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Abstract

The molecular sensitivity provided by optical photons has potential advantages in
medical diagnostics, for example, in distinguishing healthy from cancerous tissue.
However, scattering resulting from inhomogeneities in the refractive index of tissues
prevents spatially resolved optical measurements in biological material, except at very
shallow depths. This thesis presents research on a medical imaging technique called
ultrasound optical tomography (UOT), which overcomes the limit on resolution re-
sulting from scattering by combining photons and ultrasound. Photons are locally
frequency shifted (tagged) by ultrasonic waves inside the tissue. Optical contrast can
be obtained with ultrasonic spatial resolution by detecting these tagged photons. In
this work, the tagged photons were detected using narrowband optical passband filters
created in rare-earth-ion-doped crystals using spectral hole burning techniques.

The thesis presents UOT measurements using Pr2*:Y,SiOs filters operating at 606 nm,
which characterize the signal strength under various well-controlled experimental con-
ditions. Improved understanding of the performance of an optimized UOT set-up
based on spectral hole burning was obtained by fitting experimental data with theoret-
ical models, indicating that imaging depths of several centimetres should be possible
in biological tissues.

A theoretical comparison of the many UOT methods described in the literature is
presented. The findings indicate that spectral hole burning filters may have better
contrast-to-noise scaling, and thus potentially greater imaging depths, than other
UOT methods such as digital off-axis holography, photorefractive holography, and

speckle contrast imaging.

A major challenge for spectral-hole-burning filter-based UOT to become useful for in
vivo applications, is to identify and develop crystals capable of supporting the required
high-contrast filters at wavelengths within the optical window for tissue (~ 650 —
950 nm). Experimental values of the filter contrast obtained in UOT measurements
in this wavelength range have so far been limited to 14 dB. Based on spectroscopic
measurements, Tm3*:LaF3 is proposed as a candidate for UOT filtering at 690 and
797 nm. Measurements show that a filter contrast above 50 dB is possible at the
690 nm transition for a collimated laser beam. The high filter contrast of Tm3*:LaF3
is expected to be important for the future development of UOT using spectral hole
burning filters.
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Populirvetenskaplig sammanfattning pa svenska

Bildgivande tekniker inom medicinsk diagnostik som magnetisk resonanstomografi
(MRI), réntgen, ultraljud, etc. ir vildigt viktiga i dagens samhille, och har bidragit till
att oka bade livslingden och livskvaliteten for manga minniskor. Beroende pa vilken
vivnadstyp man vill avbilda, fungerar teknikerna olika bra, eftersom det ir olika fysi-
kaliska mekanismer som ger upphov till bildkontrasten. Tekniker som anvinder ljus
har en molekulir kontrast som inte kan fis med andra tekniker, och har dirfor vissa
fordelar. Till exempel, sé ir ljus vildigt bra for att detektera hemoglobinmolekylen i
blodet, och ir det stor skillnad pé hur ljus interagerar med syresatt och icke syresatt
hemoglobin. Det kan man bland annat anvinda for att skilja pa frisk och cancersjuk
vivnad. En teknik som anvinder ljus for att avbilda hjirnan skulle vara vildigt an-
vindbar for att 6ka var forstaelse for hur hjirnan fungerar, och fér sjukdomar som till
exempel stroke, for att ndimna nigra anvindningsomraden.

Det finns dock ett stort problem med att anvinda ljus for att ta bilder inne i kroppen.
Till skillnad fran radiovigorna som anvinds f6r MRI, réntgenstrilning, och ultraljud,
som firdas rakt igenom vivnad, sa sprids ljus kraftigt. Redan efter att ha firdats nag-
ra millimeter inne i vivnaden sa ir ljusets fardriktning helt slumpmissig. Eftersom
man inte vet vilken vig ljuset firdats, tappar man rumsupplésning, och man kan inte
aterskapa en skarp bild. Fér nirvarande finns det dérfor inte nagon medicinsk teknik
som anvinder ljus for att ta skarpa bilder av hjirnan eller andra djupliggande organ i
kroppen.

Denna avhandling handlar om en teknik som heter ultrasound optical tomography
(UOT) som kombinerar laserljus med ultraljud for att kringgd problemet med dilig
upplosning pa grund av spridning. Malet for UOT 4r mojliggora medicinsk avbild-
ning med ljus flera centimeter in i kroppen. Figur 1 visar hur en UOT-mitning fun-
gerar. Laserljus och en ultraljudspuls skickas in i vivnaden. Laserljuset sprids dver ett
stort vivnadsomrade. Ultraljudspulsen diremot kan fokuseras till en liten volym. En
brakdel av laserljuset passerar genom, och vixelverkar med ultraljudspulsen, vilket gor
att ljuset dndrar frekvens (alltsa firgen pa ljuset dndras). I Figur 1 visas det frekvensskif-
tade ljuset med bla pilar, och det icke frekvensskiftade bakgrundsljuset, alltsd det ljus
som inte passerat genom ultraljudspulsen och indrat frekvens, med grona pilar. Aven
om vi inte vet vilken vig det frekvensskiftade ljuset som kommer ut ifrin kroppen har
tagit, sd vet vi att det méste ha gitt genom ultraljudspulsen, eftersom det frekvens-
skiftade ljuset enbart genererats i den volym som ultraljudspulsen upptar. Om man
miter intensiteten pa det frekvensskiftade ljuset nir man skickar ultraljudspulser till
flera olika stillen i vivanden, si kan man en pixel i taget, skapa en bild dir kontrasten
kommer ifran ljuset och upplésningen kommer fran ultraljudet.

xi
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Figur 1: Under en UOT-méatning skickas bade laserljus (gréna pilar) och ultraljudspulser (réd skiva) in i kroppen.
Laserljuset sprids éver ett stort vdvnadsomrade, men en liten del av ljuset gar genom, och véxelver-
kar med ultraljudspulsen, vilket gor att ljuset andrar frekvens (bla pilar). Om man bara detekterar
det frekvensskiftade ljuset kan man ta bilder med ljus djupt inne i kroppen. Man kan separera det
frekvensskiftade ljuset (bla pilar) fran bakgrundljuset (gréna pilar) med bandpassfilter som skapats i
kristaller som innehaller joner av séllsynta jordartsmetaller.

Frekvensindringen som ultraljudspulsen ger upphov till dr dock extremt litet jim-
fort med frekvensen pa laserljuset (ungefir en del pa hundra miljoner). Dessutom,
sd kan bakgrundsljusets intensitet, vara hundratusen ginger hdgre 4n intensitet pa
den frekvensskiftade signalen vi vill mita for att kunna ta en UOT-bild. Vi maste
allesd blockera det starka bakgrundsljuset, som inte innehéller nigon anvindbar in-
formation, eftersom det ljuset inte passerat genom ultraljudspulsen. Detta ir vildigt
tekniskt utmanande, och dven om UOT-konceptet har funnits sedan 1993, och flera
olika metoder for att detektera signalen har undersokts, har man inte lyckats utveckla
tekniken till ett stadie dir den kan anvindas pa sjukhus.

I Lund s undersoker vi hur man kan anvinda kristaller som innehaller joner av sill-
synta jordartmetaller for att filtrera ut den frekvensskiftade signalen. Genom att belysa
jonerna i kristallen med laserljus med samma frekvens som signalen, sd kan man fa
dem att bli genomskinliga for signalen, samtidigt som de blockerar backgrundslju-
set. Man kan skapa ett si kallat bandpassfilter i dessa kristaller, som visar sig ha unika
egenskaper. Filtren kan ha vildigt small bandbredd, hog dimpning, och fungerar obe-
roende av vilken riktning ljuset har genom kristallen, vilket r vildigt anvindbart da
det spridda ljuset limnar vivnaden i alla riktningar. Att samtidigt ha dessa tre filtere-

xii



genskaper dr inte mojligt med nigon annan typ av filter som finns idag.

I denna avhandling presenteras forskning pa ny typ av kristall (Tm3*:LaFs3) for UOT.
Resultaten visar pd en stor potentiell forbattring i filterprestande jamfort med tidigare
anvinda kristaller. Vidare, si presenteras dven UOT-mitningar pa vivnadsfantomer
i syfte att bittre forsta hur signalstyrkan beror pd olika experimentparametar, vilket
forbattrar vér forstaelse for hur et optimerat UOT-system kan presentera. Resultaten
tyder pa att UOT med hjilp av vara kristaller, skulle kunna anvindas for att ta bilder
pa mycket storre djup dn vad som dr mojligt med andra tekniker idag, och till exempel,
sa skulle man kunna hitta tuméren som ligger gomd flera centimeter ner i vivnaden
i Figur 1.
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Chapter 1

Introduction

Imaging techniques are very important in modern medicine, and have contributed
to increasing both the life span and quality of life for many patients. Technologies
such as ultrasound, X-rays, and magnetic resonance imaging (MRI), etc., are used to
image deep inside the human body at hospitals around the world. These modalities
have different contrast mechanisms and resolution, making them suitable for different
medical diagnostic applications.

Ultrasound, for example, produces images of anatomical structures by measuring the
reflections of acoustic waves from tissues with different acoustic impedance. Blood
flow can also be visualized by measuring the Doppler shifts in the reflected acoustic
waves, but the functional imaging capabilities of ultrasound are limited. The con-
trast in conventional X-ray imaging is based on differences in the atomic number of
the constituents of various kinds of tissue. Tissues containing elements with a rela-
tively high atomic number, such as bone (containing calcium), attenuate X-rays more
strongly than soft tissues. Similarly to ultrasound, X-rays are primarily good for pro-
viding structural information. MRI is based on the use of radio frequency (RF) waves
to probe the magnetic properties of hydrogen nuclei, and can provide both structural
information and some functional information, such as blood flow. MRI is especially
useful for imaging soft tissues and can, for example, differentiate between white and
grey brain matter. However, MRI is expensive, and the imaging rate is slow.

Optical imaging techniques are sensitive to the local chemical composition of tis-
sue, and thus provide spectral information not available with other imaging modal-
ities. The possibility of targeting specific molecules in tissue has several potential
advantages. For example, light is sensitive to both deoxyhaemoglobin (Hb) and oxy-
haemoglobin (HbO3). Quantification of the concentrations of Hb and HbO> allows



the oxygen saturation and blood volume to be determined, which, for example, are
useful indicators in differentiating between healthy and cancerous tissue.

However, a major problem associated with optical imaging techniques is maintaining
the resolution with increasing tissue penetration depth. Unlike X-rays, ultrasound,
and RF waves, which propagate ballistically through tissue, light is strongly scattered.
Below depths of ~1 mm, the path of the light in tissue is random, leading to loss
of spatial resolution in conventional optical methods. Nonetheless, optical imaging
techniques are very useful in many diagnostic applications.

Microscopy can be used to study the optical absorption of thin tissue samples (up
to ~1 mm), where the photon trajectories only deviate minimally, allowing for high
spatial resolution. Thin tissue sections can thus be examined under a microscope for
evidence of cancer. Diffuse optical tomography can be used, for example, to char-
acterize breast tumours. This technique employs multiple near-infrared light sources
and detectors. The diffuse transmission from each of the light sources to each of the
detectors is measured, allowing images to be reconstructed. However, the spatial res-
olution is limited to approximately 1/3 of the imaging depth [1]. Optical contrast
techniques that provide better spatial resolution at depths of several centimetres are
thus desirable.

1.1 Imaging beyond the optical scattering limit

Methods that combine light and ultrasound are being developed to extend optical
imaging depths in biological tissues beyond the limit imposed by light scattering.
Apart from the molecular contrast provided by such methods, the energies involved
in both ultrasound and optical imaging are safe, in contrast to ionizing X-rays.

Current state-of-the-art ultrasound-assisted optical imaging of tissues is performed
using photoacoustic tomography (PAT) [2]. In this method, the target tissue is irra-
diated with nanosecond laser pulses. The laser pulse is absorbed by molecules in the
tissue, and the energy is converted into heat, causing thermoelastic expansion. This
generates ultrasonic waves that can be detected with one or more ultrasound trans-
ducers to form an image. PAT provides molecular contrast images with a resolution
of about 1/200 of the imaging depth [2]. This allows biological structures with a
wide range of sizes to be studied, and sub-millimetre resolution is thus achievable at
depths of a few centimetres. [z vivo studies have shown promising results for PAT
as a diagnostic tool for breast cancer [3]. The technique is also being investigated for
human brain imaging [4], as well as other applications in biology and medicine [2].
PAT systems for both clinical and pre-clinical research are commercially available.



Another, less mature, ultrasound-assisted optical imaging technique is known as ultra-
sound optical tomography (UOT) (or acousto-optical tomography) [s, 6]. In UOT,
the tissue is irradiated with both laser light and ultrasound pulses. A fraction of the
scattered light passes through the ultrasound pulse and acquires a frequency shift via
the acousto-optic effect. Optical contrast images with ultrasound resolution can be
constructed by detecting the frequency-shifted light, while scanning the region of in-
terest with the ultrasound pulse. Several coherent methods have been developed to
detect the UOT signal. Although promising results have been obtained using tissue
phantoms, the speckled light field resulting from multiple wave interference, and its
rapid temporal decorrelation due to internal tissue motion, have made it difficult to
translate these techniques to 7z vivo applications. Incoherent filtering of the UOT
signal using spectral hole burning materials is insensitive to speckle deccorrelation,
but requires a more complex set-up and cryogenic cooling. Unlike PAT, there are, to
the best of the author’s knowledge, no commercially available UOT systems. How-
ever, theoretical calculations by Walther et al. [7] indicate that an optimized spectral
hole-burning-based UOT system would outperform PAT in terms of the contrast-to-
noise ratio, and could thus be used to image deeper into tissue, or would provide a
better contrast-to-noise ratio at shallow depths. Applications of UOT could include
the detection and monitoring of cancer tumours, or imaging of the frontal part of
the heart muscle [7] or the human brain [8]. However, further research is required
on both the materials and the technique before this potentially powerful imaging tool
can be applied in vivo.

1.2 Aim and outline

The aim of the research presented in this thesis was to further develop the UOT tech-
nique towards imaging in biological tissues at depths of several centimetres. Spectral
hole burning filters [9, 10], which are created using optical pumping techniques in
rare-earth-ion-doped crystals, were used for signal detection. An important part of
this work was the identification and development of filter materials capable of sup-
porting high-contrast filters at wavelengths suitable for biomedical applications.

