinite layers and cylinders [57,
58, 75].
The wave equation (2.2.1) is only valid if both temporal heat and stress confinement
criteria are fulfilled [27]. Heat confinement means that heat diffusion in the absorbing
structure is negligible for the duration of the laser pulse, i.e. the energy deposited
by the laser pulse is not lost through diffusion. Using the heat diffusion equation, it
is possible to approximate the heat diffusion length lh for a given heating time τ to
be [77]:
√
lh = 4ατ
(2.2.3)
with the thermal diffusivity α. For absorbers of size lh = d, the heat confinement
requirements in terms of pulse duration can then be expressed as
τh <

d2
.
4α

(2.2.4)

With the thermal diffusivity α in the order of 1.5×10−7 mm2 s−1 for biological tissue [78]
and absorbers in the order of 1 to 10 micrometers, the heat confinement time τh is
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around 1 to 100 microseconds, more than two to three orders of magnitude slower than
the typical pulse duration used for optoacoustics and therefore the heat confinement
requirement is easily fulfilled.
The temporal stress confinement requires that the pressure relaxation during the
laser pulse is negligible. This is the case if the duration of the laser pulse is shorter
than the time required for the pressure wave to propagate out of the imaged structure:
τs <

d
.
vs

(2.2.5)

The speed of sound in tissue is close to that in water, which is approximately 1500 ms−1 .
Absorbers between 1 and 10 micrometers therefore require laser pulse durations as short
as 1 to 20 nanoseconds. This is not as easily fulfilled with standard lasers and special
care has to be taken when imaging with micrometer precision. In order to obtain a
high image resolution, it is important to both excite and measure high-frequency and
high-bandwidth ultrasound waves, as will be shown in section 2.4.2. If the illuminating
laser pulses are too long and thus do not meet the stress confinement requirements,
they have a low-pass filtering effect on the generated ultrasound frequencies, which was
recently demonstrated experimentally [11]. The higher the desired resolution and thus
the higher the required ultrasound bandwidth, the shorter the excitation pulses have to
be in order to still fulfill the conditions of both the heat diffusion and temporal stress
confinements in biological tissues.
If the lasers pulses are sufficiently short, (2.2.1) is valid, but it is usually more
convenient2 to represent it in the form of the velocity potential φ, i.e.
1
β
∇ − 2 φ=
H,
vs
ρCP





2

(2.2.6)

with ρ being the fluid density and with
p = −ρ

∂φ
.
∂t

(2.2.7)

Equation 2.2.6 can be solved for infinite space in integral form using Green’s functions [80]
φ(x, t) = −

β
4πρCp

Z

g(x, t|x0 , t0 )H(x0 , t0 )dx0 .

(2.2.8)

In the particular case of a uniformly irradiated sphere, Green’s function can be shown
to be
x0 | − (t − t0 )
δ |x−
vs
h

g(x, t|x0 , t0 ) =

|x − x0 |

i

,

(2.2.9)

with δ being the Dirac delta function [81]. By using (2.2.8) and (2.2.9) it is possible to

2

Representing (2.2.1) using the velocity potential reduces the difficult problem of finding the vector
p down to the simpler problem of finding the scalar φ. This “trick” is often used in electrostatics
and electrodynamics, where the electric field E, i.e. a vector field, can be described by the electric
potential V , i.e a scalar field. See Chapter 2.3.2 ”Comments on Potential” in [79] for a detailed
explanation of the benefits gained by such a representation.
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Figure 2.1.: Photoacoustic pressure profiles created by homogeneously illuminating a sphere, an
infinite cylinder and an infinite layer with a very short laser pulse. Calculated by numerically
differentiating the corresponding velocity potentials given in [75].

solve (2.2.6) for the velocity potential:
β
φ(x, t) = −
4πρCp

Z H(x, t − |x−x0 | )
vs

|x − x0 |

dx.

(2.2.10)

The heating function created by a very short laser pulse that homogeneously irradiates
a sphere (radius R, optical absorption coefficient µa ) can be idealized as
H(r, t) = µa F Π0,R (r)δ(t),

(2.2.11)

i.e. the sphere is heated by a delta function optical pulse with a fluence (energy per
unit area) of F and where Πa,b (r) is a boxcar function defined as
(

Πa,b (r) =

1 for a < r < b
.
0 otherwise

(2.2.12)

By inserting (2.2.11) into (2.2.10) and by using polar coordinates one can calculate the
velocity function (see [75] for a detailed derivation). The pressure profile is then easily
calculated using (2.2.7) which results in the pressure profile created by a short laser
pulse illuminating a sphere as
p(r, t) =

µa βF vs2 R
(1 − τ )Π0,2 (τ ),
2CP r

(2.2.13)

with the dimensionless retarded time τ relative to the perimeter of the sphere
vs
r−R
τ=
t−
.
R
vs




(2.2.14)

This pressure profile is shown in Figure 2.1 together with the corresponding pressure
profiles created by an infinity cylinder as well as an infinite layer. The corresponding
formulas describing the pressure profiles can be derived in a similar fashion as was used
to derive (2.2.13) [57, 75].
By examining (2.2.14), one can easily find a relationship between the size of the
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illuminated object and the pulse duration ∆t. By solving (2.2.14) for t
t(τ ) =

τR r − R
+
vs
vs

(2.2.15)

and calculating the start and end time of the pulse as
r−R
vs
2R r − R
+
t2 (τ = 2) =
vs
vs

t1 (τ = 0) =

(2.2.16)
(2.2.17)

the pulse duration ∆t can be easily calculated as
∆t = t2 − t1 =

2R
.
vs

(2.2.18)

It is evident from the above equation that the pulse duration decreases for smaller
spheres. This is somewhat intuitive and the same argument applies for layers and
cylinders. The smaller the irradiated object, the shorter the generated optoacoustic
pulse, whereas larger objects will created longer pulses. This is a very important
property of the produced ultrasound pulses as it directly translates into requirements
for the ultrasound transducer used. Small absorbers create shorter pulses, which in
turn have a higher bandwidth, and contain higher frequencies. The bandwidth and
central frequency of the ultrasound transducer, which is used to measure the produced
sound waves, are therefore among the most important parameters of an OA imaging
system, as will be shown in section 2.4.2.

2.3. Scattering in Biological Tissue
Optoacoustic imaging combines the absorption contrast of optical imaging with the
penetration depth and low scattering of ultrasound waves, as was briefly described in
the introductory chapter. This section will describe the scattering and attenuation of
both light and ultrasound waves in more detail in order to provide a more quantitative
description of the advantages the optoacoustic effect provides for imaging.
Both the attenuation of light and sound fluence3 can be expressed as an exponential
decay (known in spectroscopy as the Beer-Lambert law [82]). The sound and light
fluence as a function of the traveled distanced z within a homogenous and attenuating
material are given as
Φ(z) = Φ0 e−µeff z ,

(2.3.1)

with µeff being the effective rate of decay, also called transport or absorption coefficient
and Φ0 being the initial fluence. The two main sources of attenuation in tissue are
scattering and absorption, i.e.
µeff = µa + µs .

(2.3.2)

Depending on the tissue and wavelength of the propagating wave, either absorption or
3

Fluence and intensity are often used synonymously, with fluence being the more accurate description
(units W/m2 ). Sound fluence is defined as the product of pressure and sound velocity, i.e. I~ = p~v
and is therefore not the same as sound pressure. It is noteworthy that the human eye senses light
intensity while the human ear directly senses the acoustic pressure.
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scattering may dominate and it is not trivial to theoretically describe the effective rate
of decay as a function of both scattering and absorption coefficients. Cheong et al. [83]
give a very comprehensive overview of both the theoretical foundations of scattering
and absorption in tissue and also provide a compilation of actual values for absorption,
scattering and total attenuation. An even more complete collection of both optical and
acoustic properties of biological tissue was assembled by Duck [84].
While both scattering and absorption of light does occur in biological tissues, scattering typically dominates over absorption, especially in the near-infrared portion of
the spectrum [85]. Scattering deflects propagating waves from their original direction
and the amount of scattering can be characterized by the average distance between
scattering events, called the mean free path (MFP) which is defined as the inverse of
the absorption-coefficient, i.e. MFP = 1/µeff . In highly scattering tissue, such as brain
or skin tissue where µs  µa , the MFP can often be approximated to be MFP ≈ 1/µs .
The MFP is of the order of 10 − 100 µm in tissue, depending on the tissue type. Due to
the short MFP, most photons propagating through tissue with a thickness of 100 µm or
more will therefore be scattered and will deviate from their original trajectory, resulting
in a blurred image. In order to prevent this photon scattering, it is necessary to reduce
the distance light travels within the tissue. It is for this reason that tissue slices used
for traditional microscopy are only a few micrometers thick, resulting in unscattered
photon propagation and high resolution, diffraction-limited images.

Figure 2.2.: This micrograph illustrates the different sizes scales present in biological tissue.
Micrograph of embryonic chick skin from [86].

Biological tissue consists of structures on several length scales and the typical wavelengths used for imaging are comparable to the size of the cells and organelles comprising tissues. Isotropic Rayleigh scattering from very small objects is therefore often not a
valid approximation and the more complicated Mie scattering [87] theory has to be employed. Figure 2.2 illustrates the diverse sizes of the cells and components found in the
connective tissue of the skin, showing fibroblast cells (dark areas), collagen fibers (thin,
long black filaments and black dots), as well as other extracellular matrix components.
Large cells such as the fibroblasts have a size of several microns whereas collagen fibers
have a size of only a fraction of a micron. Skin cells have a typical size of 20 µm whereas
brain cells can be as large as 100 µm [88, 89]. The wavelength of both light and highfrequency ultrasound exactly covers this wavelength range (λ ≈ 0.5-1.0 µm for light
and λ ≈ 15-150 µm for high-frequency ultrasound between 10 MHz and 100 MHz). The
probability of a scattering event and therefore µs and the resulting MFP depends on
several physical parameters: the shape and size as compared to the wavelength, the
refractive index relative to that of the surrounding medium, the density as well as the
interactions at high concentration of the structures and components found in tissue.

15

Propagation distance (mm)
0.0

0.5

1.0

Mean Free Path
Transport Mean Free Path
Ballistic
Increasing photon
regime
scattering/diffusion

Random
walk

Figure 2.3.: Illustration of light propagation in highly scattering media. Within the mean-free
path, photons propagate almost undisturbed (ballistic regime) while they effectively perform a
random walk after the transport mean free path. Image adapted from [74].

Light scattering is particularly strong in the visible spectral region (≈ 450-720 nm) and
still very noticeable in the near-infrared (NIR) (≈ 720-1000 nm) spectral region due to
photon interaction with structures at these size scales [74].
More advanced forms of optical imaging, such as confocal or multiphoton fluorescence
microscopy (MPF) are less limited in terms of imaging through tissue. They are limited
by the so-called transport mean free path (TMFP) which takes into account the average
angle by which photons are deflected as a result of each scattering event. This deflection
is usually quite small and it takes about five to ten scattering events until the photon
has completely lost its initial direction and undergoes a random walk. This means
that TMFP values are typically ten times larger than the MFP. The TMFP represents
an upper limit of the possible penetration depth in most biological tissues when using
light for microscopy. Typical values of the TMFP are 0.6 mm in the brain and 1.1 mm
in muscle tissue [74]. The scattering and the resulting broadening of a propagating
beam is shown in Figure 2.3. Optical scattering contributes to a significant resolution
loss since the light will leave the tissue after what is effectively a random walk. For
a sufficient depth, scattered light leaves the sample from a diffusely radiating region
on the surface. It is therefore not possible to image through several millimeters or
centimeters of scattering tissue using conventional microscopy techniques.
Ultrasound scattering in biological tissue is, when compared to optical scattering,
two or three orders of magnitude weaker, even in highly scattering tissue such as brain
tissue or skin [90]. The TMFP is therefore also two or three orders of magnitude longer,
allowing for much higher depth penetration in both ultrasound and optoacoustic imaging. Ultrasound scattering for low frequencies can be described using Rayleigh scattering [84], but at higher frequencies, i.e. above 10 − 20 MHz and when the wavelength
of sound is in the same order of magnitude as the cell dimensions, Rayleigh scattering
is also no longer a valid approximation, as was the case with optical scattering. It is
then necessary to again consider the shape, size, composition, orientation and position of the cell structures, which may cause interesting resonance phenomena [91, 92].
Furthermore, scattering loss typically comprises less than 20% of the overall attenuation for soft tissue and it is important to consider absorption as a limiting factor.
Ultrasound waves generated by ultra-short laser pulses create ultrasound waves with
a very large bandwidth and frequencies of 100 MHz or higher [11]. The resolution of
the final optoacoustic images depends on the ability to record these high frequencies
after they propagate through the tissue. This propagation through the tissue, however,
can again limit the imaging capabilities of the imaging system, assuming an ultra-
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sound transducer that is sensitive for such high frequencies (see section 2.4.1). While
ultrasound frequencies below 10 MHz propagate almost undisturbed and can be easily
detected, higher frequencies cannot. These frequencies are not strongly scattered but
rather strongly absorbed when compared to their lower frequency counterparts. This
frequency-dependent absorption results in a temporal dispersion of the acoustic waves
and hence contributes to the broadening of the optoacoustic signals [93].