Chapter 2 briefly discusses the interaction between light and tissue, while Chapter 3
provides the background to rare-earth-ion-doped crystals. Chapter 4 describes the ba-
sic principles of UOT, and presents a comparison between different detection meth-
ods (Paper VI), and UOT measurements made using spectral hole burning filters at
606 nm (Papers I, III & IV). Chapter 5 presents investigations into novel spectral
hole burning materials for UOT at wavelengths suitable for biomedical applications
(Paper V). Chapter 6 provides a summary and future outlook. Appendix A describes
the design of an optical pulse shaping system, and a method for measuring the optical



path length change of optical fibres with temperature (Paper II).



Chapter 2

Light propagation in tissue

Biomedical optics relies on a good understanding of how photons propagate through
and interact with various kinds of tissue. Biological tissue is very complex and may
contain many constituents such as cells, proteins, lipids, etc., with a wide range of
sizes, and a generally unknown distribution. The optical properties of different tissues
can therefore vary by as much as an order of magnitude and the values presented in
the literature can vary considerably for the same type of tissue. A review of the optical
properties of tissues can be found in Ref. [11]. This chapter is mainly concerned with
the absorption and scattering of light in tissue. Knowledge of these properties of
tissue will be important in subsequent chapters, as they greatly affect the imaging
depth achievable with the UOT technique, and must be considered when estimating
the imaging capabilities of the technique (Chapter 4), and when choosing suitable
operating wavelengths for in vive application (Chapter ).

2.1 Optical absorption in tissue

Optical absorption is the process in which matter takes up the energy of an incom-
ing photon. This energy can, for example, be converted into heat, or re-radiated as
fluorescence. The absorption coeflicient, 1, is the probability of an absorption event
occurring per unit distance travelled in a material, such that the transmittance T for
a path length Ly, is described by the Beer-Lambert law.

T = e_l’lﬂLP (Z.I)

Several different constituents of tissue are responsible for the absorption of optical
photons. The absorption spectra for some common tissue constituents are shown in



Figure 2.1. At wavelengths below ~ 650 nm, the absorption coeflicients of deoxy-
haemoglobin (Hb) and oxyhaemoglobin (HbO,) in the blood are very high, which
severely limits the photon penetration depth achievable, and renders these wave-
lengths unsuitable for deep tissue optical imaging. The absorption coeflicient of water
is low in the visible region. However, for wavelengths in the near-infrared region the
absorption by water is significant. This leads to the so-called tissue optical windows or
therapeutic windows, in which the maximum optical penetration depth is achieved.
Figure 2.1 highlights the first optical window between ~ 650 — 950 nm, which is the
wavelength range mainly considered for the research presented in this thesis. How-
ever, a second optical window between 1100 — 1350 nm, as well as a third and fourth
window at even longer wavelengths are also discussed in the literature [12].
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Figure 2.1: Absorption spectra for some important tissue constituents. The Hb and HbO, spectra are plotted
using the data compiled by Prahl [13]. The water spectrum was originally measured by Hale et
al. [14] and retrieved from Prahl [15]. Note that the y-axis is logarithmic.

It can be seen in Figure 2.1 that there is a considerable difference in the optical ab-
sorption spectra of Hb and HbOjy. In the ~ 650 — 700 nm region, the absorption
coeflicient of Hb is about one order of magnitude greater than that of HbO,. At
about 800 nm, the absorption coeflicients for Hb and HbOj are equal, a so-called
isosbestic point. At longer wavelengths, the absorption coeflicient of HbO3 is greater.
The differences in these spectra allow two or more wavelengths to be combined to
quantify the relative concentrations of Hb and HbO3, and thus calculate the tissue
oxygen saturation.

Different kinds of tissue have different amounts of blood, water, and fat, etc., resulting
in different absorption spectra. The spectrum of generic tissue can be estimated by
summing the individual tissue constituent spectra [11]. For example, for a tissue where
only Hb, HbO3, and water contribute to absorption, the spectrum can be calculated
as:

1a(0) = BySon i + By(1 = So )l + W (2.2)

a



where B, is the average blood volume fraction, So, is the oxygen saturation, W is the
water content, and A is the wavelength. The absorption spectra for Hb, HbO2, and

deox o .
water are denoted p, ¥ paxy, and p)'®, respectively. An example of such a spectrum

is shown in Figure 2.2, where the tissue is assumed to have an average blood volume
fraction of 4% and oxygen saturation of 85%. This is similar to muscle tissue, but
other constituents such as connective tissue, fat, and myoglobin (a protein) could
also contribute to light absorption [7]. In the example shown in Figure 2.2, water
mainly starts to contribute to the absorption at wavelengths longer than 900 nm. At
shorter wavelength the absorption is almost exclusively caused by blood.
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Figure 2.2: Absorption spectra for generic tissues calculated based on Equation (2.2). The blood volume frac-
tion, oxygen saturation, and water content of the tissue are denoted By, Sp,, and W, respectively.

2.2 Optical scattering in tissue

Light scattering is the process causing a photon to deviate from a straight trajectory
due to inhomogeneities in the refractive index of the tissue, and is the dominant light-
tissue interaction in the near-infrared optical region. When light enters a thick tissue,
the photons will follow multiple paths as shown in Figure 2.3, and will leave the tissue
with random directions and phases. It is this randomization of photon paths in tissue
that prevents spatially resolved optical imaging at greater tissue depths, and make
techniques such as UOT, which overcome this problem, interesting to pursue.



Tissue

Figure 2.3: Optical photons are strongly scattered by tissue and therefore propagate over many different
paths. The scattering mean free path (1/ys) and transport mean free path (1/u}) discussed below
are illustrated in the figure.

The multiple scattering events that occur in tissue and their complex microscopic
structure motive a statistical description of the scattering properties of tissue. The
scattering coefficient, (i, is introduced to describe the probability that a scattering
event occur per unit path length. Its inverse is called the scattering mean free path,
and is the average distance a photon can travel in tissue between scattering events.
The size of the scattering particles is mostly of the order of the optical wavelength or
larger, and from Mie theory it follows that the scattering then occurs mostly in the
forward direction. An averaged parameter called the anisotropy factor g = (cos8)
is introduced to describe the relative amount of forward scattering, where 6 is the
deflection angle from the original trajectory due to the scattering event. If g =0,
the scattering is isotropic, and if g = 1, scattering occurs only in the forward direction
(i.e., there is no scattering). For biological tissues g ~0.7—0.9. The reduced scattering
coefficient is expressed by combining s and g.

pe=ps(1-g) (2.3)

The inverse of the reduced scattering coefficient is called the transport mean free path,
and is the average distance a photon can propagate in a tissue before its propagation
direction is randomized. The reduced scattering coefhicient decreases for longer wave-
length and its wavelength dependence can be written [11]:

e as(%)_bs (2.4)

where Ag is a reference wavelength, a; is ) at Ao, and by is called the scattering power.
The reduced scattering coefhicient is plotted for breast and muscle tissue in Figure 2.4
based on Equation (2.4) and average values of as and by given by Jacques [11]. It
can be seen that the reduced scattering coefficient is typically ~ 10 cm™!. Photons
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therefore propagate ~ 1 mm before their path becomes randomized, and this is there-
fore typically the limit for conventional optical imaging techniques. Tissues with a
higher amount of fat, such as breast tissue, are generally expected to be more strongly
scattering compared to, for example, muscle tissue. Variations in tissue scattering can
be indicative tissue health status. The UOT technique investigated in the presented
thesis work can image differences in optical scattering [16].
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Figure 2.4: Reduced scattering coefficient of breast and muscle tissue plotted using Equation (2.4) based on
averaged parameters given by Jacques [11].

2.3 Speckle

As photons propagate over many different paths through tissue, multiple wave inter-
ference causes a speckle pattern of bright and dark spots to be formed, as shown in
Figure 2.5. For thick tissue samples, the speckles are expected to be uncorrelated with
random phases and are de-polarized. The size of these speckles on the tissue surface
is of the order of the optical wavelength assuming that the numerical aperture of the
speckle grain in the output plane is one. The smallest possible speckle size that can
be imaged on a camera is then inversely proportional to the numerical aperture of the
detection set-up. Living tissues are dynamic, and the scattering particles will move
with time due to physiological motion such as blood flow. This causes the speckle
pattern to move, that is, it decorrelates. This decorrelation typically takes place on
time scales of ~ 0.1 — 1 ms in human tissue [17], and decreases for thicker tissues due
to the increased number of scattering events. This has been demonstrated iz vivo in
the mouse brain by Qureshi et al. [18].
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Figure 2.5: Theoretical speckle pattern formed due to multiple wave interference, calculated using the algo-
rithm presented by Duncan et al. [19].

The motion of scattering particles can be quantified by analysing the temporal and
spatial statistics of speckle patterns. This is done in laser speckle contrast imaging to
image blood flow [20]. The motion is, however, a problem in many ultrasound optical
tomography methods, as a single acousto-optic signal has to be acquired within the
correlation time, as will be further discussed in Chapter 4.
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Chapter 3

Rare-earth-ion-doped crystals

The rare-earth elements are scandium, yttrium and the 15 lanthanides included in
Figure 3.1. Several of the rare-earth elements were discovered in and are named af-
ter the Swedish mining village Ytterby. Their abundance in the Earth’s crust varies,
but they are not necessarily as rare as their name may suggest. Cerium, for exam-
ple, is around the 25th most abundant element [21]. Promethium on the other hand
is radioactive, and therefore does not occur naturally. Rare-earth elements are used
for a wide range of important applications in today’s society. Erbium-doped ampli-
fiers enable long-range optical fibre communication, and thus the modern internet.
Rare-earth elements are also used in electronic components, lasers, magnets, medical
devices, fluorescent lamps, etc.

Tm-doped LaF;

57|_a 58Ce 59Pr 60Nd 6‘IPm GZSm 63Eu 64Gd 65Tb 66Dy 67H0 68Er 69Tm 70Yb 71Lu

Figure 3.1: The rare-earth elements and their position in the periodic table. The photograph shows an LaF3
crystal doped with thulium. The figure was inspired by Ref. [22].

Inorganic crystals doped with rare-earth elements offer unique properties when cooled
to <5 K, such as extremely narrow optical transition linewidths and very long life-
times of hyperfine states. Such materials, are currently being investigated for quantum
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information and quantum communication applications [23], laser frequency stabiliza-
tion [24, 25], RF spectrum analysis [26], and UOT [9, 27—29], the medical imaging
technique that is the topic of this thesis.

This chapter gives a brief overview of rare-earth-ion-doped crystals, and presents the
phenomena observed in these materials that are important for the UOT technique.
This includes spectral hole burning and slow light, which are important concepts for
detecting the UOT signal in the present work. Multi-phonon relaxation is also briefly
discussed, as it is relevant for the studies of UOT filter crystals with low maximum
phonon energies presented in Chapter 5. Further details on the spectroscopic prop-
erties of rare-earth-ion-doped crystals can be found, for example, in Ref. [30].

3.1 Energy level structure

Rare-carth elements often occupy triply ionized charge states when doped into crys-
talline hosts. The electron configuration of most lanthanides is then [Xe]4f", where
N is the number of valence electrons. The transitions relevant in the work presented
in this thesis occur between states within the 4f shell. The completely filled 5s and
5p shells extend spatially further out than the 4f shell, shielding the 4f electrons from
environmental perturbations. Their energy levels therefore remain very similar to the
free ion energy levels. Although 4f-4f transitions are forbidden in the free ion (since
the parity of the state is unchanged), the small perturbations caused by the crystal
field distorts the inversion symmetry, making these transitions weakly allowed.

Figure 3.2 shows the general energy level structure of rare-earth-ion-doped crystals.
Coulombic interactions split the 4N configuration into terms labelled 25T L. Each
term is further split by the spin-orbit interaction into levels labelled 25*!L;. L, S, and
J are the total orbital angular momentum, the total spin angular momentum, and the
total angular momentum, respectively. The electric field of the host crystal splits each
level into a maximum of 2]+ 1 crystal field levels. For ions with an odd number of
electrons and thus half-integer spin S, so-called Kramers ions, the crystal field levels
remain at least doubly degenerate. For jons with an even number of electrons, the
degeneracy can be completely lifted. The crystal field levels can be further split by ad-
ditional interactions, such as hyperfine, nuclear quadrupole or Zeeman interactions.
For the applications relevant for the presented thesis work, it is transitions between
the lowest energy crystal field level in the ground state to the lowest energy crystal
field level in an excited state that display the desired properties such as narrow transi-
tion linewidths. These are the so called lowest-to-lowest transitions. Unless otherwise
stated, it is understood that it is these transitions that are being referred to. Frequency
splittings and population redistribution among hyperfine levels will become relevant

14



concepts in subsequent chapters.
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Figure 3.2: General energy level structure of rare-earth-ion-doped inorganic crystals. The interaction strength
decreases when going from left to right in the figure.

3.2 Transition linewidth

A two-level transition has an associated frequency width over which it absorbs and
emits radiation. For a single rare-earth dopant in a crystal, this frequency width,
called the homogeneous linewidth I'y, can be extremely narrow. Linewidths down to
~ 100 Hz have been measured in Er3*:Y»SiO5 and Eu3*:Y»SiOs5 [31, 32], which are
the most narrow optical linewidths measured in solids. The homogeneous transition
linewidth can be written:
1 1

ry= 7'[_T2 = TTl + Lother (.1
where T> is the coherence time, and Tj is the radiative lifetime of the excited state.
Ty thus ultimately limits the linewidth. The long excited state lifetimes observed in
rare-earth-doped materials (up to several ms), correspond to very narrow Tj-limited
linewidths. However, even at cryogenic temperatures, the lifetime limit is seldom
fully met, due to other mechanisms causing linewidth broadening, which in Equa-
tion (3.1) are encapsulated in ', Examples of broadening mechanisms are phonon
absorption, emission, and scattering, and spin flips, etc.

3.2.1 Inhomogeneous broadening

In a doped crystal, the rare-earth-ions randomly replace host ions in the crystal lattice.
The ionic radius of the rare-earth-ions will not exactly match that of the host ions they
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replace, which causes local distortion of the crystal lattice, and the dopant ions expe-
rience slightly different surrounding electric fields. At cryogenic temperatures, the re-
sulting Stark shifts in the transition frequencies can be orders of magnitude larger than
the homogeneous linewidth of a single ion. This gives rise to inhomogeneously broad-
ened transitions, as shown in Figure 3.3. The inhomogeneous linewidth, Ty, typically
ranges from ~ 1 GHz up to ~ 100 GHz depending on the rare-earth-ion-doped ma-
terial. The peak absorption coefficient is denoted @, which varies widely between
rare-earth-ion-doped materials and transitions, and depends on the rare-earth doping
concentration. The absorption coefficient usually increases linearly with doping con-
centration to a certain level where it saturates, and eventually a point is reached where
adding more of the rare-earth-dopant only increases the inhomogeneous linewidth.
An example of a rare-earth-ion-doped crystal with high absorption is 1"1Yb3*:YVOy,
in which a transition with ag = 450 cm™! has been measured for a doping concen-

tration of 100 ppm [33].
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Figure 3.3: At cryogenic temperatures the rare-earth optical transitions are inhomogeneouosly broadened
with linewidth T;. The homogeneous linewidth I} can be orders of magnitude narrower. The
peak absorption coefficient is denoted ay.

3.3 Spectral hole burning

The inhomogeneously broadened transitions allow optical pumping of a narrow fre-
quency range of the absorption profile. Consider a three-level system consisting of a
ground, excited, and metastable state, as shown in Figure 3.4(a). The lifetime of the
metastable state is much longer than the lifetime of the excited state. Initially, all ions
occupy the ground state. When a rare-earth-ion-doped material is irradiated with
narrow-linewidth laser light with frequency fy, ions within a narrow frequency band
of the inhomogeneous absorption profile, will be transferred to the excited state. This
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results in a decrease in the absorption at the laser frequency, called a spectral hole, as
shown in Figure 3.4(b). The minimum spectral hole width is limited by the homo-
geneous linewidth of the rare-earth ion. On timescales shorter than the excited state
lifetime, the spectral hole is the result of population storage in the excited state. In
the current example, the population decays from the excited state into the long-lived
metastable state. Eventually, all ions may be transferred into the metastable state,
and the spectral hole is due to population storage in the metastable state. Spectral
hole lifetimes vary by several orders of magnitude, depending of the nature of the
metastable state. In Eu3*:Y,SiOs, an impressive spectral hole lifetime of ~ 1 month
has been measured due to population storage in the hyperfine levels in the ground
state [34, 35].
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Figure 3.4: Principle of spectral hole burning in a three level system with a ground, excited, and metastable
state. (a) Only ions at frequency fj are considered. (i) Initially, the ions absorbing at fj populate the
ground state. (ii) Applying a laser field of frequency fy transfers ions to the excited state. (iii) From
the excited state the ions can decay to and be stored in the long-lived metastable state. This process
generates a dip in the inhomogeneous absorption profile of the material at the laser frequency f,
called a spectral hole as shown in (b).

3.3.1 Hyperfine hole burning

For systems with two or more closely lying ground and/or excited states, more com-
plex patterns of spectral holes can be observed. For example, consider a system with
two ground states and two excited states as shown in Figure 3.5. The splitting of the
ground (Ag) and excited states (Ae) are much smaller than both the inhomogeneous
broadening and the thermal energy, kg T, where kg is the Boltzmann constant and
T the absolute temperature. The ground states are therefore equally populated in the
absence of external influence. If a laser field with frequency fy is applied, it will be
simultaneously resonant with all four transition, in four different so-called classes of

17



ions, due to the inhomogeneous broadening. For each class of ions the laser field will
empty the ground state from which it is resonant, via the excited state, transferring
the ions to the other ground state, as shown in Figure 3.5(a). The decrease in absorp-
tion at the original laser frequency fy is the main spectral hole. However, there is
also less absorption at transition frequencies of fy+ Ae (indicated by green arrows in
Figure 3.5(a)), resulting in the appearance of so-called side holes. Similarly, the redis-
tribution of population results in an increase in absorption at transition frequencies
foxAg, fot(Ae+Ag), and fy+(Ae—Ag), (indicated by blue arrows in Figure 3.5(a)),
which are called antiholes. Spectral hole burning can be a powerful spectroscopic tool
for measuring the splitting of the excited and ground states, since the frequency posi-
tions of the side hole and antihole depend on the splitting of the ground and excited

states.
(a) (b)
4 4 T 4
R E
24 A 44 2A
H Ae
=l | - =T
o : p
H \, /
! \ /7

<.-.----..---..---------...-----
[@==mmmmncmcnnccecccaaaaa

5 Inhomogeneous

"5_ absorption profile

iV, ey 2

= & ‘
(1 () (3) 4 f, Frequency =

Figure 3.5: (a) The laser at frequency fy is simultaneously resonant with four transitions, one in each of the
four classes of ions, due to the inhomogeneously broadened absorption profile. The redistribution
of ions between the ground states due to the applied laser field results in a main spectral hole at
fo. side holes at transitions indicated by the green arrows, and antiholes at transitions indicated by
the blue arrows. (b) Typical spectral hole pattern with side holes and antiholes on either side of
the main hole.

3.4 Slow light

The speed of light in vacuum, ¢, is the ultimate limit on any information-carrying
signal, and has been defined since 1983 as exactly 299 792 458 m/s. From a human
perspective, this is an almost incomprehensible speed, and light could, for example,
travel seven times around the Earth in slightly less than one second. There are, how-
ever, ways of significantly reducing the speed of light, in order to obtain so-called
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slow light, by creating spectral regions with very high dispersion. This is possible, for
example, using spectral hole burning in crystals, Bose-Einstein condensates [36], or
hot atomic gases [37]. Potential applications for slow light include telecommunica-
tions [38], laser frequency stabilization [24], and medical imaging with UOT [9].

A monochromatic electromagnetic field propagating through a material with refrac-
tive index n, interacts with the atoms in the material, causing the electrons around
the nuclei to oscillate, and these in turn will radiate their own electromagnetic fields.
The total contribution from all electrons is a field with lower amplitude that lags be-
hind the incoming electromagnetic field. The total electromagnetic field propagating
through the material will be the sum of the incoming and electron-induced fields and
it does so at a speed vy = c/n, called the phase velocity.

However, electromagnetic radiation is never truly monochromatic, but contains a
range of different frequency components. Consider an optical pulse as shown in
Figure 3.6. The maximum amplitude of the pulse occurs at the position where the
frequency components that make up the pulse maximally constructively interferes. If
the medium through which the optical pulse is propagating is absorptive, it must also
have a frequency-dependent refractive index. This is necessary because the absorption
of frequency components of a pulse must involve phase changes of other components
to not contradict causality [39].
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Figure 3.6: A pulse and three of its frequency components. In the case of a frequency-dependent refractive
index, the different components will propagate at different phase velocities vp,, Vp.br and vp.

However, the pulse propagates at the group velocity v, which may be different from the phase
velocities.

Due to the frequency-dependent refractive index, the individual frequency compo-
nents of the pulse will propagate at different phase velocities, which may all be close
to ¢. However, the sum of the frequency components, which is the actual pulse, can

propagate at a significantly different speed. The group velocity is the speed of the
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maximum of the envelope of the pulse, and is given by:
c

Vg = —n+wg_z (3.2)
where w is the angular frequency. For a visible optical pulse propagating through a
piece of normal glass, which has its absorption in the ultraviolet wavelength range,
the term wg—z is negligible, and the pulse will travel at a speed very close to c/n. For
an optical pulse propagating inside a spectral hole, it is possible to have almost zero
absorption at the frequency of the spectral hole, and high absorption less than a MHz
away. The Kramers-Kronig relations can be used to calculate the frequency-dependent
refractive index across such a spectral hole. As illustrated in Figure 3.7, there will be
a rapid increase in the refractive index with frequency within the passband of the
spectral hole. The term a)g—z in Equation (3.2) can then be very large, and group
velocities several orders of magnitude lower than ¢ are possible. For a square-shaped
spectral hole with width Ty, the group velocity can be approximated to [24]:
_ nzrhole

Vg = (3.3)

Fout
where @y, is the absorption coefficient outside the spectral hole. As will be seen in
Chapter 4, this slowing of light due to strong dispersion inside spectral holes can be
used for medical imaging with UOT.
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Figure 3.7: A square-shaped spectral hole (grey) and the real part of the refractive index (red). A rapid in-
crease in refractive index with frequency can be seen within the passband of the spectral hole. The
refractive index of the host crystal is denoted ng.

3.5 Multi-phonon relaxation in rare-earth-doped crystals

The constituents that make up a crystal, for example, ions, are arranged in a highly
structured three-dimensional pattern held together by inter-atomic forces, forming a
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crystal lattice. The ions can vibrate around their equilibrium positions, generating
mechanical waves in the lattice. Phonons are quanta of such crystal lattice vibration.
A crystal will have a characteristic phonon spectrum, and a maximally allowed phonon
frequency, called the phonon cut-off frequency, wp. In the Debye model of phonons,
the cut-off frequency is expected to be [40, 41]:

M
wp o N3 > (3.4)

where Ny is the number of ions per unit volume, M is the elastic modulus, and p is

the density.

In a rare-earth-ion-doped crystal, an upper 2*1L; energy level can decay to a lower
25+11; level by emitting multiple phonons that carry away the energy difference be-
tween two levels. Phonon relaxation rates decrease exponentially with the number
of phonons required to bridge the energy gap, Eggp. Generally, if Eosp < 5hwp, the
phonon relaxation rate dominates over the radiative relaxation rate [42—44], leading to
short lifetimes and broad homogeneous linewidths, see Equation (3.1). As the energy
gap increases above ~ 5hwp, the phonon relaxation rate rapidly becomes negligible.
The rare-earth transitions that are usually investigated for spectral hole burning ap-
plications therefore typically have Eg,p > 5hwp.

If it is desirable to use rare-earth transitions with small energy gaps, while maintain-
ing long lifetimes, the choice of crystal host must be carefully considered. Choosing
a host crystal with a lower phonon cut-off frequency would suppress phonon relax-
ation, since the relaxation process would have to involve a larger number of phonons
to bridge the gap, which is a process with a lower probability. As can be seen from
Equation (3.4), softer and denser crystals, such as fluorides and alkali lead halides, gen-
erally have lower phonon cut-off frequencies, which could potentially enable spectral
hole burning applications on transitions not possible with the harder and less dense
oxides.

21






Chapter 4

Ultrasound optical tomography

Ultrasound optical tomography (UOT) is currently being developed to image optical
contrast deep inside scattering media, such as tissue, at depths of several centimetres.
Reviews on this topic have been published [s, 6]. This chapter describes the basic prin-
ciples and potential medical applications of UOT. The results presented in Paper VI,
on the comparison of contrast-to-noise ratios of various signal detection methods for
UOT, are summarized. Both published (Papers I, III, & IV) and unpublished UOT
measurements using spectral hole burning filters in Pr**:Y»SiOs5 are presented.

The principle of UOT is shown schematically in Figure 4.1. Optical and ultrasonic
pulses at frequencies fi, and fys, respectively, are applied to the tissue. The optical
photons are scattered multiple times, and their directions of propagation are rapidly
randomized. Ultrasound on the other hand, is orders of magnitude less scattered by
tissue, which allows for narrow focusing (~mm). The ultrasound pulses cause a spa-
tially localized periodic variation of the refractive index and movement of the scatter-
ing centres. The optical path lengths of photons propagating through the ultrasound
pulse will be modulated at the ultrasound frequency, leading to a frequency shift, and
sidebands of the carrier at multiples of + fis. The ultrasound-modulated photons
are called tagged photons, while the photons at the original laser frequency are called
untagged photons. The number of tagged photons emerging from the tissue depends
on the local photon fluence, and the optical and acoustic properties of the insonified
tissue volume. Optical contrast images can therefore be formed by spatially scanning
the tissue with the ultrasound pulse while counting the tagged photons for each ultra-
sound pulse position. An example of a one-dimensional (1D) image is shown in the
lower part of Figure 4.1. Here, a region of tissue with a higher optical absorption co-
efficient than the background tissue is scanned with the ultrasound pulse. This is seen
as a decrease in the number of detected tagged photons. Two- and three-dimensional
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images can be obtained by adding other scanning axes.
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Figure 4.1: Principle of ultrasound optical tomography. Photons with a frequency f; (red arrows) enter the
tissue. A fraction of these photons traverses the ultrasound (US) pulse and are frequency shifted by
multiples of the ultrasound frequency fys (blue dashed arrows). Detection of the shifted photons
enables spatially resolved optical contrast measurements inside the tissue. Scanning the tissue with
the ultrasound pulse across an inclusion with higher optical absorption than the background tissue
(along the green dashed line), gives a one-dimensional image in which the inclusion is seen as a
decrease in the number of tagged photons (lower part of figure).

4.1 Methods of detecting tagged photons

A number of methods of detecting tagged photons have been developed since the
first experimental demonstration of UOT in 1993 [45]. However, several challenges
have prevented the translation of promising experimental results on tissue-mimicking
phantoms to 77 vive application.

As only a small fraction of the photons traverse the ultrasound pulse and become
tagged, the fraction of tagged to untagged photons is low, typically 1073~ 1075, This
means that a weak signal must be detected on top of a much stronger background.
The photons are also emitted from a large external tissue area in all directions. Since
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the emission etendue (the area multiplied by the solid angle) is large, the detection
system etendue must also be large for efficient detection.

For coherent detection methods, the speckled optical field generated in the tissue,
and its temporal decorrelation, which in living tissue occurs on time scales of ~ 0.1 —
1 ms due to internal movement [17], becomes a problem. In early studies fast single-
element detectors were used to measure the intensity modulation of speckles due to the
beating between tagged and untagged photons [46, 47]. However, the phases of each
speckle grain are random, and although a detector with a large area can collect more
photons, the increased number of speckle grains reduces the effective modulation
depth, leading to poor signal-to-noise ratio (SNR).

Parallel detection of the individual speckles using multi-pixel detectors (cameras) was
developed to improve the SNR [48]. However, several camera frames have to be
acquired to reconstruct the UOT signal. The low frame rates of cameras with high
pixel counts make such methods susceptible to speckle decorrelation, and they are
currently not suitable for iz vivo measurements. Signal detection based on a single
image is thus of interest. This is possible with laser speckle contrast schemes [49, 50],
but the SNR is low due to the random nature of speckles. Instead, methods such as
single-shot off-axis holography developed recently [8] could provide higher sensitivity.
Cameras capable of lock-in detection in each pixel giving the modulated signal could
also be used [s1]. However, these lock-in cameras currently suffer from low pixel
counts of ~ 0.1 mega-pixels (Mpx), and thus have a comparatively low etendue.