2.4. Ultrasound Detection and Image Reconstruction
In order to reconstruct an image from the ultrasound waves created by the above
described absorption of pulsed light, it is necessary to detect the ultrasound waves
and then reconstruct the location of the absorbers. This detection and reconstruction
step in optoacoustic imaging is very similar to conventional ultrasound imaging. This
section will therefore concentrate on the ultrasound transducers and reconstruction
algorithms used for MORSOM, whereas a more general overview can be found in the
literature [90, 94, 95].

2.4.1. Focused Ultrasound Transducers
The ultrasound transducer4 converts the generated ultrasound signal into an electrical
signal, typically utilizing the piezoelectric effect. The electric signal is then filtered,
amplified and processed in a computer. The transducer is one of the most important
components in an optoacoustic imaging system since it determines most of the imaging characteristics. This is especially true for OA systems detecting high-frequency
ultrasound, i.e. frequencies of up to 100 MHz and above.
Conventional, low-frequency ultrasound imaging systems often utilize transducer arrays, consisting of a large number of piezoelectric elements [96]. These arrays can
provide video-rate imaging since no mechanical scanning of the transducer is necessary and they can be applied for real time optoacoustic imaging [16, 23]. However,
the fabrication of high frequency ultrasound arrays is challenging and very expensive
and current technology only allows transducer arrays with a frequency of 35 MHz or
below [96, 97]. In order to obtain high resolution images as is required for both the
microscopic and mesoscopic imaging regime, it is therefore advantageous to use single
element transducers. In principle, both focused and unfocused single element transducers can be used for imaging, however, unfocused transducers do not yield the required
resolution. Using focused transducers increases the sensitivity to small features as
compared to unfocused transducers since the sensitivity field of the transducer is focused to a smaller area with an acoustic lens, much like an optical lens focuses light,
which is illustrated in Figure 2.4a. Therefore only focused transducers are employed
for high-frequency and high-resolution imaging [98, 99]. Strongly focused transducers
have a higher sensitivity in the narrow focus region, which compensates the attenuation of high-frequency ultrasound signals in tissue, as was discussed in section 2.3.
The stronger the focusing of the transducer, the smaller its F# -number, yielding better lateral resolution as compared to unfocused transducers, which will be reviewed
in section 2.4.2. While focused transducers are more sensitive in the focal region, the
ultrasound beam also strongly diverges after the focus, reducing the lateral resolution
in those regions. This disadvantage can, however, be overcome during the reconstruc4

An ultrasonic transducer converts electrical energy to mechanical energy, i.e. to sound and vice
versa. Since an ultrasound detector can typically also be used as an ultrasound source, the term
transducer is often used synonymously with the term detector.
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Figure 2.4.: (a) Comparison of unfocused and focused, single element ultrasound transducer
geometries. (b) Illustration of focused transducer geometry with focal length z0 , aperture
diameter D, opening half-angle φ, lateral resolution δr and axial axial δx . Images adapted
from [95].

tion step when using the synthetic aperture focusing techniques (SAFT) described in
section 2.4.3. The piezoelectric materials used in high frequency transducers are typically lead zirconium titanate (PZT) ceramics, lithium niobate compounds (LiNBO3 )
or polyvinylidene fluoride (PVDF) foils, whereas the acoustic lens used to focus the
transducer is made of quartz glass [95].

2.4.2. Optoacoustic Imaging Resolution
The smallest distance between two objects for which an imaging system can still differentiate between both objects is one of the main characteristics which determines the
performance and hence possible applications of the system. The resolution of an optoacoustic imaging systems characterizes the ability to distinguish signals from absorbers
located at different positions in the tissue. A qualitative relationship between a small
absorber size and the resulting short pulse duration with high ultrasound bandwidths
was already derived in the previous section. This section will give a more thorough
description of the relationship between the ultrasound transducer characteristics and
resulting theoretical resolution limits.
When raster-scanning a spherically focused ultrasound transducer, the spatial resolution is typically anisotropic and one has to distinguish between the axial resolution δz
and the lateral resolution δr , as is indicated in Figure 2.4b. This difference in resolution
is due to the scanning of the focused ultrasound transducer, as will be explained in more
detail in section 3. The axial resolution describes the resolution along the transducer
axis (typically the z-axis) and along the propagation direction of the ultrasound waves.
The resolution in the lateral or x/y-direction is therefore the resolution in the plane in
which the transducer is moved during the raster-scan.
Axial Resolution
The axial resolution δz is determined mainly by the frequency bandwidth for which
the ultrasound transducer is sensitive. The point spread function (PSF) is the impulse
response of a system and can be used to fully characterize an imaging system in terms of
resolution [100–102]. When a signal is measured, the PSF is convoluted with the actual
signal and produces the final measured signal. The width of the PSF is therefore a
direct indication of the signal quality and ultimately of the resolution. This can be easily
understood in the frequency domain using the Fourier transform of the PSF, i.e. the
so-called modulation transfer function (MTF) which describes the band-pass function
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of the system. Since a convolution in the time domain is simply a multiplication in
the frequency domain, one can easily appreciate the filtering function of the MTF. The
band-pass function H̃(k) of a real ultrasound transducer will have a limited frequency
bandwidth and will act as a low-pass filter with a cutoff frequency fcut-off , i.e.
(

H̃(k) =

1 for f ≤ fcut-off
,
0 otherwise

(2.4.1)

and hence with a bandwidth B that is equal to the cut-off frequency: B = fcut-off . It
can be shown5 that the axial PSF of a photoacoustic point source located at ra as a
function of the band-pass function H̃(k) is given as
PSFz (R) =

1
2π 2

Z ∞

H̃(k)j0 (kR)k 2 dk,

(2.4.2)

0

with R = |r − r a | being the distance from the point source, jn the spherical Bessel
2πf
function of the first kind and k the wavenumber, defined as k = 2π
λ = vs . The
integration in (2.4.2) can be performed, and after normalization one obtains
PSF(R) =

3j1 (kcut-off R)
.
kcut-off R

(2.4.3)

The resolution of a system is often defined using the full-width at half-maximum (FWHM).
Using 3j1 (x)/x = 0.5 when x = 2.4983, the axial resolution δz is easily computed as
δz = 2 ×

vs
2.4983
≈ 0.8 × λcut-off ≈ 0.8 × .
kcut-off
B

(2.4.4)

It is evident that in order to maximize the axial resolution of a optoacoustic imaging
system, it is necessary to use ultrasound transducers with a high bandwidth. This is
shown in Figure 2.5 where the PSFs are plotted for increasing transducer bandwidths.
The larger the bandwidth, the tighter the resulting PSF and the better the achievable
resolution. For an ultrasound transducer with a bandwidth B = 50 MHz and the speed
of sound in water of vs = 1500 m/s, it is possible to obtain an axial resolution of
approximately δz ≈ 25 µm.
Lateral Resolution
While the axial resolution δz is determined by the frequency bandwidth of the transducer, the lateral resolution δr depends on the focusing and hence on the aperture
size and central frequency of the transducer [103]. This behavior is analogous to the
well-know requirements for high resolution optical imaging systems, where a short
wavelength of the light together with high numerical aperture objectives are required
to achieve an optimal resolution. The lateral resolution of focused ultrasound detectors
is a function of both the central frequency fc of the transducer as well as the F-number
F# . For spherically focused single-element transducers, the FWHM as a measure of
resolution is given as [104]:
δr ≈ 1.4

vs
vs z 0
F# = 1.4
,
fc
fc D

(2.4.5)

with F# defined as the quotient of the focal length z0 and D the aperture diameter
of the transducer. Using the relationship between numerical aperture (NA) and F 5

See section 5.3 “Bandwidth-Limited PSFs” in [75].
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Figure 2.5.: PSF of a band-width limited measurement of a point source. In order to obtain a
high spatial resolution it is necessary to use a transducer with a high bandwidth which results
in a smaller PSF. Simulated using (2.4.3) with an ideal low-pass filter with cutoff frequencies
fcut-off = 1 MHz, 2 MHz and 3 MHz and vs = 1500 m/s.

number,
F# ≈

1
1
=
2NA
2 sin φ

(2.4.6)

with φ the half-angle of the maximum cone of ultrasound waves which are detected
by the transducer, it is possible to obtain the resolution as a function of both central
frequency and opening angle, i.e.
δr ≈ 1.4

vs
.
2fc sin φ

(2.4.7)

It is evident from 2.4.7 that there are two ways to enhance the lateral resolution of an
optoacoustic imaging system, either by using a higher central frequency or by using
a transducer with a smaller F-number, i.e. a larger aperture and wider half-angle φ.
The F-number of typical focused ultrasound transducers is in the order of one or two.
This results in a half-angle φ between 15 ◦ and 40 ◦ . Using an ultrasound transducer
with a central frequency fc = 50 MHz thus yields a lateral resolution limit between
δr ≈ 30 µm to δr ≈ 80 µm. If a high frequency, larger aperture transducer is used, it
is possible to achieve lateral resolutions in the micrometer range, e.g. δr ≈ 15 µm with
fc = 100 MHz and φ = 45 ◦ ).

2.4.3. Image Reconstruction Using SAFT
It is necessary to use focused, high NA ultrasound transducers in order to achieve both
a high lateral and axial resolution, but the very limited focus depth causes the sensitivity to quickly decrease in the out-of-focus region. A simple one-directional scan
and a subsequent visualization of the scan-lines, as it is typically done in ultrasound
imaging, will therefore not result in an adequate 2D image. To overcome this problem
in optoacoustic imaging, a reconstruction technique called Synthetic Aperture Focusing Technique (SAFT) that is typically used in RADAR imaging was first applied to
optoacoustic imaging by Kruger et al. [66] and later by Wang et al. [105–107]. SAFT is
used for image reconstruction of the data acquired by the RSOM and MORSOM sys-
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Figure 2.6.: Illustration of the SAFT technique as applied in optoacoustic imaging. See text
for a detailed explanation. Image based on [105, 108].

tems and its principles will be reviewed briefly in this section. The adaptations made
to the image reconstruction with regard to MORSOM will be illustrated in section 4.1
of the next chapter.
The basic principle of SAFT is illustrated in Figure 2.6. The focal point of a focused
transducer can be modelled as a point detector with which ultrasound signals can be
detected over a wide acceptance angle, as is shown on the left of Figure 2.6. The
transducer is then scanned along the x-axis while taking discrete measurements at N
positions. The step size is chosen so that adjacent scan positions, separated by ∆x,
will have overlapping detection areas as are shown on the right of Figure 2.6. SAFT
then creates a much larger, synthetic aperture by properly delaying and summing the
signals received at the discrete scan positions:
SSAFT (t) =

N
−1
X

S(i, t − ∆ti ),

(2.4.8)

i=0

with S(i, t) being the received ultrasound signal at the i-th position, ∆ti the applied
time delay and N the total number of adjacent scan positions. Using appropriate time
delays for ∆t, it is possible to “focus” to any point within the detection area of the
synthetic aperture. This is also illustrated on the right side of Figure 2.6. Ultrasound
signals from a position below the transducer focus point will have a propagation time
to the ultrasound transducer surface
t = t0 + tf ,