Photorefractive-crystal-based detection [52, 53] employs a single-element detector and
can offer a larger etendue than current camera-based methods. Impressive imaging
depths have been demonstrated in phantoms with tissue-like optical properties [54],
but the method still suffers from speckle deccorelation due to the ~ ms photorefractive
response time of the crystals.

Problems associated with speckle decorrelation can be avoided with incoherent fil-
tering methods as the tagged photon flux is measured directly by matching the filter
passband with the frequency of the tagged photons. For an optical wavelength of
800 nm and an ultrasound frequency of 5 MHz, the optical shift due to the ultra-
sound is about 107> nm. The filters must thus be extremely narrowband and have
high suppression of untagged photons. This is possible with Fabry-Perot interferome-
ters [s5, 56]. However, this approach suffers from low signal due to the low detection
etendue of Fabry-Perot interferometers capable of providing sufficiently narrow filter

passbands (etendue < 1 mm?sr).

Filters based on spectral hole burning in rare-earth-ion-doped crystals (see Section 3.3)
have been used for UOT [9, 27—29] due to their capability of supporting ~ 1 MHz

bandwidth filters that accept photons from a ~ 27 solid angle over a ~ 1 cm? area,
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thus resulting in a large etendue (similar to that in photorefractive detection). The
disadvantages of spectral hole burning filters are that the filter wavelength is limited
by the available suitable rare-earth transitions, and the need to cool the filter crystals
to cryogenic temperatures, leading to comparatively bulky set-ups.

Several methods have thus been used for the detection of tagged photons, although
it is not clear which is the most suitable methods for future UOT devices and med-
ical applications. In order to shed light on the strengths and weaknesses of various
methods, the contrast-to-noise ratios (CNRs) of various methods, including spectral
hole burning, single-shot off-axis holography, speckle contrast, and photorefractive

holography, were compared (Paper VI).

After briefly introducing the concept of the CNR, the following subsections present
the spectral hole burning, single-shot off-axis holography, speckle contrast, and pho-
torefractive holography methods. Attention will be focused on the spectral hole burn-
ing method, since it is central to the work presented in this thesis. The relative imaging
performance of the methods is then compared in terms of CNR.

4.1.1  Contrast-to-noise ratio

The SNR is often used to quantify the quality of a signal. However, the ability to
detect changes in the signal is more relevant for UOT. Therefore, the CNR is used
instead, and is defined as:

contrast |Sa — Sl
noise 2 2
\/ Oyt 03

where |Sa — Sgl is the difference in the signal from two tissue regions A and B with

CNR =

(4.1)

different optical properties. For example, there may be a tumour in region A, and
healthy tissue in region B. The two signals have standard deviations s and o3, re-
spectively. The further use of the A and B subscripts refers to the here mentioned
two tissue regions. To distinguish image features in a UOT measurement, such as a
tumour, the CNR should be above one, and preferably significantly greater than one.

4.1.2  Spectral hole burning filters

The spectral hole burning phenomenon described in Section 3.3 is used to detect the
tagged photon signal. The optical signal leaving the tissue (tagged and untagged pho-
tons) is shown in Figure 4.2(a). Prior to a UOT measurement, spectral holes are
prepared at the tagged photon frequencies, as shown in Figure 4.2(b). The untagged
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photons outside the spectral holes are absorbed by the rare-earth ions in the crystal,
while the tagged photons are transmitted. The tagged photons are also slowed down
compared to the untagged photons due to the slow light effect induced by the rapid
increase in refractive index with frequency within the filter passband, as discussed in
Section 3.4. The later arrival time of tagged photons at the detector thus allows for
further suppression of untagged photons using time gating, see Figure 4.2(c).
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Figure 4.2: Principle of tagged photon detection using spectral hole burning in rare-earth-ion-doped crystals.
(a) Optical signals leaving the tissue. The tagged (blue) and untagged (red) photons leave the tissue
at the same time. The ratio of tagged to untagged photons is low (much lower than illustrated in
the figure). (b) The photons from the tissue are passed through the filter crystal with the passband
matching the frequency of one or several the tagged photon sidebands. (c) After the filter, the
untagged photons are greatly reduced in number and arrive promptly at the detector. The tagged
photons are transmitted and delayed in time, which enables the use of time gating to remove any
further untagged photons not absorbed by the ions in the filter crystal.

In the UOT measurements described in the literature either absorptive filtering [27—
29], or absorptive combined with slow light filtering [9] have been used. When the
slow light effect is combined with time gating, the filters are often called slow light
filters. Note that such filters can be created at a single tagged sideband, or at two
(or more) tagged sidebands, as shown in Figure 4.2(b), to increase the tagged signal
strength.

The difference in signal (i.e., the contrast) when probing two different tissue locations
with ultrasound, while assuming that filters are prepared at the frequencies of the +1st
order tagged photons is:

Contrast = 257 dec| N1,A — N7,Bl (4.2)

where Nt o and Nr,p are the number of +1st order tagged photons emitted from the
tissue per unit area at the two probe locations. The tissue area from which photons are
collected is denoted S, and 1., is the detection efficiency, which includes the detector
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quantum efficiency, and all other sources of photon loss between the tissue and the
detector. Assuming shot-noise-limited detection, the noise is the square root of the
total number of photons detected, both tagged and untagged, for the two ultrasound
probe pulse locations:

Noise = /281 dec(N1,A + N1,8 + TUNU) (4.3)

where Ty is the transmittance of untagged photons through the filter crystal, and Ny
is the number of untagged photons emitted from the tissue per unit area. The CNR
can thus be written as:

CNRSHB =\ ZScndet

|NT,A — Nt,BI
\/NT,A + NT,B + TUNU

(4.4)

To improve the CNR, it is thus desirable to minimize Ty Ny by reducing the trans-
mittance of untagged photons by the filter to a level where the noise is dominated
by the shot noise of the tagged photons. The filter contrast required to be in this
regime depends on the medical application, imaging depth, and detection geometry.
As expected, it is advantageous to collect the signal from a large tissue area with a high
detection efficiency.

A filter transmittance of untagged photons of Ty ~ 1073 has been used for UOT [9],
and the measurements presented in Chapter 5 of this thesis suggest that Ty ~ 1078
may be possible, with the potential for further improvement. For the CNR com-
parison presented in Paper VI, Ty = 1073 or Ty = 1078 was assumed, where the
latter is an optimistic, but not unreasonable value of the future performance based on
our current understanding. A custom-designed UOT cryostat (from My Cryo Firm)
delivered to our group shortly before submitting this thesis has 5.1 cm diameter win-
dows, and allows for 5.1 cm diameter lenses to be mounted inside it. The cryostat is
therefore expected to have excellent optical throughput. Detectors and crystals of cen-
timetre size are available. A collection area of 1 cm? is deemed possible, and therefore
used in the CNR calculations. If the numerical aperture (NA) of the detection set-up
is assumed to be 0.7, the signal loss due to the limited collection angle is estimated
as sin%(45°) = 0.5. Photomultiplier tube detectors can have quantum efficiencies of
~ 15% (up to wavelengths of ~ 800 nm). A detection efficiency of 14e, = 7.5% was
therefore assumed.

4.1.3 Single-shot off-axis holography

Single-shot off-axis holography was recently used for UOT measurements by Liu et
al. [8]. The optical field leaving the tissue (tagged and untagged photons) is polarized

and illuminates a camera. The camera is also illuminated with a reference field with the
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same frequency as one of the tagged sidebands at an angle relative to the field leaving
the tissue. Several camera pixels cover each speckle grain, such that the interference
fringes in each speckle are resolved. Images are acquired using an exposure that is long
compared to the ultrasound period, or a multiple of the ultrasound period, such that
the beating between the untagged and reference fields averages out. A 2D fast Fourier
transform (FFT) is performed on the recorded camera image. The interference term
between the tagged and reference photon fields is shifted away from the centre of
Fourier space. The tagged field can then be reconstructed by cropping this region and
performing an inverse 2D FFT.

Based on the SNR expression given by Liu et al. [8], which assumes that the amplitude
of the untagged and reference fields on the camera are equal and much greater than
the amplitude of the tagged field, and that a rectangular iris is used in front of the
camera, the shot-noise-limited CNR can be written as:

e NT,A — N1, B/ Npy

CNRyoL = \/1\7

ox = = (4.5)
\/4ndet(NT,A + Nr,B)/ npx +2

where Ny 5 and Nr,p are the average number of +1st order tagged photons per speckle
at the tissue surface for the two ultrasound pulse probe locations A and B, N,y is the
total number of camera pixels, and Tpy is the number of camera pixels covering each
speckle. There are two possible CNR scaling regimes, depending on which of the
factors 41 e (N7, A+ N1,B)/ Mpx or 2 in the denominator is larger. The scaling is better
at shallow tissue depths where 49 4. (N1,a + Nt,B)/ 11px can be larger. Increasing the
camera pixel count to detect more speckles, and/or improving the detection efficiency

will improve the CNR.

The following set-up parameters were chosen for the theoretical CNR comparison
presented in Paper VI. To the best of the author’s knowledge, currently available low-
noise, ~ kHz frame rate cameras have sensors with a few Mpx. A 1 Mpx or a 50 Mpx
camera was assumed, with a pixel quantum eficiency of 60%. The signal is maximized
when the speckle size is 4 pixels wide [8], and it was therefore assumed that 72, =
16. For off-axis holography, the number of photons per speckle (per camera pixel)
is relevant. Setting the NA of the detection set-up to 0.7, means that the signal loss
due to the limited collection angle is again estimated to be 0.5. However, the smallest
possible speckle area that can be recorded on the camera should be proportional to
1/NAZ?. For an NA of 0.7, the smallest possible speckle on the camera is therefore
twice the speckle area at the tissue surface. Thus, the number of photons per speckle
on the tissue surface and on the detector is identical. The polarizer used in front of
the camera in the off-axis holography set-up reduces the signal by half, which, when
combined with the pixel quantum efficiency, gives 14e, = 30%.
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4.1.4 Speckle contrast

The speckle contrast is defined as the standard deviation of the speckle pattern di-
vided by the mean intensity. When an ultrasound pulse enters the tissue, the speckle
contrast will decrease, i.e., the speckle pattern will become blurred. The decrease in
contrast depends on the ratio of tagged to untagged photons. A camera is used to
record the speckle pattern with a single exposure that is either long compared with
the ultrasound period, or an integer number of ultrasound periods, as in the case of
single-shot off-axis holography above. The exposure should be short compared to the
speckle decorrelation time, since tissue movement also reduces the speckle contrast.

For N1 <« Ny, and the ideal case of linearly polarized speckle patterns with contrast
close to unity, Resink et al. [57] derived the following expression for the decreased
speckle contrast.

C=1-— (4.6)

This expression is similar to that presented by Li et al. [49]. It should be noted that
the speckle contrast is usually significantly less than unity in experiments. The algo-
rithm presented by Duncan et al. [19] was used to estimate the noise due to statistical
variation in speckle contrast for speckle patterns where the speckle size was two pixels
wide. The standard deviation of the contrast of many simulated speckle patterns was

found to be = /1/N,x. The CNR can therefore be expressed as follows.

Nt a—N
CNRgc = \/pr—' s ] (47)

Thus, the CNR is improved by increasing the number of camera pixels used in order
to detect more speckles. As only statistical variations in the speckle contrast are con-
sidered in Equation (4.7), this should be considered as an upper limit on the CNR.
Although the detection efficiency 14 is not included in Equation (4.7), it must also
be optimized for the speckle contrast method, since sources of camera noise at low
light levels and at high readout rates will probably be relevant.

A similar camera to that used in single-shot off-axis holography could be used in the
speckle contrast method, and a 1 Mpx or a 50 Mpx camera was therefore assumed in

the CNR analysis in Paper VI.

4.1.5 Photorefractive detection

Materials such as crystals and polymers [58], that exhibit the photorefractive effect can
be used to detect either tagged or untagged photons in UOT. A set-up that detects
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untagged photons (and thus indirectly tagged photons) was included in Paper VI,
and will therefore be discussed here.

The scattered output from the tissue (tagged and untagged) and a reference beam at the
same frequency as the untagged photons are overlapped at an angle in the photorefrac-
tive material. Interference generates spatially varying intensity in the material, which
alters the refractive index through the photorefractive effect. The reference beam is
diffracted by the refractive index grating with an efficiency 1, and interferes with the
scattered field on a single-point detector. The tagged photons are indirectly detected
by turning the ultrasound on and off and comparing the two signals. Assuming neg-
ligible deccorelation of the tagged photon field, Gross et al. [59] derived an expression
for the difference in intensity when the ultrasound is on and off: AT = 217prIET|2,
where Et is the amplitude of the +1st order tagged photon field. The image contrast
can thus be written as:

Contrast = zscndetnpruVT,A - NT,B| (4.8)

The total intensity without ultrasound is I = |[Ey+Ep |2, where Ey is the amplitude of
the untagged photon field in the absence of the ultrasound, and Ep is the amplitude
of the diffracted field, with Ep =1, Ey [59]. The noise can thus be written:

Noise = /287 gec Ny (1 +7p0)? (4.9)

and the CNR can then be expressed as:

Mol NT,A — N1, B
CNRpR = /287 ger— e (4.10)

\/ NU(l + npr)z

To improve the CNR, it is thus desirable to optimize Npr> and to collect signal from as
large a tissue area as possible, with maximum detection efficiency. It should be noted
that light in the reference beam scattered in the direction of the detector by crystal
imperfections is a potential source of noise not considered above.

Photorefractive materials with response times of the order 100 ms have been used
in several UOT experiments [52, 54, 60], however, these are not suitable for iz vivo
measurements since the decorrelation of speckles in tissues is much faster. However,
materials with faster response times have been used for photorefractive detection.
A response time of 1 ms and np, = 15% are possible using GaAs crystals [53], and
SnyP»Se:Te crystals have a response time of a few ms [61]. For the CNR analysis in
Paper VI 1, = 15% or np; = 35% was used. The accurate prediction of potentially im-
proved photorefractive response times and efficiencies is, however, outside the scope
of this work. Similarly to spectral hole burning, a collection area S. = 1 cm? should
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be reasonable bearing in mind the available crystal and detector sizes for photorefrac-
tive detection. With a value of NA of 0.7, the signal loss due to the limited collection
angle is again 0.5. As the photorefractive method detects small signal variations on a
relatively high background, a photo diode with a quantum efliciency of 80% can be
used. Thus, a detection efficiency of 4. = 40% was assumed.