(2.4.9)

with t0 being the time from the assumed point detector at z0 to the transducer surface
and tf the time of propagation between the synthetic focal point and the point detector
seperated by a distance rf calculated as:
z0
vs
rf
tf = .
vs
t0 =

(2.4.10)
(2.4.11)

For the neighboring scanning position at a distance ∆x but still “focusing” on the same
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point, the propagation time will be
t = t0 + ti

(2.4.12)

and hence required delay due to the difference in propagation time is
∆t = ti − tf =

ri − rf
.
vs

(2.4.13)

If the acquired time signals of the transducers with a separation ∆x are now shifted
according to (2.4.8), i.e. by ∆t, and the signals are then summed, the signals originating
in the synthetic focal point add up coherently, whereas signals from other positions
within the sample will not. A more general formula for the required delay, taking into
account the position within the sample with respect to the assumed point detector, is
given in [109]:

∆ti = sgn(ts − t0 )(ti − tf ) =



 < 0, for ts < t0

= 0, for ts = t0 ,

 > 0, for t > t
s
0

(2.4.14)

where ts = t0 + tf is the propagation time from the source located at the synthetic
focus point to the transducer surface. The larger the distance between the transducer
positions becomes, the larger the required delay has to be, as is shown in the central
inlet of Figure 2.6.
Using SAFT it is possible to generate images not only in the focal area but also from
areas outside the focus while maintaining the large transducer surface and sensitivity
of a focused transducer. It offers both a strong increase in the spatial resolution of
the out-of-focus regions as well as a significant SNR improvement [108]. The simple
delay-and-sum algorithm can be further improved by weighting (2.4.8) with a coherence
factor. This factor takes into account the coherence of the summed signals, promoting
coherent signals while suppressing incoherent ones. A much more detailed description
of SAFT and other reconstruction algorithms can be found in [60, 105, 110] and the
references therein.

2.5. Comparison of Imaging Techniques
The visualization of organs and cells within small model organism such as the aforementioned Xenopus laevis, Drosophila and zebrafish is a difficult challenge. The technique
used has to offer both considerable depth penetration as well as micrometer resolution
and it is challenging to combine both of these requirements. Table 2.1 compares the
most common imaging techniques used in biology and medicine today. The reason for
the large amount of imaging modalities is their application range which is limited by
factors such as spatial resolution, detection sensitivity, tissue penetration and signalto-noise ratio. One modality might be very well suited for a specific application while
being essentially useless for another. It is well beyond the scope of this work to review
the principles underlying the different methods, however references to corresponding
review articles are given in both the text and in Table 2.1. A very comprehensive
overview of the challenges and possible solutions of small animal imaging is given by
Ntziachristos in [74]. This article classifies three main imaging regimes, namely macroscopic, microscopic and mesoscopic imaging, which are also used in Table 2.1. The
classification is based on the transport mean free path (TMFP) of photons (see section 2.3), which allows for a direct comparison of the imaging techniques based on
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scattering which is the limiting factor for current purely optical imaging methods.
Imaging
Technique
Macroscopic
MRIc
X-ray CTd
USe
PATf /MSOTg
Microscopic
Microscopy
Confocal M.
MP/MPF.h M.
Light-Sheet M.
OA Microscopy
Mesoscopic
US Microscopy
RSOM/MORSOM

Ref.

Spatial
Resolution

Penetration
Deptha

Acq. Time
(B-Scan)

$b

[111, 112]
[113]
[97, 114]
[19, 115]

50 µm − 10 mm
0.5 – 10 mm
100 − 500 µm
50 – 200 µm

10 – 100 cm
10 – 100 cm
2 − 10 cm
0.5 – 10 cm

1 min – 24 h
1 – 30 s
1 – 300 ms
0.1 – 600 s

+
+
◦

[116, 117]
[118, 119]
[85, 120]
[121, 122]
[123, 124]

250 nm – 1 µm
500 nm – 10 µm
500 nm – 10 µm
1 − 100 µm
5 – 20 µm

1 – 5 µm
10 – 250 µm
10 µm – 1 mm
10 – 100 µm
10 – 200 µm

1 µs – 100 ms
50 – 500 ms
50 – 500 ms
5 – 100 ms
1 – 10 s

◦
+
◦
-

[125, 126]
[11, 34]

10 − 200 µm
4 – 20 µm

5 − 15 mm
0.5 – 5 mm

100 – 500 ms
1 – 10 s

◦

Table 2.1.: Comparison of macroscopic, microscopic and mesoscopic imaging techniques. Color
indicating favorable (green) or hindering (red) characteristics of respective technique when applied to imaging of typical developmental biology model organisms. a penetration depth in
scattering biological tissue (see section 2.3); b indicates cost and complexity of the imaging system with + expensive and complex, − moderately expensive and complex, and ◦ intermediate;
c
Magnetic Resonance Imaging; d X-ray Computed Tomography; e Ultrasound; f PhotoAcoustic
Tomography; g MultiSpectral Optoacoustic Tomography; h Multi-Photon Fluorescence.

Macroscopic techniques such as magnetic resonance imaging (MRI) and X-ray computed tomography (CT) are widely used in medicine due to their very large penetration depth and the possibility to image complete organs and even organisms in
vivo [111–113]. Since they are not based on light propagation in tissue, they are able to
image depths which are larger than ten times the TMFP, equivalent to imaging depths
of 2 cm and above. However, these methods typically lack the high resolution desired
for small model organisms and also require expensive and complex equipment. Conventional ultrasound (US) imaging is much simpler in terms of the required equipment
and allows for live imaging at large depths of up to 10 cm. US contrast on the other
hand is based on a difference in the acoustic impedance, i.e. a difference in the speed
of sound within the tissue. This contrast is, however, relatively weak in biological tissue, and therefore the resulting image contrast is also low. Furthermore, conventional
US imaging utilizes transducer arrays, the low bandwidth of which cannot provide the
required micron-scale resolution [97,114]. Photoacoustic tomography (PAT) overcomes
the low ultrasound contrast by using the optical absorption to generate ultrasound signals. However, due to the required large penetration depth and fast acquisition times,
only low-frequency transducer arrays can be used, which again results in an insufficient
resolution [19, 115].
Microscopic imaging methods are on the other end of the spectrum in terms of
resolution and imaging depth. Classical microscopy, as one of the most widely used
imaging techniques, is able to offer real-time images with a resolution of less than
1 µm. It is also quite simple and hence inexpensive but despite these advantages,
optical microscopy is only of limited use for imaging small model organisms due to its
very limited depth penetration in scattering tissue [116, 117]. Microscopic techniques
are defined by an imaging depth which is less than one TMFP, resulting in depths
of one millimeter or less in scattering tissue. Considerable efforts have been made to
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overcome this limited depth penetration. Methods such as confocal, multi-photon (MP)
and light-sheet microscopy have reformed biological studies as they allow noninvasive,
high-resolution images of cell processes in an undisturbed environment at depths of
up to a few hundred micrometers [85, 118–122]. However, this depth penetration is
achieved with a considerable increase in complexity by using high-power, ultra-short
lasers and beam-forming techniques such as adaptive optics [127]. OA microscopy
is a simpler approach to image deeper in scattering tissue while still using the high
resolution offered by focusing light. A standard microscope setup is used to focus
pulsed laser light into the sample where an OA signal is created which is detected by
an ultrasound transducer. Since the light has to propagate through the tissue only once,
it is possible to achieve slightly higher imaging depths of up to 200 µm while still offering
a resolution comparable to purely optical techniques [123,124]. While an imaging depth
of a few hundred micrometers is sufficient to visualize processes in living cell cultures,
it will only result in superficial images when used on small model organisms. Those
have a typical size of more than two millimeters, and therefore microscopic imaging is
not suitable to image a complete organism having highly scattering tissue.
Mesoscopic6 imaging methods try to find a middle ground between the high-resolution
images provided by microscopic methods and the high penetration depth of macroscopic
techniques since neither are capable of whole-body imaging of small, intransparent
model organisms with sizes in the order of a few millimeters. There is an increasing
need to be able to study biological processes on this size scale and with methods which
are easily available to biologists, as was explained in the introduction. Mesoscopy
aims to image depths between one to ten times the TMFP, i.e. between 500 µm and
5 mm. The mesoscopic regime basically starts at penetrations depths above those
which can be achieved by multi-photon microscopy while offering resolution as small
as 10 µm, but there is no clearly defined boundary between the different regimes. Ultrasound microscopy is possibly the simplest imaging modality which can be assigned
to the mesoscopic regime. US microscopy offers penetration depths of up to 15 mm
and can achieve resolutions of around 5 µm to 200 µm by raster-scanning a focused,
high-frequency ultrasound transducer. However, as was the case with conventional ultrasound imaging, US microscopy lacks image contrast in biological tissue [125, 126].
Since optoacoustic imaging utilizes the high depth penetration of ultrasound imaging,
it is generally very well suited to the mesoscopic regime. The basic principles used
for optoacoustic mesoscopy systems such as RSOM and MORSOM are a combination
of ultrasound and optoacoustic microscopy [11, 34]. A pulsed light source is used to
illuminate the sample, however the light is not focused in order to achieve homogenous
illumination throughout the sample. The light then creates an optoacoustic signal and
the resulting ultrasound waves are detected by a focused, high frequency transducer
which is again raster-scanned over the sample. This principle will be further explained
in Chapter 3, which will include a detailed description of MORSOM.

6

The term mesoscopic, originating from the Greek misos for middle, describes a size scale intermediate
between the microscopic and the macroscopic scale.
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Chapter

3

Experimental Setup and Data
Acquisition
The first principle is that you must not
fool yourself — and you are the easiest
person to fool.
R. P. Feynman

The MORSOM system design is based on the raster-scan of a spherically focused transducer while also being able to rotate the investigated specimen to synthetically increase
the transducer aperture. This makes it possible image structures which could not be
visualized with the RSOM system1 while also increasing the spatial resolution. All
optoacoustic (OA) imaging systems utilize the same basic principle, i.e. the OA effect,
but the way in which samples are measured varies significantly between different imaging techniques. This section will give a detailed description of the way in which OA
signals are generated, measured and analyzed in the MORSOM system. After providing a general overview of the system, the components which have the biggest impact on
the measurement performance will be described in more depth. These important components include the illumination system (section 3.1), the ultrasound transducer (section 3.2) and the triggering scheme (section 3.3). Finally, the design iterations that lead
to the final MORSOM design will be described in section 3.4 and the steps necessary to
prepare the samples to be used in MORSOM will also be reviewed in the last section.
While the general principle of OA imaging systems was described in Chapter 2, it is
illustrated more specific for the MORSOM system in Figures 3.1 and 3.2. A rendering of
the complete system that was built is shown in Figure A.1 on page 57 of the appendix.
The MORSOM system’s hardware and measurement parameters such as scan area
and position, step sizes along the x and y axes, scan speed and resulting laser trigger
rate are all controlled using a Matlab script running on a dedicated laboratory PC.
Once a measurement is started, a fast linear stage (M683, Physik Instrumente GmbH,
Karlsruhe, Germany) continuously moves the ultrasound transducer along the x-axis at
a speed of around 20 mm/s, as is shown in step 1 of Figure 3.2. While the stage moves
continuously along x, it is programmed to send out a trigger signal after traversing a
distance equal to the raster-scan step size, e.g. every 10 µm. The trigger rate of the
laser is fixed close to its maximum repetition rate of 2 kHz and the actual stage speed is
calculated based on the repetition rate and the required step size. Each trigger signal
1