4.2 Comparison of contrast-to-noise ratios of UOT methods

This section presents a comparison of the CNR of the spectral hole burning, single-
shot off-axis holography, photorefractive detection, and speckle contrast methods.

4.2.1  Calculating tagged and untagged signal strength

The Monte Carlo and ultrasound tagging code package described in Papers III and IV
was used to simulate the tagged and untagged photons. Only a brief overview of the
simulation process is given here, and the reader is referred to the relevant papers, and
the simulation code available online [62]. Readers who are interested in further details
can consult the Ph.D. thesis by David Hill, who developed the code, which should be
available from the Department of Physics at Lund University after December 2022.
Note that the simulations carried out in the present work are similar to those of Huang
et al. [63].

The Monte Carlo method [64] is used to generate photon packet paths from an input
to a detection area through a simulation domain with a given scattering coefficient s,
anisotropy factor, g, refractive index, and zero absorption. The ultrasonically induced
changes in the local refractive index and the scattering locations are then calculated,
and used to determine how the ultrasound field modulates the optical path length
of each photon packet. The power spectrum of each photon path is calculated, and
photon absorption is accounted for via the Beer-Lambert law [Equation (2.1)] based
on the photon packet trajectory. The total spectrum is obtain by calculating the mean
of the spectra of all detected photon packets, and used to calculate the transmittance
of tagged and untagged photons from the input to the detection area.

The simulation geometry shown in Figure 4.3 was used in the comparison of CNRs
presented in Paper VI. An optical wavelength of 800 nm was assumed. The simu-

lated tissue had a scattering coefficient of ps = 50 cm™!

, an absorption coefficient of
Ha =0.2 cm~ L an anisotropy factor of g = 0.9, and a refractive index of n = 1.3.
These properties are similar to those of muscle tissue (see Chapter 2). An inclusion

measuring 3 x 3 x 3 mm?® with the same optical properties as the background tissue,
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1

except for g = 0.4 cm™ ", was added at an imaging depth, z. Such an inclusion could

be, but is not necessarily, a region of cancerous tissue.
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Figure 4.3: Simulation geometry used to compare the CNR of various UOT detection methods. (a) z-y view (b)
z-x view when the ultrasound (US) pulse is in position A. (c) z-x view when the ultrasound pulse is
in position B.

It was assumed thata UOT image of 30 x 30 voxels was acquired in 1 s. The maximum
permissible laser exposure of 300 mW/cm? for average radiation at 800 nm [65] lim-
its the total number of input photons for image acquisition to ~ 10'8. The number
of photons delivered to the tissue per image voxel was therefore 10'° in the present
case. The photon packets were launched and detected over areas of 1 cm? separated
by 2.5 cm. The transmittance of tagged and untagged photons from the input to
detection was calculated with an ultrasound field at position A and B, as shown in
Figure 4.3(b) and (c), respectively. The ultrasound field was assumed to have a centre
frequency of 3 MHz, a peak pressure of 2 MPa, and a Gaussian pressure distribu-
tion with dimensions of 3 x 3 x 3 mm? at full-width-at-half-maximum (FWHM).
The number of tagged and untagged photons emitted through the detection area for
ultrasound field locations A and B was calculated by multiplying the calculated trans-
mittances by the number of input photons (10'°), and then used as input for the
expression of CNR for the respective method. The calculations were repeated with
the ultrasound field and inclusion at various imaging depths. A speckle diameter of
600 nm was used to calculate the number of photons per speckle at the tissue surface,
which should be suitable for the 800 nm laser wavelength [66]. The set-up parameters

specific to each UOT method have been given above in the sections describing each
method.

As discussed in Paper VI, the simulated tagged and untagged photon signals depend
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on several input parameters. The simulated signals depend exponentially on the op-
tical scattering and absorption coefficients, and these therefore have a large impact
on the CNRs. As in the case of other imaging modalities, a trade-off is necessary be-
tween image resolution (determined by the ultrasound volume) and imaging depth.
The maximum permissible laser exposure to human tissue is given per cm?, so the
total laser input power can be increased above that used here by illuminating a larger
tissue area. The CNRs can be improved by allowing longer measurement times and
averaging. The detection efficiency has a small effect on the CNRs. However, the
relative imaging performance of each detection method is given in this comparison,
which should not be greatly affected by changes in the parameters mentioned above.

4.2.2  Results and discussion

The main results of this comparison of CNR are shown in Figure 4.4. It can be seen
that spectral hole burning has the potential to image greater tissue depths than the
other methods investigated. This is due to better CNR scaling, and the large detection
etendue. At imaging depths < 2 c¢m, the noise is dominated by the shot noise of
the tagged photons with both the 30 dB (Ty = 107%) and 80 dB (Ty = 1078) filters,
hence the CNR is the same. At imaging depths > 2 cm, the shot noise of the untagged
photons starts to dominate with the 30 dB filter, leading to a change in CNR scaling,
while in the case of the 80 dB filters the noise is still dominated by tagged photons
down to a depth of ~5 cm. The simulated maximal imaging depth for this case is
3.3 cm with the 30 dB filter and 4.5 cm with the 80 dB filter. This highlights the
importance of improving the filter contrast beyond the 30 dB that has been used in
experiments so far. It should, however, be noted that a transmission geometry (where
input and detection are on opposite sides of the tissue) would relax the required filter
contrast for being in the regime where the noise is dominated by tagged photons. In
transmission mode, the numbers of both tagged and untagged photons will decrease
with increasing thickness of the imaged tissue. This is not the case in the reflection
mode used here (Figure 4.3), where only the number of tagged photons decreases with
imaging depth.

The untagged photons dominate the noise in the case of the photorefractive detection
set-up presented here. Although the method has the same etendue and better detec-
tor efficiency than spectral hole burning in the current example, the CNR is therefore
not as good as in the spectral hole burning method. Note that in the presented sim-
ulation geometry, the ~ 2.3 cm imaging depth achieved equates to a shortest photon
path from the optical input to detection of ~ 5.3 cm. Since the untagged photons
dominate the noise in photorefractive detection, transmission mode would be more
favourable, and further studies could be performed to evaluate this. The conclusion
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drawn from the results is that photorefractive detection could likely be used to image
tissue thicknesses significantly greater than ~ 5.3 ¢cm in transmission geometry, as-
suming that the other simulation parameters are the same. Photorefractive detection

thus has good potential for high CNRs at significant tissue depths.
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Figure 4.4: Contrast-to-noise ratios of the methods investigated. Note that the scale on the y-axis is logarith-
mic. (I) Spectral hole burning assuming an untagged filter transmittance of 7y = 1073 (solid blue
line) and Ty = 1078 (dashed blue line). (l) Photorefractive detection assuming a photorefractive
efficiency of Npr = 0.10 (solid black line) and Npr = 035 (dashed black line). (Ill) Single-shot off-axis
holography assuming a camera pixel count of Npx =1 Mpx (solid green line) and Npx =50 Mpx
(dashed green line) (IV) Speckle contrast assuming Npx = 1 Mpx (solid red line) and Npx = 50 Mpx
(dashed red line). To be able to distinguish a difference in absorption, the CNR must be greater
than 1, indicated by the horizontal dotted black line.

The camera-based methods (off-axis holography and speckle contrast) have a lower
detection etendue than the other methods investigated. However, the etendue (and
thus the CNR) could be improved by increasing the pixel count in the camera. The ac-
curate prediction of the future performance of high-pixel-count, low-noise, 2 1 kHz
frame rate cameras is outside the scope of this work, however, some observations can
be made. Increasing the pixel count will lead to the generation of large amounts of
data that must be transferred from the camera and then analysed (for example, by
performing 2D FFTs in off-axis holography). The spectral hole burning and photore-
fractive methods produce much less data, and the analysis is simpler due to the use of
single-element detectors. The UOT frame rate is important since averaging improves
the CNR, and it is important that these methods are not slowed down when increasing
camera pixel counts. In off-axis holography, the average number of tagged photons
detected per pixel is always less than ~ 1 in the current example. The method is there-
fore in the unfavourable CNR scaling regime (see Section 4.1.3). Even if the method
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had a similar etendue to that in spectral hole burning, the same imaging depths could
not be achieved. The speckle contrast method exhibit the lowest CNR of the meth-
ods investigated. The random variations in speckle contrast rapidly becomes larger
than the signal with increasing imaging depth. The optimistic assumptions made in
deriving Equation (4.7) mean that the imaging depth is potentially overestimated.

As concluded in Paper VI, the spectral hole burning method appears to be very
promising for UOT in terms of imaging deeper inside the human body, provided
that high-contrast filters at wavelengths suitable for biomedical applications can be

identified.

4.3 Ultrasound optical tomography using Pr**:Y,SiOs filters

The 3Hy-!D; transition in Pr3*:Y,SiOs5 has several favourable spectroscopic proper-
ties that have enabled the preparation of 53 dB contrast filters for a collimated laser
beam [10] and ~ 30 dB contrast filters for experimental UOT [9]. Although the
606 nm operating wavelength of such filters is not optimal for imaging in real bio-
logical tissues, due to poor penetration depth, measurements on tissue phantoms are
useful for the further development of the UOT technique in general.

43.1 Preparing spectral hole burning filters in Pr’*:Y,SiO5

Yttrium orthosilicate, Y2SiOs, has been frequently used as a rare-earth-ion host for
applications at cryogenic temperatures due to the narrow homogeneous linewidths
often observed in this host. This is because the most abundant isotopes of Si and O
have no nuclear magnetic moment, and yttrium has a low nuclear magnetic moment
of —=0.137uxN, where py is the nuclear magneton [34]. This minimizes homogeneous
linewidth broadening for the rare-earth dopants due to spin flips by host ions. The
crystal system of Y2SiOs is monoclinic, and the crystal is thus biaxial, with three
principal axes labelled Dy, D2, and Cs, with slightly different refractive indices [67].
Rare-earth ions occupy two different sites of C; symmetry with a ~ 2 nm difference
in transition wavelength. All further discussion considers ions at site 1 with transition
frequencies around 494.726 THz (vacuum wavelength of 605.977 nm).

Pr3* has nuclear spin I = 5/2, and each electronic level can therefore split into six
hyperfine states. However, in the absence of a magnetic field, there are three doubly
degenerate levels. An energy level diagram showing the hyperfine structure of site
1 of the 3Hy-'Dy transition is shown in Figure 4.5(a). The optical homogeneous
linewidth is T', ~ 2 kHz [68], and the hyperfine states can have lifetimes of ~ 100 s [69]
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(magnetic field and temperature dependent). For a doping concentration of 0.05%,
the peak absorption coeflicients are 3.6 cm™ !, 47 em™!, and < 0.1 cm™!, of light
polarized along Dy, D3, and Cy, respectively [70].

(a) (b)

48 MHz ——————— Excited 0.05% Pr3*:Y,SiOs
4.6 MHz S states
10 mm
1‘2/“
10 mm

173 Rz states b (C,)

1

Figure 4.5: (a) Energy level structure of the 3H4-'D, transition. (b) Orientation and dimensions of the
0.05%Pr3*:Y,SiO5 crystal used for UOT measurements.

The 0.05%Pr3":Y,SiO5 crystal used in this work is a cuboid with dimensions 10 x
10x 12 mm3. The sides are cut parallel to the principal axes, as shown in Figure 4.5(b).
Note that the Cy principal axis is parallel to the crystal b-axis, and is therefore often
denoted as the b-axis instead. In a UOT experiment, the beam to be filtered should
preferably propagate along the b-axis, due to the low absorption of light polarized
along this axis. Since the absorption is only high for light polarized along D5, it is
necessary to use a polarizer before the crystal to achieve good filter contrast. Config-
urations with crossed crystals may eliminate the need for polarizers [10], but have not
yet been investigated.

To prepare 1 MHz wide square-shaped UOT filters, a frequency-scanned pulse called
a hyperbolic-square-hyperbolic or sechscan pulse was used [71]. This is a hyperbolic
secant (sechyp) pulse with a linear frequency scan in the middle. The pulse parameters
were chosen based on simulations and experiments by M. Di, see her Master’s thesis
for more details [72]. The linear frequency scan was 0.92 MHz during 92 ps. The in-
tensity profile for the sechyp envelope (FWHM) was 8ps, and the sechyp frequency
width was 80 kHz. The total pulse duration was 140ps. In total, 2000 or 3900 such
pulses separated by 200 ps were used to create the filters in the UOT experiments de-
scribed in Section 4.3.4 and Section 4.3.5, respectively. The diameter of the laser beam
was slightly larger than 10 mm, and the peak power was ~ 10 mW. The polarization
was aligned parallel to the Dy axis.
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4.3.2 Tissue-mimicking phantoms

Phantoms that mimic the properties of biological tissues are important in UOT mea-
surements, and for characterizing medical imaging systems in general. The tissue-
mimicking phantoms used in the present work were made using deionized water, agar
powder, Intralipid-20% (a fat emulsion), and India ink, and inspired by the procedure
described by Cubeddu et al. [73].

To prepare phantoms with homogeneous optical properties, agar powder and deion-
ized water (1 g per 97.5 ml) was first mixed in a glass beaker. The mixture was heated
under magnetic stirring to ~ 95°C, and kept at this temperature for about 1 hour.
The heating was thereafter turned off, while the stirring continued. When the mix-
ture had cooled to ~ 45°C, the desired amounts of Intralipid-20% and India ink was
added. The mixture was stirred for another 30 minutes at ~ 45°C, before being trans-
ferred to a container and stored in a refrigerator to allow solidification. The photon
time-of-flight system developed by the Biophotonics Group at Lund University [74]
was used to determine the absorption coefficient and reduced scattering coefhcient
(pa and pl) of the phantom. Typically, Intralipid-20% and water were mixed in the
ratio 1 : 39 to obtain solid phantoms with a reduced scattering coefficient of about
6 cm ™! at 606 nm. Reference values for the optical absorption and reduced scattering
of Intralipid and India-ink-based liquid phantoms can be found in the literature [75].

To prepare phantoms with optically absorbing inclusions, the above procedure was
performed layer by layer. A bottom layer was first prepared and solidified. An ab-
sorbing inclusion was cut to the desired dimensions from a separate phantom pre-
pared with the same scattering properties, but a different absorption coefhicient. The
absorbing inclusion was placed on the bottom layer. A mixture with the same optical
properties as the bottom layer was then prepared, and poured over the inclusion and
bottom layer, and then allowed to solidify. Examples of tissue-mimicking phantoms
containing optically absorbing inclusions are shown in Figure 4.6.

Background
M= 0.025 cm’!
My =5.5cm

- Inclusion
WP, = 0.3 Cr esises

Figure 4.6: Examples of tissue-mimicking phantoms cut to make the inclusion visible. (a) A tissue-like phantom
containing an inclusion. (b) Typical phantom used in the UOT experiments.
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4.3.3 Ultrasound field

The ultrasonic source was an EPIQ-7 ultrasound scanner used with the X5-1 or L12-
3 transducers (Philips Medical Systems (PMS), Bothell, WA, USA). The ultrasound
pulses used in each UOT experiment were characterized by mounting the transducer
and a needle hydrophone in a water tank. The acoustic pressure was measured by
systematically scanning the hydrophone.

4.3.4 Characterization and modelling of signal strengths

Theoretical models that accurately predict the strengths of tagged and untagged sig-
nals are useful for improving our understanding of the potential imaging capabilities
of an optimized UOT set-up. Such models were developed and validated against ex-
perimental measurements, and the results presented in Papers I, I1I, & IV. To ensure
accurate comparisons with theory, it is important to perform the experiments un-
der well controlled conditions, with a good understanding of each part of the set-up.
This includes characterizing the optical loss in each part of the set-up, the detector
efficiency, the acoustic pressure distribution of the ultrasound pulse, and the optical
properties of the tissue-mimicking phantoms. The main UOT experiments are pre-
sented below. Details concerning each component can be found in the papers; Paper
I in particular.

Experimental set-up

The experiments presented in Papers I, I1I, & IV were carried out in the transmission
geometry illustrated in Figure 4.7. The laser system provided sub-kHz linewidth light
at the 3Hy-1D; transition wavelength. Optical pulse shaping was performed using
acousto-optic modulators. A flip mirror was used to switch between the burn and
probe beams that were used to prepare the crystal filter, and probe the phantom,
respectively. The filter was prepared using 2000 of the pulses described in Section 4.3.1.
The transmission in the filter passband was 60%, while the attenuation at a frequency
detuning of = 1.6 MHz was > 30 dB. After the filter had been prepared, the phantom
was probed up to 100 times, after which the filter was refreshed. Each ultrasound
pulse was synchronized so as to arrive at the centre of the phantom at the same time
as an optical pulse with a peak power of 25 mW, and duration of 1 ps was incident
on the phantom. The phantom had dimensions of 7.0 x 7.0 x d, cm®, where d, is
the phantom thickness, and homogeneous optical properties (as given in the figure
captions). A light guide in direct contact with the phantom together with lenses
was used to collect the photons emitted from the phantom, and direct them towards

39



the crystal mounted inside the cryostat (Spectromag 4000-8, Oxford Instruments) at

2.17 K. Since Pr**:Y,SiO5 only has high absorp
provides a good filter for one optical polarizati

tion along the D5 axis, and thus only
on, polarizers were used before and

after the cryostat. A mechanical shutter was used to protected the signal detector, a
photomultiplier tube (PMT), from overexposure during filter preparation.
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Figure 4.7: Experimental set-up used to measure ultrasoun

d (US) tagged signals in transmission mode.

Reprinted with permission from Paper | ©Optica Publishing Group.

The optical throughput of the set-up was very low. Measurements showed that only
0.05% of the photons emitted from the light guide were incident on the PMT de-
tector. The major factor contributing to photon loss was the cryostat. This is a large
instrument with small windows, and is far from optimal for applications requiring a

high etendue. The anode radiant sensitivity of the PMT detector was measured with a

10 mm diameter top-hat beam to mimic the UOT experiment. This allowed conver-

sion of the detector output current to incident optical power. Based on the measured
anode radiant sensitivity, the quantum efficiency was calculated to be 1.7%. This set-
up was thus far from ideal in terms of detection efficiency. The detection efhiciency

was greatly improved in the experiments presented in Section 4.3.5, and further im-

provements are discussed in Section 4.4.

40



Dependence of signal strength on phantom thickness

The tagged signals detected from a 3.5 and a 6.8 cm thick phantom are shown in
Figure 4.8(a) and (b), respectively. It was verified that ultrasound-tagged photons were
detected by switching the ultrasound source on and off. Time zero in Figure 4.8(a)
and (b) corresponds to the arrival time of the probe pulse at the reference detector.
The untagged photons not absorbed by the crystal also arrived very close to time zero.
However, the tagged photons were delayed by about 5.6 us. Therefore, the speed of
light in the filter material was ~ 2000 m/s. Although the signal strengths were low
due to the low efficiency of the set-up, Figure 4.8(a) shows that the high-contrast filter
allowed for almost background-free measurements of the tagged signal. This was used
to characterize the tagged signal strength for different phantom thicknesses, as shown
in Figure 4.8(c). The untagged signal strength was also measured by preparing the
filter at the frequency of the untagged photons.
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Figure 4.8: (a) Optical power incident on the detector when using a 3.5 cm thick phantom. (b) Optical power
incident on the detector when using a 6.8 cm thick phantom. Note the difference in power scales.
(c) Tagged and untagged signals from phantoms of various thicknesses. The phantoms used for
the measurements presented in this figure had p, =0.008 cm™! and p/ = 6.1 cm~!. The ultrasound
pulse had a centre frequency of 1.6 MHz, a peak compression and rarefaction pressure of 4.3 and
2.0 MPa, respectively, and dimensions 4 x4 x 2 mm3 (at half-pressure). The signals were obtained by
averaging 1000 probe pulses. The error bars in (c) display the standard error. The standard errors
for the untagged photons are smaller than the symbols and therefore not included. Adapted with
permission from Paper | ©Optica Publishing Group.

The measured tagged and untagged signal strengths were compared to calculations
using the 1D diffusion approximation with extrapolated boundary conditions. The
untagged signal levels were modelled according to Wang [76]. Note that this calcula-
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tion contains no fitting parameters. The tagged signal was modelled with the approach
described by Walther et al. [7]. The photon fluence [cm™2] due to a small-diameter
laser beam was calculated at the position of the ultrasound pulse. The fluence was
multiplied by a factor k, which determined the number of tagged photons located
at the ultrasound position. Note that the cross-sectional area of the ultrasound pulse
is significantly smaller than 1 cm?, and that x should not directly be interpreted as
the fraction of photons that pass through the ultrasound pulse that become tagged.
The 1D diffusion approximation was once again used to calculate the flux across the
phantom boundary at the light guide position. The transmittance of the set-up was
then taken into account to obtain the results shown in Figure 4.8(c). Good agreement
was obtained between the simulation and experimental data with x = 0.026 cm?.

The experimentally fitted model was used to calculate the tagged signal strengths
in a theoretically optimized set-up using optical properties similar to muscle (u, =
1

and

pl =11 cm™! [77]). In the optimized set-up, it was assumed that the transmission

0.2 cm™! and p! =5 cm™!, see Chapter 2) and breast tissue (i, = 0.05 cm™

from the light guide output to the detector (see Figure 4.7) was improved to 20%.

2 area of

The laser power was increased to the medical safety limit assuming a 1 cm
laser irradiation and a 25 kHz probe repetition rate. The filter transmittance of the

+1st order tagged photons was set to 100%.

The calculated tagged signals for this optimized set-up are shown in Figure 4.9, in-
dicating that 100 tagged photons would be incident on the detector per probe pulse
through 9 cm of muscle and 12 ¢m of breast tissue. The ultrasound pulse depth was
assumed to be half the tissue thickness in the calculations (as in the experimental
measurements). If the filter is assumed to suppress the untagged photons to a point
where the noise is dominated by tagged photons, the shot-noise limited SNR for a
single-point measurement could be estimated as the square root of the total number
of detected tagged photons. Assuming a 15% detector quantum efficiency and the
average of 200 signals (which would take 8 ms at the 25 kHz probe rate), an SNR of
about 55 could be obtained for the calculated signal level of 100 tagged photons per
probe pulse. It should be borne in mind that the ability to detect changes in the sig-
nal is more relevant in UOT (see discussion on CNR in Section 4.1.1). However, the
potential of signals of ~ 100 tagged photons per probe pulse through ~ 10 cm thick
tissues (~ 5 cm ultrasound depth) seems promising. As concluded in Paper I, these
results allow us to assert the potential to image deep inside human tissue with great
confidence, and is important for future experimental and theoretical comparisons.
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Figure 4.9: Simulated number of tagged photons incident on the detector per probe pulse for an optimized
UOT transmission geometry. The ultrasound depth from which tagged photons are generated was
set to half the tissue thickness. Reprinted with permission from Paper | ©Optica Publishing Group.

Signal strength for arbitrary acoustic fields

A limitation of the results presented in Paper I, is that they are based on the free
parameter, K, describing the efficiency of the tagging process, which depends on the
particular ultrasound pulse used (acoustic peak pressure, volume, frequency, etc.). A
model that calculates the signal strengths from first principle for arbitrary acoustic
fields is desirable. This was investigated by measuring the intensities of the +1st and
+2nd order tagged sidebands, and untagged carriers, as a function of acoustic peak
pressure for various ultrasound pulse volumes and frequencies, and comparison with
simulations. The results are presented in Papers III & IV.

The tagged fraction 1, was defined as:

In
Mh=— (4.11)
Igef
where I, is the intensity measured in the n-th sideband, and I is the intensity mea-
sured in the untagged carrier without the ultrasound pulse present in the phantom.
The total tagged fraction 1, was defined as:

_ Iref— Lo
Mall = ——— (4.12)
Ref

Examples of measurements using a 1.6 MHz centre frequency ultrasound pulse with
dimensions 4 x 4 x 2 mm® (at half pressure) are shown in Figure 4.10. The measured
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values are compared with simulations from first principle using the Monte Carlo-
based tagging model briefly described in Section 4.2.1. For further details, see Paper
III, and the simulation code [62]. In general, good agreement was seen between the
simulation (blue lines) and the measured values (symbols) for the tagged fractions.
However, at higher ultrasound peak pressures (> 1 MPa), there was a discrepancy
between the measured and simulated values of the total tagged fraction 1. Further
measurements using smaller ultrasound volumes and/or a 3.5 MHz ultrasound centre
frequency showed similar results, with good agreement between the simulated and
measured values of 1, and 7,, but a lower value of 1, than the measured values
(Paper III). As yet, there is no explanation for this discrepancy, and this must be
further investigated.
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Figure 4.10: Tagged fraction in (a) all sidebands (b) the +1st order sideband (c) the +2nd order sideband. The
symbols are experimental data, with error bars showing one standard deviation. The blue lines are
the simulated tagged fractions with the shaded area showing the standard error. An ultrasound
pulse with a centre frequency of 1.6 MHz, and dimensions of 4 x 4 x 2 mm?3 (at half pressure) was
used. The phantom was dj, = 3.8 cm thick, with p, =0.008 cm™! and p{ = 6.4 cm™1. The signals
for each ultrasound peak pressure was obtained by averaging 1000 probe pulses. Adapted with
permission from Paper Il ©Optica Publishing Group.

The ~ 30% decrease in the carrier intensity when applying the ultrasound field seen in
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Figure 4.10(a), means that a very large fraction of photons passing through the ultra-
sound pulse are tagged. This was initially surprising. However, a study by Huang et
al. [63] also showed high tagging efficiencies. In their measurements, 70% of the pho-
tons that traversed the ultrasound were tagged using a 1 MHz ultrasound frequency
with 0.47 MPa peak pressure.

The results in Figure 4.10 also show that there can be significant signal in the 2nd
order tagged sidebands. These are photons that are shifted twice by the fundamen-
tal ultrasound frequency, or once by the harmonic of the ultrasound pulse. There
may also be some signal in the 3rd order sidebands, although these photons were
not measured. Preparing filters that transmit both the +1st and +2nd order tagged
photons could thus be considered to maximize the signal. Imaging with 2nd order
tagged photons has been performed to achieve better spatial resolution [78]. Using
the 2nd order would also reduce the requirements on the spectral hole burning filter
bandwidth, and could be investigated further.

Measurements of the tagged fractions were presented above, and in Paper III. How-
ever, it should be noted that the Monte Carlo-based tagging simulation can be used to
calculate the absolute number of tagged and untagged photons (as done in the CNR
comparison presented in Paper VI). The Monte Carlo-based tagging simulation was
compared to the results shown in Figure 4.8 (in unpublished calculations by D. Hill).
The Monte Carlo simulation underestimated the number of +1st order tagged and
untagged photons by a factor of < 1.5 compared to the experimental measurements
and diffusion equation calculations. A first-principle model that predicts the tagged
and untagged UOT signals to this accuracy is useful for theoretical investigations of
the imaging capabilities of UOT in various medical applications. Paper IV describes
how the model could be extended, from simulating single-point measurements, to
1D images (or more) of inhomogeneously absorbing tissues.

4.3.5 Imaging of optically absorbing inclusions

This section presents preliminary data from UOT imaging experiments on optically
absorbing inclusions inside scattering phantoms. Transmission mode has been used in
UOT measurements using spectral hole burning detection presented in the literature,
whereas reflection mode was used here, as it was deemed more generally applicable
for most medical applications.
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Experimental set-up

The same laser and pulse shaping system was used in these experiments as in the trans-
mission mode measurements presented in Section 4.3.4. There are, however, some key
differences, as shown in Figure 4.11. A significantly higher collection efficiency was
achieved by using a small, high etendue cryostat (Optistat CFV, Oxford Instruments),
and preparing the filter in the crystal with a laser beam propagating at 90° to the UOT
signal beam. About 6% of the photons emitted from the light guide reached the de-
tector. This is a factor of ~ 100 improvement compared with the set-up described in
Section 4.3.4. The same PMT detector with a quantum efficiency of 1.7%, was used.

1.3cm 2.4 cm

Laser input usTI
~20 mW

Light guide

PMT
detector

Polarizer

Figure 4.11: Experimental set-up used for UOT studies in reflection mode. UST, ultrasonic transducer.