The shortcomings of the RSOM system when imaging these structures were already described in
section 1.3.
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Figure 3.1.: Principle of signal generation and detection in the MORSOM system. (a) A short
laser pulse homogeneously illuminates the sample and part of the light fluence is transformed
into heat. (b) The rapid increase in temperature creates ultrasound waves which propagate
trough the sample. (c) An ultrasound transducer detectes the generate signals and the acquired
information is used to reconstruct the sample.
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Figure 3.2.: Overview of the MORSOM setup illustrating its working principles. 1 Linear
stage scans ultrasound transducer along x-direction. 2 Laser pulse is triggered at discrete
x-positions, the pulse illuminates the sample and starts the data acquisition. 3 Ultrasound
signals are generated by the specimen, recorded by the ultrasound transducer and digitized by
the DAQ card. 4 A second linear stage scans the x-stage and the ultrasound transducer along
the y-axis. 5 A rotation stage rotates the sample and steps 1 to 4 are repeated. See text
for a full description of the measurement process.
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generated by the x-stage is transmitted to a 532 nm Q-switched laser which, upon
receiving the trigger signal, sends out a short laser pulse which is coupled into a fiber
bundle, as is shown in step 2 of Figure 3.2. The stray light which is back-reflected
from the fiber furthermore triggers the Data-Acquisition-Card (DAQ) in the PC. The
light coupled into the fiber is split up into four arms which end in linear fiber arrays
that illuminate the sample (only three of the arrays are shown in the illustration). The
sample consists of the specimen being investigated, e.g. a zebrafish, which is embedded
in an agar gel2 to fix its position while the whole sample is immersed in a water
tank (not shown). The sample is homogeneously illuminated by the four linear fiber
arrays and absorbs part of the illuminating light. This absorbed energy is partially and
rapidly transformed into heat and ultrasound waves are created, which is illustrated in
Figure 3.1 (a) and (b). The sound waves then propagate basically undisturbed through
the sample, the agar gel and the water since the speed of sound is almost equal in those
materials. The ultrasound transducer then measures the sound wave outside of the
sample, as is shown in Figure 3.1 (c). The mechanical signal is therefore transduced
into an electrical signal which is then amplified, digitized and stored on the PC, i.e.
step 3 of the illustration. The amplification is achieved with a low-noise, broadband
amplifier (AU-1291, 10 kHz to 500 MHz bandwidth, 63 dB gain, Miteq Inc., USA). The
amplified signal is digitized using a high sample rate digitizer connected via PCIe, which
offers high-speed and high-accuracy data acquisition (ADQ412-3G, 3.6 GS/s sampling
rate, 12 bit digital resolution, SP Devices Devices, Sweden).
This procedure is then repeated for each discrete position along both the x- and
the y-axes and the data is stored on the PC. This raster-scan data is then used to reconstruct a 3D image using the SAFT algorithm which was explained in section 2.4.3.
Steps 1 to 4 are very similar in the original RSOM system, even though the illumination and triggering has been optimized. However, step 5 is what further distinguishes
the MORSOM system from its predecessor. An additional rotation stage (RS-40, piMICOS, Karlsruhe, Germany) is used to precisely rotate the cylindrical sample by
360/N degrees around the y-axis. Once the sample is rotated, steps 1 to 4 are
repeated to again acquire all the data necessary for a full-view reconstruction. This
rotation and subsequent raster-scanning is performed N − 1 times, resulting in reconstructions from all orientations (views) of the sample. The final result are then N
discrete data sets, equivalent to N orientations between 0 ◦ and 360 ◦ . These orientations are then independently reconstructed using the SAFT technique and the obtained
3D data sets are summed to create the final 3D reconstruction, as is described in more
detail in section 4.1.

3.1. Illumination System
The principle of the illumination scheme used in MORSOM was already presented
in Figure 3.2 and is shown in more detail in Figure 3.3. The illumination system is
optimized to uniformly illuminate the cylindrical samples which are free-hanging from
the rotation stage and which are mounted in a syringe, which is shown on the right
side of Figure 3.3.
The light source which provides the pulsed illumination is a 532 nm, diode-pumped,
actively Q-switched, solid state laser source (WEDGE HB FC SB 532nm, BrightSolutions, Pavia, Italy). This laser provides pulse energies of up to 1 mJ with a repetition
rate of up to 2 kHz while having pulse-durations of less than 1.5 ns. This short pulse
duration is required in order to satisfy the stress-confinement requirements [27], as
2

See section 3.5 for a detailed account of the required sample preparation.
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MORSOM Sample Illumination

Tranducer
Distance
Flexible

x

y

z

3D-Printed
Fiber Mounts
z

y
x

Thorlabs
Posts

Illumination
Distance
Flexible

Base Plate
Bottom View

Side View

Figure 3.3.: Detailed viewed of the MORSOM sample illumination using four linear fiber arrays
for a uniform illumination.

was described in section 2.2. If those are not fulfilled, the bandwidth of the generated
OA waves is reduced, which will reduce the achievable resolution. This is shown in
Figure 3.4, where the ultrasound frequencies created by a 10 µm black microsphere
were investigated for both a 1.8 ns and a 8 ns short laser pulse. These measurements
were performed with the RSOM system and have been previously published [11] but
apply to all OA imaging systems. The stress-confinement time for a 10 µm sphere can
be easily calculated using equation (2.2.5) and the speed of sound in polystyrene of
vs = 2350 m/s [128] to be τs ≈ 4 ns. Therefore, the 8 ns pulse duration will not meet
the stress-confinement requirements. It is evident from the red dashed line in Figure 3.4
that the frequency content is then strongly affected, resulting in a peak frequency of
40 MHz for the 8 ns pulses whereas the 1.8 ns pulses, shown as the solid blue line, create
a much broader frequency spectrum with a peak frequency of around 130 MHz. This
has two important consequences for OA imaging. First, it is necessary to use pulse
durations that meet the stress-confinement criterion in order to achieve high-resolution
images. Secondly, it is also important to use ultrasound transducers which are sensitive
to those created high frequencies in order to fully utilize them, which will be discussed
further in the next section. Since MORSOM utilizes a laser with a pulse duration of
less than 1.5 ns, the stress-confinement criterion [27] will be met for tissue structures
as small as 2.25 µm, which is below the expected resolution that can be achieved by
the ultrasound transducer employed in the system (50 MHz central frequency, 10 MHz
to 90 MHz bandwidth).
A uniform sample illumination is achieved by using a custom-made fiber bundle (CeramOptec GmbH, Bonn, Germany) with four arms arranged around the sample and a
technical drawing of the fiber bundle is shown in Figure A.2 on page 58. The fiber bundle consists of 220 multi-mode silica fibers into which the pulsed laser light is coupled.
The fiber bundle is then separated into four arms, each containing 55 fibers. These
fibers are then arranged into a line with a length of 12 mm. The four linear fiber arrays
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Figure 3.4.: Ultrasound frequencies produced by a 10 µm black microsphere for 1.8 ns (solid
blue line) and 8 ns (dashed red line) excitation pulses. The 8 ns pulse duration does not fulfill
the stress confinement requirements and therefore the signal bandwidth is reduced, resulting in
a reduced image resolution. Plot adapted from [11].

are mounted onto standard optical posts using custom-designed, 3D-printed mounts
and the posts themselves are mounted on a base plate as is shown in Figure 3.3. The
custom-made base plate, shown on the left in Figure 3.3, acts as both the support
for the central rotation stage as well as the mount for the optical posts3 . This design
allows for a highly flexible arrangement of the illumination system with the possibility
to use different illumination fibers and illumination angles, and most importantly to
easily adapt the illumination distances.
The base plate was designed to allow illumination distances between the center of
rotation and the output of the fiber arrays to range from 0 to more than 50 mm. This
dimensioning was based on an experimental characterization of the fiber arrays. The
beam profile as a function of distance was measured and a Gaussian fit was used to
determine the beam diameter. The fiber characterization was performed using the
custom-built beam-profiler and the performed measurement is explained in more detail
in Figure A.3 of the appendix on page 59. The beam width was measured at the
points where the intensity of the light decreased to a value of 1/e2 as compared to the
maximum intensity, i.e. the point where the amplitude drops to 1/e of the maximum,
as is standard for Gaussian beams [116, 129]. The fiber characterization is shown in
Figure 3.5, where the full beam width is plotted against the illumination distance.
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Figure 3.5.: Full width at 1/e2 intensity as a function of illumination distance, measured in
air (dashed, orange line) and calculated in water (solid, green line). Sample diameters between
5 mm and 12 mm require illumination distances between 14 mm up to 40 mm.

Figure 3.5 shows an increase of the beam width for increasing distances, as can be
expected of diverging Gaussian beams. The numerical aperture (NA) calculated based
3

The base plate is not shown in Figure 3.2 for the sake of simplicity and visibility.
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on the beam-width measurements was 0.20, which is in good agreement with the manufacturer’s specifications of 0.22. The divergence of the beam also had to be corrected
for the refractive index of water since the beam profile measurements were performed
in air, while the fibers are immersed in water during the MORSOM measurements.
This results in a less diverging beam (solid, green line) as compared to the divergence
in air (dashed, orange line). The specimens under investigations are embedded in agar
gel and are mounted to the rotation stage using standard medical syringes, resulting
in sample diameters between 5 mm and 12 mm, which are also indicated in Figure 3.5.
To uniformly illuminate these samples, it is therefore necessary to position the fiber
arrays in a distance of at least 14 mm and 40 mm respectively.
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Figure 3.6.: Simulation of the light intensity in the sample area of the MORSOM for different
distances between the sample center and the illuminating fibers. Solid and dashed orange lines
in top-left image indicate plot positions in Figure 3.7.

In order to further investigate the uniformity of the light distribution in the sample
area, the beam profile measurements were analyzed to take into account the superposition of the four linear fiber arrays which are positioned around the sample. The results
of this analysis are shown in both Figures 3.6 and 3.7. The beam profile measurements
were used to create a simulation of the 2D intensity distribution in the sample area for
different fiber distances, which is shown in Figure 3.6 for distances between 10 mm and
40 mm. In order to better assess the homogeneity of the illumination, an additional
plot of the light intensity at the sample center is shown in Figure 3.7 with the plot
directions along the z-axis as well as with a 45 ◦ angle to the z-axis, as are indicated
by the solid and dashed orange lines in top-left image of Figure 3.6, respectively. It
is evident from both figures that the light intensity varies only slightly, i.e. is very
uniformly distributed in the central area around the sample. The Gauss-like profile
of the fiber illumination is still prominent at a distance of 10 mm, as is shown in the
top-left image in Figure 3.6 and as the solid and dashed orange lines in Figure 3.7. At
a distance of 20 mm the profile is already very flat and uniform over the area of the
sample, indicating a very even illumination from all directions, as is shown in top-right
image of Figure 3.6 as well as with the solid and dashed green lines in Figure 3.7.
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Figure 3.7.: Illumination intensity in the sample area for illumination distances between 10 mm
and 40 mm with solid lines being plotted along the z-axis and dashed lines plotted with a 45 ◦
angle to the z-axis (see top-left image in Figure 3.6). Simulated for fibers immersed in water
based on experimental data.

The difference between the maximum and minimum light intensities within the sample
area is less then 10 % as compared to the maximum intensity values for illumination
distances larger or equal to 20 mm.
To further homogenize the light distribution within the sample, intralipid was added
to the agar gel surrounding the specimen. Intralipid is often used to simulate the optical
properties of tissues due to its high optical scattering and low absorption [130]. This
high scattering randomizes the photon propagation path as is described in section 2.3
and shown in Figure 2.3. The simulation shown in Figure 3.6 does not take into account
the light scattering in the sample, since a simulation of these processes requires a full
model of the photon propagation which is beyond the scope of this thesis. However,
the already uniform illumination will only be further homogenized by the scattering.
In conclusion, the simulations in combination with the scattering sample suggest an
illumination distance between 10 mm and 20 mm in order to create a highly uniform
illumination for samples embedded in the standard 5 mm diameter syringes.

3.2. Ultrasound Transducer Characteristics
The MORSOM system, just as its predecessor the RSOM system, works in the mesoscopic imaging regime as was described in section 2.5. This offers a compromise between
penetration depth and image resolution which is favorable for imaging of small model
organisms. This compromise is achieved by using a high-frequency, focused ultrasound
transducer. The focusing and high ultrasound frequency allow for a high axial and
lateral resolution but for increasingly high frequencies, ultrasound absorption in tissue
becomes an issue. The ultrasound transducer used provides a high sensitivity over a
broad frequency range, having a central frequency of fc = 51.1 MHz and a bandwidth of
80 MHz between 10 MHz and 90 MHz. The transducers frequency response is shown in
Figure 3.8. The transducer furthermore has an active aperture diameter of D = 3 mm
and a focal distance of z0 = 3 mm, resulting in an F-number of F# = 1 and an opening
half-angle of φ = 30 ◦ .
The high bandwidth results in an axial resolution limit of δz ≈ 15 µm given by
equation (2.4.4) while the central frequency and F-number result in a lateral resolution
limit of δr ≈ 45 µm, as is given by equation (2.4.7). The utilized transducer therefore
offers a good spatial and lateral resolution while still providing a sufficient penetration
depth due to the moderate absorption of ultrasound frequencies around 50 MHz. It is
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Figure 3.8.: Frequency response of the ultrasound transducer with center frequency fc =
51.1 MHz, peak frequency fp = 55.2 MHz, and lower and upper cut-off frequencies fcl = 10 MHz
and fcu = 90 MHz, respectively. The resulting bandwidth is fcu − fcl = 80 MHz.

in principle possible to use ultrasound transducers with a higher central frequency and
bandwidth. It is then necessary, however, to use smaller sample diameters to account
for the stronger attenuation of the high-frequency ultrasound signals.

3.3. Stage Trigger Optimization
The laser pulses and subsequent measurements at the discrete scan positions along the
x-axis are triggered directly by the fast linear stage, as was described at the beginning
of this chapter. The original RSOM system did not use the stage as a trigger source
but instead a function generator was used to constantly trigger the laser, independently
of the stage movement. The positional information was then simply calculated based
on the movement speed of the stage and the time-stamps provided by the DAQ, which
is illustrated in Figure 3.9.
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Figure 3.9.: The original RSOM triggering scheme for the laser source created both unequal
step sizes ∆x during acceleration and deceleration as well as a shift in the coordinate systems
between the forward and backward scan directions.

If the first laser pulse triggered a measurement at t0 = 0 µs and the next measurement was triggered at t1 = 500 µs, and with an assumed stage speed of 20 mm/s, the
x-position would be calculated to be x = 10 µm. However, this simple position calculation introduced two possible sources of error: Firstly, the calculation assumed an
ideal stage, that would immediately move with a constant speed without considering
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the acceleration and deceleration required by an actual stage. The actual x-positions
are therefore not equally spaced during the acceleration and deceleration phases of
the movement, and the step size ∆x is stretched out as is shown in the bottom of
Figure 3.9. This stretching would therefore affect the reconstruction in the marginal
area of the sample but could be neglected in the central field of view. Secondly, since
the absolute positions are only based on the time stamps provided by the DAQ, the
coordinate system was shifted along the x-direction for the forward and backwards
scan directions, indicated as ∆t in the illustration. The effect of this shift is more
dramatic and leads to a substantial loss of resolution if not corrected during the later
reconstruction step. The time delay ∆t which leads to this shift is influenced by the
step size and resulting speed of the linear stages as well as the load on the stage. This
delay therefore has to be determined according to the performed experiment, which
could cause faulty reconstructions. However the original resolution could be restored
by correcting the shifted coordinate system. Another problem with the old triggering
scheme is the constant output of laser pulses even when no data was acquired, i.e.
when the stage changes its direction or during the sample rotation. This increases the
photo-damage and causes a more rapid photo-bleaching of the chromophores or when
measuring fluorescent samples [131].
To overcome these problems, MORSOM directly uses the linear stage as a trigger
source. The piezoceramic linear stage used has a 50 mm travel range and can achieve
scan velocities of up to 350 mm/s while offering a positional accuracy of 0.1 µm due
to its optical linear encoder (Model M-683, Physik Instrumente GmbH, Karlsruhe,
Germany [132]). This stage, in combination with a suitable controller (C-867 Motion
Controller, Physik Instrumente GmbH, Karlsruhe, Germany), furthermore has the ability to trigger external devices using the digital outputs of the controller, i.e. by using
the so-called “position + offset trigger mode”. This trigger mode is ideal, in combination with the very high positional accuracy of the stage, for triggering the laser pulses
in the raster-scanning mode used in the MORSOM system. However, in order to use
the PI stage as the trigger source, two technical obstacles had to be overcome. First,
the C-867 controller only outputs 50 µs short trigger signals, while the laser requires
150 µs long trigger pulses. Secondly, a proportional-integral-differential (PID) servo
algorithm controls the dynamic properties of the stage (see [133] for a review of PID
controller principles). The default PID parameters of the stage had to be optimized in
order to achieve a stable triggering for the MORSOM system.
The first problem, i.e. the too short trigger pulses created by the controller, was
overcome by introducing an electronic circuit that prolongs the 50 µs pulses to the
required 150 µs. This was achieved by using a simple 555-timer IC in a monostable
configuration [134]. In this configuration, the 555-timer is triggered by the stage controller and then outputs its own trigger pulse with a custom duration. This duration
of the output trigger pulse is determined by the time constant of a resistor–capacitor
network. By varying the resistance and capacity in the circuit, it is possible to adapt
the pulse duration to the required 150 µs. The designed circuit was furthermore extended to also control the laser power, to act as an on/off switch for the laser4 and
to switch between the old triggering scheme using a function generator and the new
stage-triggering. The resulting circuit was then in-house etched, soldered, housed and
placed between the stage controller and the laser.
Using the above described circuit and the “position + offset trigger mode”, it is in
principle possible to trigger the laser source in the MORSOM system. However, the
default PID parameters with which the PID stage is shipped are not optimized for
4

Both the laser power control and the on/off switch were already part of the RSOM system.
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the MORSOM configuration. It is evident from the solid orange line in Figure 3.10a
that the default PID parameters create a large velocity overshoot and cause strong
oscillations, both being a sign of poorly chosen PID parameters. The stage velocity
vx is directly proportional to the trigger frequency f since the stage sends out trigger
signals for discrete step sizes ∆x:
f=

1
vx
=
.
T
∆x

(3.3.1)

The velocity overshoot in Figure 3.10a therefore causes a proportional frequency overshoot, as is shown in Figure 3.10b. With a step size of ∆x = 10 µm and a target
frequency f = 2 kHz, the target velocity of the stage is 20 mm/s. Since the PID parameters are not optimized, the stage instead moves with much faster speeds, resulting
in trigger frequencies as high as 3.4 kHz (orange line in Figure 3.10b). This is almost
twice the target frequency, and since the laser source has a maximum repetition rate of
2 kHz, it will miss some of the incoming trigger pulses. The stage however will continue
its movement and no data will be acquired at part of the scan positions. The acquired
data therefore becomes corrupted and cannot be used to successfully reconstruct the
investigated specimen.
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(a) Velocity Profiles.
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Target Frequency = 2 kHz

2
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(b) Frequency Profiles.
Figure 3.10.: (a) Ideal and real velocity profiles with default (orange) and optimized (green)
PID parameters. The default parameter set shows both a large velocity overshoot and strong
oscillations while the optimized parameters create an almost ideal velocity profile.
(b) Ideal and real frequency profiles for both the default (orange) and optimized (green) PID
parameters. The velocity overshoot shown in (a) creates a proportional frequency overshoot
with a maximum frequency of 3.4 kHz (orange line) while the optimized PID parameters create
only a marginal overshoot resulting in maximum frequency of 2.06 kHz (green line).
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Fortunately, the PID parameters of the stage controller can be accessed and optimized
using a proprietary software provided by the stage manufacturer called “PIMikroMove”.
This software makes it possible to control the PID parameters and to read-out the
positional data plotted in Figures 3.10a and 3.10b. Optimizing the PID parameters
optimizes the dynamic behavior of the the stage, i.e. the overshoot and settling time.
The optimum settings depend on the load and positioning of the stage and were found
empirically. The use of these optimized parameters created the velocity and frequency
profiles shown in green in Figures 3.10a and 3.10b, respectively. With these parameters,
both the overshoot and the oscillations were reduced to a minimum. The maximal
trigger frequency was lowered to only 2.06 kHz, resulting in a small 3 % overshoot as
compared to an overshoot of 70 % when using the default parameters. This ensures a
stable triggering with all trigger pulses actually resulting in a laser pulse and subsequent
data acquisition.
Using this stage-triggering scheme effectively eliminates the problems created by
the simple triggering scheme described at the beginning of this section. The trigger
pulses are now created at discrete positions defined and measured by the accurate linear
encoder of the stage, and therefore neither the unequal spacing of the steps sizes during
acceleration and deceleration does occur, nor does the coordinate shift between forward
and backward scanning. The laser is furthermore only triggered when actual signals
are acquired, i.e. while the ultrasound transducer is moved along the x-axis. The laser
is, however, neither active in the time between the single scans, i.e. when the x-stage
changes its direction, nor before or after the actual 2D raster-scan is performed. This is
especially beneficial for the MORSOM system, since the rotation stage has a maximum
speed of only 7 ◦ s−1 , and therefore it takes almost one minute to fully rotate the sample.
During this time, the laser would be triggered with a rate of 2 kHz in the old system,
whereas now it is completely deactivated during the rotation. Both photo-damage and
photo-bleaching are therefore reduced.

3.4. MORSOM Design Iterations
Considerable effort has been undertaken in the planning stage of the MORSOM system
in order to better explore the possible ways of how to mechanically rotate the samples.
The careful construction of the whole system in a professional 3D CAD program5
allowed a detailed visualization in which potential problems could be easily discovered.
Hence, delays were avoided during the final construction of the system as the custom
mechanical parts were ordered only after the systems functionality was tested in the
3D model.
The starting point of the design process for MORSOM was the existing RSOM system
which was described in detail in previous publications [11, 34]. The MORSOM system
inherited some important parts from the RSOM system, namely the high frequency
ultrasound transducers, the attached electronics, the mechanical scanning stages as
well as the pulsed laser source, all of which have been previously described. In order
to optimize MORSOM for small model organisms, however, it was necessary to significantly change the sample handling and mounting, the fibers used for illumination as
well as the mechanical construction. The core advantage of the MORSOM system is
its ability to precisely rotate the sample in order to measure multiple orientations. The
measurements of the different sample orientations are reconstructed and later coherently added in order to produce the final reconstructed image, as is described in detail
in section 4.1. The precise control of the rotational movement of the sample is therefore
5

The 3D CAD software Autodesk Inventor was used for the mechanical design and rendering.
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necessary in order to not compromise the resolution of the final reconstruction. The
implementation of this rotation was therefore at the core of the design considerations
as to the mechanical design.
Important System Parameter
Design
MORSOM
MORSOM
MORSOM
MORSOM

I
II
III
IIIp

Cost &
Compl.a

Stabilityb

Illuminationc

Sample
Handlingd

Compatibilitye

Flexibilityf

−−
−
+
++

+
−
++
++

−
−
++
++

−
+
++
++

+
+
-

−−
−
+
+

Table 3.1.: Comparison of the most important system parameters between the original RSOM
system and the different MORSOM design iterations. See text for detailed description.
a
compared between the different MORSOM designs, considering mechanical complexity and
manufacturing cost, with −− very costly and complex and ++ inexpensive and simple b stability
of the sample during measurement; c homogeneity and flexibility of the illumination; d ease of
use during measurement; e compatibility with RSOM system; f flexibility for different sample
geometries relative to the existing RSOM system.