The spectral filter was prepared using 3900 of the pulses described in Section 4.3.1. The
crystal was cooled to a temperature of ~ 5 K. A magnetic field of the order of 10 mT
was applied across the crystal to increase the hyperfine lifetimes, and thus the filter
lifetime. The filter contrast in this set-up was ~ 25 —30 dB with 80% transmission
within the filter passband.
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A linear array ultrasound transducer (Philips L12-3) with an electronically scanning
focus was used. This allowed 2D images in the yz-plane (see Figure 4.11) to be scanned
point-by-point, by synchronizing the delivery of the optical pulse to different ultra-
sound pulse locations in the phantom. The optical probe pulses had a peak power of
20 mW, a duration of 1ps, and an input beam diameter of about 1 mm. The ultra-
sound and optical pulse repetition rate was 7.4 kHz. Typically, 37 x 25 image voxels
separated by 0.75 mm in both the y and z directions were acquired, after which the
filter was refreshed. The ultrasound frequency was 6.0 MHz. The ultrasound pulse
volume and peak pressure varied depending on the imaging depth, which is not op-
timal since it may cause unwanted tagged signal and resolution variations across the
image. Future experiments would likely benefit from better control of the ultrasound
pulse shape in each image voxel. At an imaging depth of 15 mm, the ultrasound
pressure distribution was Gaussian with a peak positive pressure of 3.8 MPa and di-
mensions of 1.9 x 2.1 x 0.75 mm® (FWHM). At an imaging depth of 30 mm, the
peak positive pressure was 3.8 MPa. The pressure distribution was Gaussian along y
and z with FWHM dimensions of 2.3 mm and 1.1 mm, respectively. The pressure
distribution along x (perpendicular to the ultrasound array) had a central part which
was Gaussian with a FWHM of 0.7 mm. However, it also had 3.7 mm wide super
Gaussian wings with a pressure of about 40% of the peak pressure.

The imaging data presented in this thesis, were obtained using a 9.5 x 9.5 x 4.3 cm3
phantom with g, = 0.025 cm™! and p! = 7.1 cm™!. An inclusion with the dimensions
55x5.5% 5.5 mm?>, and U2 =0.9 cm ™! was added such that it was centred at a depth
of 13.5 or 29.5 mm depending on whether the phantom was imaged from the top or
bottom.

Imaging results

Figure 4.12 shows data from a 2D scan of the inclusion centred at a depth 0of 13.5 mm
in the phantom. The image was averaged 400 times to improve the CNR. The signal
from a single voxel at 2 =4 mm and y = 0 mm is shown in Figure 4.12(a). The
slow light delay is about 1.5ps, which is shorter than that in the set-up discussed
in Section 4.3.4. The higher crystal temperature is believed to be the cause of the
poorer filter performance. It should be noted that, at an imaging depth of 4 mm, the
shortest path from the optical input to the light guide is about 3.8 cm in the reflection
geometry used here (see Figure 4.11). The vertical black dotted lines in Figure 4.12(a)
indicate the time window used to calculate the signal photons in the other parts of
Figure 4.12. Data were also acquired without the ultrasound pulse present in the
phantom to estimate and subtract the small background of untagged photons from
the data.
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The optically absorbing inclusion is seen as a decrease in the number of photons de-
tected in Figure 4.12(b)-(d). However, there are significant signal variations across
the image not caused by the inclusion, as the direct path length between the optical
input and the light guide via each image voxel is not identical for all voxels. Thus, the
signal decreases towards the edges of the image (along y) compared to the centre, and
at greater imaging depths, as can be seen in Fig 4.12(c) and Fig 4.12(d), respectively.
Methods for the removal of these unwanted signal variations to obtain an image that
more accurately represents the true optical absorption of the phantom are desirable.
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Figure 4.12: UOT measurements on a phantom with g, =~0.025 cm™! and p/ = 7.1 cm~!, containing a 55 x 5.5 x
5.5 mm? large inclusion with y, =~ 0.9 cm~1, centred at a depth of z=13.5 mm. All the data were
taken at x =0 mm. The average number of photons incident on the detector per probe pulse is
referred to as photons on the figure axes. The data were averaged 400 times. (a) Signal from the
voxel located at y =0 mm and z=4 mm. The vertical black dotted lines indicate the time window
used to calculate the signal in the other parts of the figure. (b) 2D image, where the position of
the inclusion is indicated by the white dashed square. (c) 1D scan along y at a depth of z=13.5 mm
(d) 1D scan along z at y =0 mm. The brown dot-dashed line is an exponential function added to
guide the eye, and and make it easier to see the decrease in the signal due to the inclusion. In (c)
and (d), the position of the inclusion is indicated by the grey shaded area.

One method of removing these signal variations along the y direction is to mechani-
cally move the optical input, light guide, and ultrasound transducer (with a transducer
that provides ultrasound pulses along a single line). However, this approach is ex-
pected to be more time consuming than an electronically scanning ultrasound focus.
Alternatively, the tissue illumination and detection geometries could be optimized to
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minimize the problem along the y direction by providing a more even light distribu-
tion. For example, Kim et al. have used ring shaped illumination [79]. The model
presented in Papers IIT & IV, could be used as a tool to investigate different tissue il-
lumination and detection geometries. It may also be possible to compensate the signal
variations along both the y and z directions using theoretical modelling based on the
Monte Carlo method or diffusion theory. For example, it is possible to use the models
presented in Papers III & IV, to calculate the expected UOT image in the absence of
the inclusion, and use this to normalize the experimental data. This approach requires
knowledge of the optical properties of the background medium, which is available for
the phantoms used here. However, the feasibility of such an approach in actual bi-
ological tissues, where the background medium is not homogeneous and the optical
properties are not know, would have to be investigated. Ultimately, it may be possible
to develop UOT image reconstruction models based on solving the inverse problem.
This has been investigated by Powell et al. [80], and is currently being investigated by
David Hill in our group. A two (or multiple) wavelength imaging approach could also
be considered depending on the medical application. It may be possible to normalize
the data acquired at one wavelength to the data acquired at another wavelength. Still,
knowledge of the scattering coefficients of the tissue at the two wavelengths used in
such an approach is desirable.

Figure 4.13 shows a UOT image of the inclusion centred at a depth of 13.5 mm, that
has been normalized to simulated data in the absence of the inclusion. The inclusion
is much more prominent than in the unprocessed image shown in Fig 4.12(b), and
the signal contrast more accurately reflects the true difference in optical absorption in
the phantom.
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Figure 4.13: The experimental UOT image shown in Figure 4.12(b) normalized to simulated data in the absence
of the inclusion. The position of the inclusion is indicated with the white dotted box.
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Increasing the tagged signal using reflecting films

A simple yet effective means of increasing the UOT signal, is to place reflecting ma-
terials on the tissue surface to prevent photons from leaking across the surface. The
use of reflecting films for this purpose (3M optical film, American Polarizers) was in-
vestigated. Measurements made in the reflection mode set-up shown in Fig 4.11 are
presented. It should, however, be noted that measurements made in the transmission
geometry (Figure 4.7) gave a similar increase in signal.

The reflecting film was cut into the shape shown in Figure 4.14(a), and placed on the
surface of the phantom. Figures 4.14(b) and (c) show measurements from an imaging
depth of 29.5 mm with and without the reflecting film. It can be seen that both
the tagged and untagged signals are increased by a factor of ~ 3. This demonstrates
that reflecting films can be used to increase the UOT signal, and should therefore be
considered in the design of future UOT systems.
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Figure 4.14: Increase in signal strength as a result of using reflecting film. (a) Schematic drawing of the re-
flecting film used with the set-up depicted in Figure 4.11. (b) Examples of signals obtained with
and without reflecting film from a single image voxel at a depth of z=29.5 mm and y =8.25 mm.
(c) 1D image of an inclusion at a depth of 29.5 mm. The grey shaded region indicates the position
of the inclusion. The data were averaged 400 times.
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4.4 Set-up improvements

The UOT set-up could be significantly improved to enable imaging at greater depths
and/or faster imaging and/or to improve the ability to measure smaller differences
in optical absorption. Suggestions for potential improvements to the system are pre-
sented below.

The quantum efficiency of the detector was measured and found to be 1.7% for a beam
filling the whole detector area. This is lower than the efficiency specified by the man-
ufacturer, and is believed to be due photocathode degradation due to overexposure.
PMT detectors with a specified quantum efficiency of 15% are, however, available. A
silicon photomultiplier (also known as multi-pixel photon counter), cooled to reduce
the dark count rate, may also be suitable as a detector. The improvement in signal
using such a detector should be a factor of ~ 10.

The set-up presented in Section 4.3.5 had a transmission of 6% from the output of
the light guide to the detector. The polarizer in the set-up had an unpolarized trans-
mission of 35%. The spectral hole burning materials presented in Chapter 5 should
provide good filter contrast, regardless of the input polarization, and the polarizer
could simply be removed. Neither the lenses nor the crystal in the current set-up
have anti-reflection coatings for 606 nm. Adding anti-reflection coatings should lead
to some signal improvement, although the exact amount is unclear. We expect to
be able to achieve similar or higher etendue compared with the light guide using a
custom design UOT cryostat recently delivered to our department. The available
improvement in signal should be a factor of ~ 10.

Optical probe pulses that were 1ps long with a 20 mW peak power, delivered at a
repetition rate of 7.4 kHz were used in UOT imaging experiments presented in this
thesis. At this rate, ~ 5 x 10 photons are delivered per second. If the laser beam
is expanded to 1 cm?, the number of input photons per second can be increased to
~ 10'8 and still be with the medical safety limit of 300 mW/cm? for average radiation
at 800 nm [65]. The signal improvement should be a of factor of ~ 2000, but the
number of photons could be further increased by increasing the area of the laser beam
illuminating the tissue. In the scheme using 1 ps long optical pulses to scan the UOT
image point-by-point, 8 W of laser power would be needed to reach the medical limit,
assuming a probe repetition rate of 25 kHz and a 1 cm? beam area. It should be noted
that it is not possible to probe at higher rates as this would result in two ultrasound
pulses in the tissue simultaneously. Alternatively, it is possible to use longer laser
pulses with lower peak power to follow the ultrasound pulse as it propagates through
the tissue, and thus scan a 1D line for each ultrasound pulse. This is commonly done
in the UOT experiments presented in the literature. In such a scheme, the laser peak
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power required to reach the medical safety limit is lower.

The findings presented here indicate that it should be possible, and straight-forward,
to increase the signal by a factor of ~ 200 000 compared with the current UOT imag-
ing measurements, which, combined with the novel high-contrast filter materials pre-
sented in Chapter s, should result in significantly improved imaging capabilities.

4.5 Potential medical applications

Ultrasound optical tomography has currently not demonstrated iz vivo capabilities in
human tissues. Further research is required before it is clear what the performance of a
future UOT device could be, and for which applications UOT would add significant
value over other existing imaging modalities. In the Quantum Information Group
in Lund, we believe that UOT can have several potentially impactful applications,
especially when combined with spectral hole burning filters, due to the large projected
imaging depths presented in Paper VI (Figure 4.4) and Paper I (Figure 4.9). In this
section, different applications for UOT are discussed speculatively.

4.5.1 Breast tumour imaging

Breast cancer is the most commonly diagnosed cancer worldwide with about 2.3 mil-
lion new cases in 2020 [81]. Diagnosis and screening is commonly performed using
mammography, which uses ionizing X-ray radiation to form images. Functional con-
trast can be provided by diffuse optical tomography, but with limited spatial resolu-
tion [1], or photoacoustic tomography, which provides sub-millimetre spatial resolu-
tion at a few centimetre depth [3].

UOT in a transmission geometry should be well suited to breast imaging, and has
lower filter contrast requirements compared to a reflection geometry, as previously
discussed. The results presented in Paper I (see Figure 4.9) indicate that it may be
possible to detect acousto-optic signals with an SNR of ~ 20 in ~ 1 ms through
~ 12 cm thick beast tissue using a 4 x 4 x 2 mm3 sized ultrasound pulse (half pres-
sure). It should thus be possible to measure at any location in the breast, and a 2D
image containing 100 voxels could, for example, be measured in ~ 0.1 s. It is unclear
what the image spatial resolution would be due to the somewhat peculiar ultrasound
pulse shape used (see Paper I). However, the resolution would not be as good as for
photoacoustic tomography, but better than for diffuse optical tomography. The im-
age spatial resolution could be improved by decreasing the volume of the ultrasound
pulse. However, this would decrease the tagged signal strength, and therefore require
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longer measurement times to achieve the same signal SNR.

There is a spread in the optical properties of breast tumour tissue reported in the lit-
erature. Generally, there seems to be a rather significant change in optical properties
between healthy tissue and tumour tissue. For example, Tromberg et al. measured a
factor ~ 2 difference in the optical absorption coefficient [82], which should provide
a measurable contrast between tumour and no tumour in a UOT image. Grosenick
et al. have reported an increase in the reduced scattering of ~ 20% for carcinomas
compared to healthy breast tissue [83]. Theoretical calculations similar to those pre-
sented in Paper VI (Figure 4.4) would be useful to understand the UOT techniques
potential to detect breast tumours.