A comparison of the iterative design steps which lead to the final design of the
MORSOM system are shown in Table 3.1. The different designs, called MORSOM I
up to MORSOM IIIp will be explained in detail in the following section. The first
MORSOM design iteration, called MORSOM I, is shown in Figure 3.11 on the left.
This initial draft utilized a horizontal sample placement with the ultrasound transducer
being placed vertically above the sample and with the sample being supported from
both ends. This horizontal sample positioning was adopted in order to make MORSOM
compatible with the existing RSOM due to the horizontal water tank and the vertical
transducer positioning above the sample. The rotation stage was positioned to the side
and above the water tank in order to separate it from the water. The torque created
by the stage was transferred onto a shaft using a synchronous belt. This shaft ended
in one end of the sample in order to both rotate the sample and support it from one
side. To transfer the torque onto the other side of the sample, a set of meshing gears
transferred the torque using an additional shaft. The illumination was realized from
the side of the sample and under a slight angle due to the geometrical constraints. It
is apparent from Figure 3.11 that there are several limitations to this design. First,
the mechanics are quite complex, using both the synchronous belt as well as several
gears and shafts. This added complexity makes the system more expensive, more
susceptible to failures and it also introduces positional errors which can compromise
the system resolution. The sample handling and flexibility is also reduced since the
sample has to be inserted underwater and inside the tank where space is very limited.
The illumination adaptability is also limited since the mechanics block part of the
area around the sample, only allowing for illumination from the side. This potentially
reduces the homogeneity of the illuminations, which is one of the main design goals of
MORSOM. This problem could be, in part, overcome by using additional light diffusers
between the fiber ends and the sample. However, this would further increase the cost
and complexity of the system.
The complex mechanics used in MORSOM I were reduced in the next design iteration, called MORSOM II which is shown on the right of Figure 3.11. Again, the
rotation stage was positioned to the side and above the water tank, and the torque was
transferred onto a shaft using a synchronous belt. The shaft was also used to mount
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the sample and it was inserted through a sealed hole in the water tank, allowing for
simpler sample handling and higher system flexibility. The sample was held in place
only from one side, and in order to prevent a bending of the flexible sample due to
gravity, support rods were introduced to hold the sample in place while allowing it to
rotate. While being mechanically simpler, this design was also less stable and accurate
in terms of sample rotation. It would have been very difficult to manufacture and
position the supporting rods and bearings with the required precision, again compromising the systems performance. The illumination flexibility was not improved when
compared to MORSOM I, as mechanical parts were again limiting the positioning to a
sideways illumination scheme.

Rotation Stage
Synchronous Belt
Ultrasound Transducer
Sample
Linear Fiber
Arrays

Meshing Gears
MORSOM I

Water
Tank
MORSOM II

Sample
Support
Rods

Figure 3.11.: Early mechanical design iterations of MORSOM for mounting and rotating the
sample. MORSOM I (left): Rotation realized using a synchronous belt and meshing gears to
support and rotate the horizontal sample from two sides. MORSOM II (right): Rotation also
realized using a synchronous belt while horizontal sample is supported from below.

Due to the problems encountered and the disadvantages described above, MORSOM
III abandoned the horizontal sample position for a vertical one. This vertical positioning is employed in other imaging systems for developmental biology such as light-sheet
microscopes [135] since it avoids many problems encountered when positioning agarembedded samples horizontally. The vertical or hanging position in MORSOM III
reduces the mechanical complexity to a minimum and the stability and accuracy is as
high as possible since the movement of the high-precision rotation stage is directly transferred to the sample. The system is also highly flexible in terms of sample diameters
and the sample handling from above is fast and simple. MORSOM III furthermore has
a higher homogeneity and adjustability compared to the previous iterations since standard mounting posts (the current system configuration uses TR75C/M posts (Thorlabs,
United States) but standard 0.5 in posts can be used) are used to fix the illumination
at various positions and from 360◦ around the sample. While having many advantages,
MORSOM III is no longer compatible with the existing RSOM system. The advantages
of building a new and independent system outweighed the compatibility issue. As a
result, RSOM and MORSOM are now two independent systems that only share the
laser source and the electronics.
The final system, called MORSOM IIIp, was less a design iteration and more a
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material optimization. The cost of manufacturing the custom mechanical parts required
for MORSOM III was quite high, even with the reduced amount of mechanical parts as
compared to the earlier iterations. In order to reduce the manufacturing cost and to be
more flexible for future illumination schemes, the fibers were mounted using custom 3Dprinted parts, as is shown in Figure 3.12. These 3D-printed parts offer rapid prototyping
at practically no cost. While the mechanical stability and accuracy is not as good as for
custom made aluminum parts, it is more than sufficient for mounting the fibers. There
is very little mechanical stress on the 3D printed parts since the fibers are held static
and the positioning accuracy of the fibers is less critical than that of the transducer
and sample. An additional advantage of the 3D printed parts is the reduced corrosion
of the steel fiber ends when mounted to a plastic mount instead of an aluminum mount.

Figure 3.12.: Custom 3D printed fiber mounts, reducing cost and corrosion.

3.5. Sample Preparation
Before imaging a biological specimen in MORSOM, it has to be properly mounted to
allow the free-hanging rotation required for the multi-orientation imaging. This section
will give a very brief description of the steps required to prepare biological samples to
be measured using the MORSOM system. The sample preparation and mounting in
MORSOM was inspired by standard light sheet microscopy due to its similar geometry
and multi-view operation mode [136]. The samples which are prepared therefore are
very similar to those prepared for light sheet microscopes and a very detailed description
of different sample mounting techniques that can also be used in the MORSOM system
is found in reference [135].
The specimens prepared for this work were fixated in an agarose6 hydro-gel (Agarose
Type I, low EEO, Sigma-Aldrich) having a concentration of 1.5 %. Agarose gel is commonly used for biological sample preparation due to its low gel point of 36 ◦ C for 1.5 %.
This makes it possible to prepare a biological specimen without destroying it by heat.
Agarose gel also has a high gel strength at these low concentrations and the resulting
gel behaves basically like mechanically stabilized water which can be easily molded.
Once cooled to room temperature, it is stable enough to avoid movement during sample rotation. Additionally, 1.5 % of Intralipid (a phospholipid stabilized soybean oil,
Sigma-Aldrich) was added to increase light scattering in the sample. This additional
scattering randomizes the photon propagation paths, which further homogenizes the
light distribution in addition to the previously described illumination scheme.
6

Agarose is a purified linear polysaccharide consisting of polymerized galactose isolated from agar or
agar-bearing algae.
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Figure 3.13.: Sample preparation by centrally embedding a biological specimen in a syringe
using an agarose gel with added intralipid to enhance scattering (resulting gel has a milky,
opaque appearance). See text for a detailed description of the sample preparation process.
Image from [135].

In order to fix the specimen in the gel, standard medical syringes were used (Braun
Omnifix-F, 1 ml), as is shown in Figure 3.13. As a first step, the tip of the syringe
is cut off and the syringe is partially filled with gel which solidifies in the syringe.
Then, a groove is cut into the gel to dictate the specimen position (shown as step A
in Figure 3.13). The specimen is then positioned in the center of the syringe (step
B) since a central positioning is advantageous for later data acquisition and image
reconstruction. The sample is then pulled back into the syringe and is fully covered in
gel (shown as step C). Once polymerized, the sample containing the specimen can be
mounted into the rotation stage and it is pushed out of the syringe for imaging.

39

Chapter

4

Results
It’s lots of fun to blow bubbles but it’s
wiser to prick them yourself before
someone else tries to.
Oswald T. Avery in a letter to his
brother Roy

The planning and assembly of the MORSOM system described in Chapter 3 was already a major part of the presented work. However, MORSOM had to be calibrated
and characterized in order to evaluate its performance as compared to other imaging
techniques. This chapter will therefore describe the first experiments conducted with
this new system. The combination of multiple orientations (views) into a final 3D reconstruction required an additional step during the image reconstruction, which will
be described in section 4.1. Next, the system was characterized in terms of its spatial
resolution which will be presented in section 4.2. Finally, a biological specimen was
imaged in order to investigate the capabilities of the MORSOM system for small animal
imaging and these first results will be presented in section 4.3.

4.1. System Calibration for Image Reconstruction
Once the raw data obtained for different orientations is reconstructed using the SAFT
technique explained in section 2.4.3, it has to be combined in order to obtain the final
3D reconstruction. This is done by rotating the reconstruction data along the y-axis
by the amount the sample was rotated during the measurement and is illustrated in
Figure 4.1.
A sample with a single, point-like absorber is indicated on the left for two exemplary
sample rotations of 0 ◦ and 180 ◦ . When the sample is rotated during the measurement, the point-like absorber will also rotate accordingly, as is shown on the bottom
left of Figure 4.1. To recombine the different orientations, it is necessary to rotate
the reconstructed data back, as is shown in the center of Figure 4.1. This is equivalent to a transformation from the individual local coordinate systems of the separate
views, indicated by x0 and z 0 , back to the coordinate system defined by the axis of
rotation. This transformation is performed by back-rotating the reconstructed data by
the amount the sample was rotated during the measurement. For a sample rotation
of 180 ◦ during the measurement, the reconstructed data has to be back-rotated 180 ◦
around the Center Of Rotation (COR). The COR is indicated as xc and zc and is
given by the geometrical center of the rotation stage. If the different reconstructions
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Figure 4.1.: Illustration of the recombination of reconstructions in MORSOM. The sample
is measured and reconstructed with different orientations, the reconstructions are then backrotated and recombined to form the final reconstruction.

are rotated correctly, the final reconstruction data is then simply the sum of all the
different, individually rotated reconstructions, and the signals from different positions
within the samples add up coherently.
However, there is a technical difficulty that has to be overcome to recombine the
different orientations correctly. In theory, the position of the center of rotation along
both the x- and z-axes can be easily determined by the geometry of the system. In
reality, the situation is less trivial since the center of rotation has to be known with
micrometer precision in order to not degrade the resolution of the recombined images.
If there is only a slight error in the assumed position of the rotation axis, the different
reconstructions will not add up constructively, as is shown in Figure 4.2. Again, a
sample with a single, point-like absorber and its point-like reconstruction is used to
illustrate the problem. If the precise COR position is known, as is shown at the top
of Figure 4.2, the points of the different orientations will form a circle around the
center of rotation and if rotated back, they will form a single point with a strong
signal amplitude, as is shown for the recombined views in Figure 4.2. The coordinate
system of the actual measurement, however, might be shifted with respect to the real,
geometrical center of rotation, as is indicated by xs and zs at the bottom of Figure 4.2. If
the individual orientations are then rotated and summed, the recombined image will be
strongly blurred and a meaningful 3D reconstruction cannot be formed. This is shown
in Figure 4.3b, where nine reconstructions of a single microsphere were recombined with
no COR correction. The separate orientations were recorded with angles between 0 ◦
and 320 ◦ and were rotated with 40 ◦ steps. The reconstruction of a single microsphere is
shown in Figure 4.3a. The microspheres reconstructed from the different views can still
be clearly distinguished in Figure 4.3b due to a shifted COR. The microsphere profiles
form a ring instead of a single point, i.e. the reconstruction is no longer accurate and
therefore useless. Thus, in order to utilize the additional information collected by the
MORSOM, the COR has to be shifted to the real geometrical center of rotation prior
to rotating and recombining the reconstructions.
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Figure 4.2.: When different orientations are back-rotated around the true center of rotation (COR) they will form a clear final image with increased signal amplitude. If the backrotation is performed around an incorrect, shifted COR, the resulting recombined image will
be severely blurred. It is therefore necessary to determined the exact position if the COR prior
to the recombination.
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(b) Uncorrected COR
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Figure 4.3.: (a) Reconstruction of a 3 µm microsphere using a single orientation. The reconstruction shows the typical anisotropy between the lateral (x-direction) and axial (z-direction)
resolution. (b) Recombined reconstruction without correction of the shifted center of rotation (COR). The individual microsphere reconstruction do not add up coherently and can be
clearly distinguished. (c) Recombined reconstruction with a corrected COR. The reconstructions add coherently and form a single point with a strong signal amplitude and isotropic
resolution. Dashed white lines in (a) and (c) indicate plot positions for the resolution characterization in section 4.2.
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The exact position of the COR and the required shift has to be known with a precision
better than the axial resolution of the system, i.e. it needs to be known with an accuracy
of only a few micrometers or less. Thermal expansion of the mechanical parts as well as
mechanical stress during the mounting of the sample can easily introduce geometrical
changes in the order of several micrometers. This correction of the COR is called
calibration and has to be carried out for every MORSOM measurement. A simple
optimization algorithm was used1 to find the optimal shifts along both the x- and zdirection since a manual optimization is a cumbersome and time-consuming task. The
optimization is performed by calculating a fitness value in the 2D space spanned by the
possible x- and z-shifts. The fitness value is the difference between the maximum and
minimum signal intensity in the images recombined for different x- and z-shifts of the
COR. If the COR is not correct, as is shown in Figure 4.3b, the different orientations
will not add up to a single point and the resulting fitness function will be close to
that of a single orientation. If, however, the COR is shifted correctly, the separate
orientations will add up correctly and form a single point with a larger signal intensity,
as is shown in Figure 4.3c. The optimization is then performed using brute-force, i.e.
by trying all combinations of x- and z-shifts in a defined range, thereby creating a map
of the fitness values for different shift combinations. This optimization map is shown
in Figure 4.4 where nine orientations with angles between 0 ◦ and 320 ◦ were used for
the calibration.
1

Signal Intensity (a.u.)

−200

z−shift (µm)

−100
0
100
200
−200 −100
0
100
x−shift (µm)

200

0

Figure 4.4.: Optimization map obtained by recombining nine orientations of the microsphere
reconstruction shown in Figure 4.3a with angles between 0 ◦ and 320 ◦ using different x- and
z-shifts. The optimal center of rotation correction for this example was found for an x-shift of
5 µm and a z-shift of 125 µm.

This optimization map shows a distinct maximum at which the coordinates systems
are correctly shifted to obtain the correct COR. Using these corrections to the COR
for the recombination, the different reconstructions of the microsphere will add up to
form a single point, as is shown in Figure 4.3c. The position along the y-axis where the
calibration is performed has to be chosen properly in order to produce a sharp maximum
of the signal intensity. This is typically the case at y-positions where single point-like
structures are present, such as the microsphere shown in Figure 4.3a. The calibration
does, however, also work for more complex samples such as biological specimen. Once
1

The Matlab code that performed the calibration was created by Murad Omar (Technische Universität
München), one of the supervisors of this thesis.
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the required x- and z-shifts are known, they can be used to recombine the individual
3D reconstructions in order to create the final reconstructed 3D image of the sample.

4.2. System Characterization
The microsphere sample that was used above to illustrate the calibration process was
also used to characterize the MORSOM system in terms of the resolution and signal-tonoise ratio (SNR). The sample consisted of 3 µm spheres (polybead black dyed microspheres, Polysciences Inc., USA) embedded within a scattering phantom (1.5 % agarose,
1.5 % intralipid in water, see section 3.5). In order to characterize the system, a reconstruction of a single microsphere, shown in Figure 4.3a, is compared with the recombined reconstruction after calibration, shown in Figure 4.3c. The white, dashed lines
in Figures 4.3a and 4.3c indicate the positions in both the x- and z-directions for the
plots presented in this section.
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Figure 4.5.: Signal profiles along the x-axis (a) and z-axis (b) plotted at the center of the microsphere for a single orientation reconstruction (green lines) and the recombined MORSOM
reconstruction (orange lines). (a) The recombined MORSOM reconstructions shows a more
than seven times larger signal amplitude as compared to the single orientation (amplitudes
normalized to the recombined maximum intensity). (b) The recombined MORSOM reconstructions shows an almost 10 dB better signal-to-noise ratio as compared to the single orientation.
Plot positions indicated by the dashed lines in Figure 4.3.

Figure 4.5a shows a direct comparison of the microsphere profile along the x-direction
for both a single (green line) and the recombined (orange line) reconstructions. The
plot is normalized to the maximum amplitude of the recombined profile in order to
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allow a direct comparison of the signal amplitudes. It is evident that the recombined
signal is both much more narrow and has an amplitude which is more than seven times
larger as compared to the amplitude obtained for a single orientation. In order to
better compare the SNR, Figure 4.5b shows the amplitude profiles of the microsphere
along the z-axis, with both the recombined (orange line) and single orientation (green
line) profiles being normalized to their maximum values. It is evident from Figure 4.5b
that the SNR is also improved by the recombination process. In order to quantify the
SNR improvement, the standard deviation of the background noise in Figures 4.3a and
4.3c was calculated and compared to the respective maximum signal amplitudes. In
decibels, the SNR is defined as


SNRdB = 20 log10

Asignal
,
σnoise


(4.2.1)

with Asignal being the maximum signal amplitude and σnoise the standard deviation
of the background noise. The SNR for a single view was calculated to be 24.0 dB
while the SNR of the recombined reconstruction was 32.3 dB. The SNR was therefore
significantly improved by almost 10 dB for the recombined images as compared to the
single orientations. Both the signal amplitude and SNR will increase with an increasing
number of orientations, since more data sets are summed coherently. However, this
will also increase the time required to both measure and subsequently reconstruct the
samples. Typically, rotation steps between 30 ◦ and 60 ◦ were sufficient to obtain high
quality, 3D reconstructions as will be shown in section 4.3.
Finally, the resolution in both the z- and x-directions was investigated for both a
single orientation and the recombined reconstructions and the results thereof are shown
in Figure 4.6. The position at which the profiles are plotted is indicated by horizontal
and vertical dashed lines in Figures 4.3a and 4.3c. The microsphere’s axial profile,
i.e. along the z-axis, is shown in Figure 4.6a for a single orientation (green, dashed
line) and for the recombined, MORSOM reconstruction (solid, orange line). The size
of the microsphere is well below the resolution limit of the ultrasound transducer,
and it therefore acts as a Dirac-like point source. Its measured Full-Width-at-HalfMaximum (FWHM) therefore can be used to characterize both the lateral and axial
resolution, as is described in section 2.4.2. The resulting axial resolution for the single orientation is δz = 16 µm whereas the MORSOM reconstruction shows an axial
resolution of δz = 23 µm. Both values are in good agreement with the theoretical
predictions and the slight decrease in axial resolution of the MORSOM reconstruction is explained by the smoothing effect of summing over multiple orientations. The
lateral resolution, illustrated in Figure 4.6b, shows a much bigger difference between
the single orientation (dashed, green line) and the recombined reconstructions (solid,
orange line). The measured lateral resolution of the single orientation is δz = 72 µm
whereas the MORSOM reconstruction shows a lateral resolution of δz = 24 µm. The
lateral resolution for a single reconstruction is therefore more than three times worse
than the axial resolution. This resolution anisotropy is a direct consequence of the
raster-scanning techniques and the subsequent SAFT reconstruction. This problem
is effectively overcome by using multiple orientations. The MORSOM reconstruction
shows no significant difference between the lateral and axial resolutions and the recombination improves the lateral resolution by a factor of almost three, from δz = 72 µm
to δz = 24 µm, while only slightly decreasing the axial resolution.
Both the overall resolution as well as the SNR of the MORSOM system are therefore
significantly better when compared to a conventional raster-scan OA imaging system
that only utilizes a single orientation. This has important implications for imaging of
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Figure 4.6.: Signal profiles along the z-axis (a) and x-axis (b) plotted at the center of the
microsphere for a single orientation reconstruction (dashed, green lines) and the recombined
MORSOM reconstruction (solid, orange lines) with all profiles normalized to their respective
maximum amplitudes. (a) The recombined reconstruction shows only a slightly decreased axial
resolution as compared to a single orientation. (b) The MORSOM reconstruction shows an
almost threefold improvement of the lateral resolution as compared to a single orientation.

small model organisms for developmental biology, as will be shown in the following
section.

4.3. Imaging of Small Animals
Once the MORSOM performance was characterized using microspheres, a first biological sample was measured to demonstrate the imaging capabilities for developmental
biology. This first measurement of a biological specimen acts as a proof of concept
of the MORSOM imaging principle and helps to evaluate possible future applications.
The specimen used was a seven-day old, wild-type zebrafish embryo, as is shown in Figure 4.7a. The embryo is well-suited for these first measurements since it displays distinct
stripe patterns in its skin. These patterns are formed by melanin-producing cells called
melanophores which appear black due to the high light absorption of melanin [137,138].
These melanophores form distinct dorsal, lateral, ventral and yolk sac stripes. The location of these stripes is indicated in red in Figure 4.7b and the stripes are also clearly
visible in the microscope image shown in Figure 4.7a (image acquired with an Olympus
SZ61 stereo-microscope).
The highly absorbing melanin in the embryo’s stripes will create a strong optoa-

47

y

x
z

ds
vs

dorsal side

dorsal stripes

ls

lateral stripes

ys

ventral stripes
yolk sac stripe
ventral side

(a)

(b)

Figure 4.7.: (a) Stereo-microscope image of a seven-day old, wild-type zebrafish embryo showing
distinct melanin stripes in its skin; ds - dorsal stripe, ls - lateral stripe, vs - ventral stripe and
ys - yolk sac stripes. (b) Schematic transverse section of a zebrafish embryo indicating the
location of the dorsal, lateral, ventral and yolk sac stripes in red. Image adapted from [138].

coustic signal which can be easily measured with MORSOM. The results of this first
measurement are summarized in Figure 4.8. The figure displays Maximum-IntensityProjections (MIP) along both the x- and z-axes of the embryo. Figures 4.8a and 4.8c
are the result of the reconstruction of a single orientation which therefore correspond to
a RSOM measurement. Figures 4.8b and 4.8d show a MORSOM reconstruction based
on 24 combined orientations obtained with rotation steps of 15 ◦ between 0 ◦ and 345 ◦ .
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Figure 4.8.: (a,c) & (b,d) Maximum intensity projections (MIP) of the embryo shown in Figure 4.7a along the x- and z-axes, respectively. (b,d) MIP using a single reconstruction, corresponding to a RSOM measurement. (c,e) MIP obtained by combining 24 orientations (15 ◦
steps) with MORSOM. The MORSOM reconstruction in (c) shows a more accurate reconstruction as compared to the single orientations reconstructions in (b) whereas (e) shows a
significantly increased resolution along the x-axis obtained with MORSOM as compared to
the resolution in (d). Dashed lines in (b,d) indicate positions of transverse sections shown in
Figure 4.9.

It is clear that the results obtained with MORSOM show a strong improvement as
compared to the RSOM reconstruction. The RSOM reconstruction in Figure 4.8a and
the MORSOM reconstruction in Figure 4.8b show a good resolution which is limited
by the ultrasound transducer bandwidth for both RSOM and MORSOM. Both reconstructions therefore reproduce fine details and the zebrafish stripes are clearly visible.
However, Figure 4.8a shows less anatomical structures as compared to Figure 4.8b.
This is very noticeable in the area where the head of the zebrafish is located, i.e. between y = −250 µm and y = 800 µm. The zebrafish eye at y = 800 µm is clearly visible
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in the MORSOM reconstruction while it is not visible in the reconstruction based on
a single orientation. This is due to the limited angle of acceptance of the ultrasound
transducer, as was explained in section 1.3. OA waves emitted by flat structures, such
as the eye which does not face in the direction of the transducer, cannot be detected
and reconstructed. This problem is overcome by the sample rotation in MORSOM
and will be investigated in more detail below. The MIPs in Figures 4.8c and 4.8d
show an even more obvious improvement when combining multiple orientations for the
reconstruction. The lateral resolution is significantly improved in the MORSOM system, as was shown in the previous section. The MORSOM reconstruction shown in
Figure 4.8d therefore displays substantially more details with a higher image resolution as compared to the RSOM reconstruction in Figure 4.8c. This isotropic resolution
is another important improvement of MORSOM over OA imaging techniques such as
RSOM, which only utilize a single sample orientation.
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Figure 4.9.: Transverse sections of the zebrafish embryo at (a) the posterior trunk (y =
−1150 µm), (b) head (y = 750 µm) and (c) the central trunk (y = 0 µm) with the location
of the sections indicated in Figure 4.8. The zebrafish’s stripes are clearly visible in both trunk
sections at y = −1150 µm and y = 0 µm with ds - dorsal stripe, ls - lateral stripe, vs - ventral
stripe, ys - yolk sac stripes.

The MIPs shown in Figure 4.8 provide a good overview of the embryo but do not
provide much additional information as compared to the microscopic image shown in
Figure 4.7a. The MORSOM data that is reconstructed, however, is three-dimensional
and can therefore be used to visualize structures within the zebrafish body. This
is illustrated in Figure 4.9, where transverse sections in the x-z plane are shown for
different positions along the y-axis. The section positions along the y-axis are indicated
in Figures 4.8b and 4.8d. Position y = −1150 µm is shown on the left of Figure 4.9 and
corresponds to the posterior trunk of the zebrafish. All four stripes, i.e. the dorsal (ds),
lateral (ls), ventral (vs) and yolk sac (ys) stripes can be observed. The zebrafish’s
posterior intestine can be easily located between the ventral and yolk sac stripes. Near
this position, the yolk sac stripe ends when the posterior intestine terminates in the
anus of the zebrafish, as is clearly visible in Figure 4.8b. The central image in Figure 4.9
at y = 750 µm displays a transverse section through the head of the zebrafish. The
outline of one eye is clearly visible in the center of the section. The second eye cannot be
observed in this section since the head was slightly tilted during the measurement (see
Figure 4.8d). Finally, the image on the right of Figure 4.9 shows a transverse section
of the central trunk at y = 0 µm. Again, the dorsal, ventral and yolk sac stripes can
be observed while the lateral stripes are not formed at this position in the zebrafish
embryo.
The transverse section on in Figure 4.9c was further compared to single orientation
reconstructions in Figure 4.10 in order to better visualize the notable improvements
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of the MORSOM reconstruction. Figure 4.10 displays reconstructions with sample
orientations of (a) 0 ◦ , (b) 90 ◦ , (c) 180 ◦ as well as (d) the recombined MORSOM reconstruction that was already shown in Figure 4.9c. The white and red dashed circles
in Figure 4.10 correspond to the same area within this zebrafish (90 ◦ and 180 ◦ orientations have been rotated to allow for an easier comparison). For a sample orientation
of 0 ◦ and 180 ◦ , both the dorsal stripes (white, dashed circle) and the yolk-sac stripes
are visible. However, they are not localized as well as compared to the MORSOM
reconstruction due to the much lower lateral resolution of the single orientations. The
ventral stripes (red, dashed circles), which are clearly visible in the MORSOM reconstruction, are barely noticeable in both the 0 ◦ and 180 ◦ reconstructions. The stripes
face away from the ultrasound transducer when measuring the zebrafish under an angle
of 0 ◦ and 180 ◦ . A large part of the generated OA signal will therefore propagate perpendicular to the transducer axis, i.e. along the x-axis in Figure 4.10. This will result
in a very weak signal since the acceptance angle of the transducer is not large enough
to measures these signals. This effect is further confirmed by the 90 ◦ measurement.
Here, the dorsal stripes (white, dashed circles) create only a very weak signal while the
ventral stripes (red, dashed circles) can be easily distinguished.
Lastly, the amplitude of the signals generated by the zebrafish were compared for the
0 ◦ , 180 ◦ and MORSOM reconstructions and the results are shown in Figure 4.11. The
profiles measured at 0 ◦ (orange line) and 180 ◦ (green line) show very similar signal
amplitudes. This indicates that the sample illumination in the MORSOM system is
very uniform, creating strong OA signals at all positions within the sample. Secondly,
these almost identical amplitude profiles suggest that ultrasound absorption in the
50 MHz range can be neglected for samples having a diameter of 5 mm or less. As
expected, the MORSOM profile shown in purple has the same shape as the profiles
measured for the single orientations, however, the recombined reconstruction obtained
with the MORSOM displays an almost six times stronger signal as compared to the
single orientations.
In summary, the reconstructions acquired with the MORSOM system show more
anatomical information while also offering an improved resolution and SNR. These
characteristics render the MORSOM system highly suitable for imaging of small model
organisms in developmental biology and experimental genetics.
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Figure 4.10.: Signals generated at y = 0 µm for (a) 0 ◦ , (b) 90 ◦ and (c) 180 ◦ sample orientations
compared to (d) the MORSOM reconstruction. The ultrasound transducer cannot detect signals propagating outside of its limited acceptance angle. The white, dashed circles indicate the
location of the dorsal stripes which are clearly visible for 0 ◦ and 180 ◦ orientations but which
are barely noticeable in the 90 ◦ orientation. The ventral stripes, located inside the red, dashed
circles, on the other hand are clearly visible in the 90 ◦ orientation while being barely noticeable in both the 0 ◦ and 180 ◦ orientations. Both stripes are clearly visible in the MORSOM
reconstruction. Vertical dashed lines indicate plot positions in Figure 4.11.
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Figure 4.11.: Signal profiles along the z-axis (plot position indicated in Figures 4.10a, 4.10b and
4.10c by dashed vertical lines) obtained for 0 ◦ (green line), 180 ◦ (purple line) and MORSOM
reconstructions (orange line). The signal amplitudes measured at 0 ◦ and 180 ◦ are very similar, indicating a uniform sample illumination and negligible ultrasound absorption while the
recombined MORSOM profile displays an almost six times larger signal amplitude. Amplitudes
normalize to the maximum value of the 0 ◦ orientation.
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Chapter

5

Conclusion & Outlook
Theories come and theories go. The frog
remains.
Jean Rostand

The purpose of this work was to design and evaluate a new optoacoustic imaging
system in the mesoscopic regime which allows for the optimized measurement of small,
non-transparent animals for developmental biology. The multi-orientation raster-scan
optoacoustic mesoscope (MORSOM) presented here is partially based on a previously
developed system called RSOM, but has significantly improved performance in terms of
resolution and signal-to-noise ratio. This was achieved by optimizing the measurement
and illumination geometry for small, elongated specimen such as zebrafish, Xenopus
tadpoles and Drosophila pupae.
The optimized performance is achieved by rotating a free-hanging sample which is
homogeneously illuminated and that is measured at different angular positions, i.e.
under multiple orientations. It is then possible to greatly increase the lateral resolution and signal-to-noise ratio by coherently combining these different orientations into
a final reconstruction. The lateral resolution was improved from 72 µm for a single
orientation down to only 24 µm for the MORSOM system when using an ultrasound
transducer with a central frequency of 50 MHz. The resolution in the MORSOM system
is now also highly isotropic in the x-z plane, i.e. there is no difference in the axial and
lateral resolution in this plane, which is typically a problem with focused ultrasound
transducers. The measurement of different sample orientations furthermore makes it
possible to image structures which were not visible with the RSOM system due to the
limited acceptance angle of its ultrasound transducer. With RSOM, only structures
which were facing in the direction of the transducer could be measured while structures
facing sideways could not. This was a problem when imaging small model organisms
since only part of their anatomical features could be observed. The MORSOM system overcomes this problem by measuring the specimen from different orientations,
resulting in a more complete reconstruction of the sample.
The illumination system was improved in two ways. Firstly, the illumination is optimized to small, elongated sample geometry by using four linear fiber arrays positioned
around the sample. This is another advantage over the RSOM system where the sample
could only be illuminated from one side. The resulting photon diffusion and absorption
would cause weaker OA signals for structures deeper inside the sample. The beam profile of the fiber arrays used in MORSOM was analyzed and the uniformity and intensity
of the light in the sample area were determined. The distance between the fiber ends
and the sample can now be easily optimized to create a highly uniform illumination in
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the sample area which results in strong OA signals throughout the sample. Secondly,
a more efficient and accurate scanning-stage based laser triggering scheme was implemented. With the new triggering mechanism, trigger pulses are only output when the
ultrasound transducer is scanned over the sample. This reduces both photo-damage
and photo-bleaching and simplifies the later reconstruction process.
The MORSOM system was then used to image a first biological specimen to compare the obtained reconstructions to those obtained with a single orientation and to
showcase its imaging capabilities. The resulting images show a strong improvement
over the RSOM system in terms of resolution and signal-to-noise ratio and hence the
MORSOM system is able to visualize more anatomical structures. The speed of the
MORSOM system is slow as compared to other real-time OA imaging techniques which
utilize lower frequency detector arrays. However, the resolution obtained by using lower
frequency transducer arrays is not sufficient to image small model organisms. Furthermore, MORSOM is still considerably faster and easier than histology or a chemical
clearing and subsequent imaging. While the chemical clearing takes days, MORSOM
images can be acquired within less than one hour.
While it has been shown that the MOROSM imaging principle is very promising,
this work is only the first step in evaluating the system’s full potential. After proving the feasibility and the resulting advantages of the multi-orientation principle for
mesoscopy, the system’s performance now has to be further investigated. Different
biological specimen, such as older zebrafish, Xenopus tadpoles as well as Drosophila
pupae are better suited for OA imaging since they cannot be imaged with standard
light-based microscopy techniques due to their highly opaque bodies and these specimens are very good candidates to be imaged with MORSOM system. More adult
zebrafish are currently being investigated with the use of a higher frequency ultrasound
transducer (100 MHz central frequency). A preliminary result of these investigations
is shown in Figure 5.1. The use of an ultrasound transducer with a higher central
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Figure 5.1.: A 20-day-old zebrafish imaged with the MOROSM system. This preliminary result
obtained with a 100 MHz ultrasound transducer has a high resolution and shows fine anatomical
details.

frequency and bandwidth results in even higher resolution images and more details of
the zebrafish’s anatomy can be observed. The images acquired with both the 50 MHz
and the 100 MHz transducers thus far look very promising. However, the accuracy of
the reconstructions obtained has to be confirmed using alternative imaging techniques
such as histology or lightsheet microscopy.
The samples measured in this work were embedded in agar gal with an additional
1.5 % intralipid in order to further homogenize the light distribution in the sample.
However, the simulations presented in section 3.1 indicate an already highly uniform
illumination and the additional intralipid might therefore not be necessary. While this
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also has to be tested, it would potentially increase the light fluence in the sample area
by a factor of three or more, which would create stronger OA signals and improve the
signal amplitudes even further. The samples prepared without intralipid could then also
be directly used in a lightsheet microscope to confirm the MORSOM measurements.
Finally, in order to make the MORSOM system more useful for developmental biology, the measurement time should be decreased. This can be achieved in a number of
ways, e.g. by using a laser source with a higher repetition rate, by reducing the scanned
sample area and by measuring a lower number of orientations. Ideally, the time required for a complete MORSOM measurement should not exceed 10 min while current
measurements require between than 30 min and 60 min, depending on the sample size.
In conclusion, MORSOM has been successfully built, characterized and used to image
a first biological specimen. MORSOM’s full potential, however, lies in the imaging of
small, non-transparent model organisms. The presented system combines easy sample
preparation and relatively fast imaging with high resolution images at depths well
beyond those which can be achieved by conventional microscopy techniques.
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Appendix

A

A.1. System Overview

Figure A.1.: Rendering of the complete MORSOM system. The water tank in which the sample,
illumination and ultrasound transducer are immersed is not displayed.
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A.2. Fiber Bundle Datasheet

Figure A.2.: Specifications of the line fiber array used for a uniform illumination. Reproduced
with permission from CeramOptec GmbH.

58

Diffusive Screen

Linear Fiber
Array (fixed)

CMOS

A.3. Linear Fiber Array Beam Profiler

Linear Stage

(50 mm Travel Range)

CMOS Camera

Figure A.3.: Custom-build, linear fiber array beam profiling setup. A CMOS camera (LifeCam
HD-3000, 1280 × 800 Px, Microsoft, USA) was mounted on a linear stage (M404.2PD, Physik
Instrumente GmbH, Karlsruhe, Germany) together with a diffuse, semi-transparent screen. The
camera was focused onto the diffuse screen and both camera and screen were moved on the
linear stage while the linear fiber arrays were fixed. The light of a laser diode was coupled into
the fibers and the resulting beam profile as a function of the distance between the fiber end and
the screen was measured for all four fiber ends. The profiling was performed with 500, 0.1 mm
steps between 0 mm and 50 mm. In order to reduce laser speckles, which were created due to
the diffusive nature of the semi-transparent screen, four images were acquired and averaged
for each position (distance). The acquired images were furthermore smoothed by applying a
zero-phase shift digital filter (see “filtfilt” Matlab function) which created a running average
of the individual pixel intensities in the images averaging over the previous and subsequent 12
pixel intensity values.
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