4.5.2 Brain imaging

Human brain imaging is a sought after application, both for diagnosing brain diseases,
such as stroke, and to better understand how the brain functions. UOT may be an
interesting technique for such applications. However, the skull bone presents a major
challenge for ultrasound-based techniques due to its acoustic attenuation (absorp-
tion, scattering, and reflection) and waveform distortion. The acoustic attenuation
increases with ultrasound frequency and skull bone thickness. The thinnest part is
usually the temporal bone with a thickness of ~4 mm [84], which thus appears to
be a suitable location for delivering ultrasound into the brain. UOT has the advan-
tage compared to ordinary ultrasound imaging that the ultrasound pulse only has to
propagate once, and not twice through skull. For UOT methods such as single-shot
off-axis holography, lower ultrasound frequencies can be used. Lui et al., for exam-
ple, used a 1 MHz ultrasound frequency for their UOT measurements through a
human skull [8]. Their ultrasound field was distorted, and attenuated to 10 — 20%
in the presence of a 3 —5 mm thick skull. The lowest ultrasound frequency that can
be used in a UOT set-up with spectral hole burning filters, depends on the homo-
geneous linewidth, and other spectroscopic properties of the rare-earth filter material
and transition. Filter materials with transition wavelengths within the tissue optical
window that support the use of a 1 MHz ultrasound frequency still has to be iden-
tified. The spectral filter results presented in Section 5.6.7, however, indicate that
a high-contrast filter for an ultrasound frequency of ~ 2 —3 MHz may be possible.
To better understand the spectral hole burning method’s usefulness for human brain
imaging, experimental studies of how to optimally focus ultrasound in this frequency
range through the skull are of interest.
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Chapter s

Spectral hole burning materials for
biomedical applications

So far, UOT experiments have been performed using Pr¥*:Y,SiO5 [9] and Tm3*:YAG
filters [27—29, 85]. The Pr3*:Y,SiO5 filters used in the studies presented in Chapter 4
provide ~ 30 dB tagged/untagged contrast, but are less suitable for practical applica-
tions due to the high optical attenuation by biological tissues at the 606 nm operating
wavelength. Tm3*:YAG filters have demonstrated 14 dB filter contrast [27]. The
transition wavelength of 793 nm is close to the isosbestic point of Hb and HbO3,
and could therefore be suitable for measuring relative blood volume in tissues where
haemoglobin is the dominant absorber. Additional filters at wavelengths further away
from the isosbestic point are required to measure tissue oxygen saturation. It is also
desirable to improve the filter contrasts in order to achieve a better image CNR (see
Section 4.2) and ultimately advance the technique towards in vivo measurements.
This chapter summarizes our investigations of novel spectral hole burning materials
for high-contrast UOT filtering at wavelengths suitable for imaging deep inside tissue.

Several rare-earth-ion-doped materials and transitions may be suitable filter candi-
dates. Figure 5.1 shows a so-called Dieke diagram of the available transitions for
triply ionized rare-earths in LaF3 within and near the first tissue optical window. The
challenge lies in identifying a suitable combination of rare-earth element, and crystal
host. Several of the transitions shown in Figure 5.1 may be considered. The transi-
tions shaded green could be interesting for UOT filtering, since the energy gap to
the lower-lying level is sufficiently large for phonon relaxation rates to potentially be
suppressed in a low-maximum-phonon-energy host. The grey transitions will almost
certainly be limited by rapid phonon relaxation, and are thus not suitable for UOT
filtering. These 12 potential transitions, and a large number of crystal hosts, together
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offer many potential combinations.
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Figure 5.1: Dieke diagram showing the approximate wavelengths of available transitions for triply ionized
rare-earth elements in LaFs within and near the first tissue optical window (650 — 950 nm). The
transition wavelengths vary slightly with the host material. Europium, cerium, gadolinium, and
terbium have no transitions within the optical window and are therefore not included in the figure.
Promethium is radioactive and is therefore also omitted. The figure was generated using data from
Carnall et al. [86, 87].

s.1  Filter material requirements

Apart from a transition wavelength within the tissue optical window, a rare-earth
material for UOT filtering must fulfil several other requirements, as illustrated in Fig-
ure 5.2(a). Since the tagged and untagged photons are close in frequency (a few MHz),
it must be possible to burn ~ 1 MHz bandwidth spectral filters in the inhomogeneous
absorption profile of the material. The filter should ideally have minimal attenuation
of tagged photons inside the passband, while maximally attenuating the untagged
photons outside the passband, and a steep frequency roll-off.

The homogeneous linewidth T, affects the filter frequency bandwidth and roll-off,
and attenuation of tagged photons in the passband. The homogeneous linewidth of
the dopant ions must be significantly less than the desired spectral width of the filter.
Materials with I', ~ 100 kHz or less are thus primarily of interest for UOT flters.

The peak optical absorption coeflicient must be sufficiently high to achieve the de-
sired attenuation outside the filter passband. For example, it can be calculated that an

absorption coefficient of 7 cm™! is required to obtain 60 dB attenuation with a 2 cm

1

long crystal. Therefore, materials with an absorption coefhicient > 7 cm™ are pri-
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marily of interest. However, longer crystals could be considered for materials with a
lower absorption coefficient. Light will be guided through the crystal via total internal
reflection.
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Figure 5.2: (a) A UOT filter material must be capable of supporting ~1 MHz bandwidth filters with a sharp
roll-off, i.e. narrow Af, low tagged attenuation and high untagged attenuation. (b) Absorption
coefficients for Hb and HbO,. The dashed vertical lines show the approximate filter wavelengths
of thulium- and neodymium-doped materials.

The lifetime of the spectral hole is important, since it determines how often the filter
must be refreshed. Generally, materials with spectral hole lifetimes of several seconds
or more were considered. However, the ratio between the filter preparation time and
the available UOT measurement time before the filter needs to be refreshed is the
more relevant figure of merit. If this ratio is < 1, most of the time can be allocated to
acquiring the UOT image, and the CNR will not be significantly degraded. Materials
with filter preparation times shorter than the filter lifetime are thus desirable.

To highlight the effect of population decay on the filter transmission, we can consider
a UOT filter that is burnt at a frequency where the absorption coefhicients before
and immediately after burning are ap and zero, respectively. The absorption coeffi-
cient recovers with a single time constant 7. The absorption coeflicient at the filter
frequency as a function of time A pass (1) i then described by:

apass(t) = aB(l - e_t/T) (51)

The transmission in the filter passband Tjqs for a certain filter crystal length Lc can
be expressed:

T

— Qpass (1 Lc
pass — € Fpans () (52)

Figure 5.3 shows the transmission over time through a 1 cm long filter crystal with an
absorption coefficient of ap =15 cm™! for time constants, T, of 10 s and 100 s. It is
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clear from this figure that the filter transmission degrades to a point where the filter
must be refreshed on time scales shorter than the lifetime of the metastable states that
store the population that make up the spectral filter.
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Figure 5.3: Decay of transmission and recovery of a;.ss(1) at the filter centre frequency for 1 =10sand 7 =100s. It
was assumed that ag = 15 cm~! before burning, and zero immediately after burning, and L. =1 cm.

Figure 5.3 also shows that a large fraction of the population at the filter burn frequency
must be transferred to a storage state, otherwise the filter transmission will be low. In
other words, it must be possible to burn deep spectral holes in the materials. If ~5%
of the population remains in the passband, the transmission will be ~ 50% in the
above example. Long-lived spectral holes do not necessarily mean that it is possible
to burn deep holes. With each excitation of an ion, there might be a rather small
probability that it will decay to the storage state. The excitation process must then
be repeated several times before the ion is successfully transferred to the storage state.
‘The branching ratio into the storage states is thus important.

Several important spectroscopic properties must therefore be characterized in order to
determine whether a rare-earth-ion-doped material is suitable for UOT. The spectro-
scopic properties of a few thulium- and neodymium-doped materials presented in the
literature are presented below. Thulium-doped into lanthanum trifluoride (LaF3) ap-
pears to fulfil the above discussed requirements, and the experimental characterization
of this material is also described.
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5.2 Neodymium-doped materials

Neodymium-doped materials have four transitions within the tissue optical window,
see Figure 5.1. However, only the *Ig/-*F3,, transition at ~880 nm has shown in-
teresting properties. The other transitions likely have broad homogeneous linewidths
due to a short excited state lifetime caused by rapid phonon relaxation to the lower ly-
ing levels. The ~880 nm transition provides sensitivity to tissue oxygenation as shown
in Figure 5.2(b). A decrease in oxygenation results in a decrease in the absorption co-
efficient (for a fixed blood volume).

Neodymium has an odd number of electrons, and therefore has half-integer elec-
tron spin. Each crystal field level is at least doubly degenerate. The levels can be
split by applying an external magnetic field, which allows spectral holes to be burnt
into these electronic Zeeman levels. There are several naturally occurring isotopes of
neodymium, 80% without nuclear spin, and 20% with nuclear spin (I = 7/2) [88].
The isotopes with nuclear spin possess hyperfine structure, and thus additional shelv-
ing states for spectral hole burning applications.

Based on the spectroscopic data available on neodymium-doped crystals in the lit-
erature, neodymium-doped yttrium orthovanadate, Nd3*:YVOy, appears to be an
interesting candidate for UOT. The material has a high peak absorption coefficient
of ~ 40 cm™! [89]. Homogeneous linewidths of ~ 10 kHz have been measured at
1.5 K for a magnetic field of ~ 1000 mT [90]. Deep spectral holes have been burnt
resulting from population storage in the electronic Zeeman levels at 2.8 K with a
magnetic field of 300 mT. However, these spectral holes contained a decay compo-
nent of 18 ms [91]. Due to this short lifetime, the present work was instead focused
on thulium-doped materials. However, Liang et al. recently showed that spectral
holes with a decay component of ~ 200 ms could be burnt in an isotopically pure
142N d3+.YVO, crystal cooled to 1.5 K [92]. Spectral hole lifetimes could potentially
be further increased by doping with 13Nd3* or 195Nd3*, which are the neodymium
isotopes with nuclear spin, as spectral holes could be burnt into the hyperfine lev-
els. This has been shown for Nd3*:Y»SiO5 [93], and could also be investigated for
isotopically pure Nd3*:YVOy, to enable the use of the material in UOT.

5.3 Thulium-doped materials

Figure 5.4 shows the relevant energy structure for the thulium system. The 3Hpg-
3F3 and 3Hg-3Hy transitions have wavelengths within the tissue optical window at
around 690 and 790 nm, respectively. As mentioned above, the 790 nm transition
is close to the isosbestic point of Hb and HbO,. The 690 nm transition provides
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good sensitivity to tissue oxygenation, as can be seen in Figure 5.2(b). The tissue
absorption coeflicient at 690 nm increases as the oxygenation decreases (for a fixed
blood volume). The thulium wavelength pair could potentially be used to achieve an
oxygenation-sensitive UOT system, possibly in combination with the neodymium
transition at 880 nm. The *Hjs level is conventionally known to be relatively short-
lived and is thus not included in the subsequent discussion. The 3F, level is often
called the bottleneck level, and commonly has lifetimes of ~ 10 ms.

No B-field B-field
3k, A il m;=+1/2
3H, yy LT m = +1/2
~690 nm ~790 nm
3H,
3F,
Hy o 5 m; = £1/2

Figure 5.4: Approximate energy level structure of a Thulium-doped crystal. The figure only shows the lowest
energy crystal field level in each electronic state.

There is only one naturally occurring isotope of thulium with nuclear spin I =1/2. In
the absence of a magnetic field, the two nuclear states are degenerate, and there is no
hyperfine structure. However, applying a magnetic field splits each level into two spin
states (my = £1/2) via the enhanced nuclear Zeeman interaction [94-96]. It should
be noted that this splitting is generally different for the different levels, although they
are illustrated as being identical in Figure 5.4. This allows the burning of spectral holes
due to population storage in the nuclear states. The lifetime of the nuclear states are
dependent on temperature and magnetic field strength/direction. The selection rule
Amy = 0 is relaxed to various degree in thulium-doped materials and strongly depend
on the magnetic field direction due to different spin-state mixing [97].

s.3.1  The 3Hg-3H, transition

The low-temperature spectroscopic properties of the *Hg->Hy transition of Tm3*
have been presented in the literature for a wide range of host materials. Several of
these hosts exhibit properties indicating that they may be suitable candidates for UOT
applications. The 3Hg-*Hy transition in Tm3*:YAG has already been used for UOT
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with a filter contrast of ~ 14 dB [27]. It is therefore interesting to investigate this
transitions further, to better understand its potential for filtering applications. YAG,
LiNbOs, and Y»SiOs5 hosts are discussed in the remainder of this subsection based on
the spectroscopic data available in the literature. Spectroscopic data from measure-
ments by our group on the LaF3 host are presented mainly in Section s.6.

Tm?*:YAG

Tm3*:YAG is one of the more well studied rare-earth materials at cryogenic temper-
atures, and has also been considered for other applications within quantum informa-
tion science [98] and radio frequency signal analysis [26]. A homogeneous linewidth
of 3 kHz has been measured in 0.17%Tm3*:YAG at 1.5 K with a magnetic field of
43.8 mT [99], and Laudereau reported a linewidth of 44 kHz at 3 K for a doping
concentration of 2% [100]. This is an acceptable linewidth for application in UOT.
The absorption coefficient is 27 cm™! for a doping concentration of 2% [28]. Spec-
tral hole lifetimes longer than 100 s are possible [95]. However, based on the results
of previous UOT experiments using Tm3*:YAG, it appears that burning deep filters
with high transmission in the passband in a centimetre-sized crystal with a doping
concentration of 2% is challenging [29].

Tm3":Y,Si05

Spectroscopic studies of thulium-doped Y»2SiOs have been presented by Venet et
al. [96], and by Equall [101]. Rare-earth-ions replace yttrium in the crystal lattice
in two different sites of C1 symmetry. The Y2SiOs5 host is frequently used doped
with Eu3*, Er®*, or Pr3T, but is not optimal for Tm3* to obtain narrow homoge-
neous linewidths due to the small energy gap to the nearest crystal field level of 3Hg.
The linewidths for sites 1 and 2 are 66 and 241 kHz, respectively. This limits the
usefulness of Tm3*:Y,SiOs for applications in quantum information science, but the
linewidth of site 1 is sufficiently narrow for UOT. The absorption coeflicient for a
doping concentration of 0.1% is 11 cm™! along the D axis, but a factor ~ 10 lower
along Dy. Venet et al. reported that it was possible to burn deep spectral holes, and
spectral hole lifetimes of 1.6 s were measured with a 6.6 mT magnetic field. The re-
sults presented by both Venet et al. and Equall, thus demonstrate that Tm3*:Y,SiO5
is a promising material for UOT filtering.
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Tm3*:LiNbO;

Measurements on Tm3*-doped congruent LiNbO3 have been presented by Thiel et
al. [102, 103]. The homogeneous linewidth was reported to be ~ 10 kHz at 1.5 K
with a magnetic field of ~ 35 mT, and 65 kHz at 3 K in zero magnetic field, which is
expected to be sufficiently narrow for UOT. The absorption coefficient was 15 cm™
with a dopant concentration of 0.1%, which is high for materials doped with this
concentration of Tm3*. Spectral hole lifetimes were found to be ~ 45 s at 1.7 K
for a magnetic field of ~ 35 mT along the crystal c-axis. The spectral hole depth
achievable is somewhat unclear, and this requires further investigation. Tm3*-doped
stoichiometric LINbO3 has also been suggested to potentially have further improved
properties by C. W. Thiel at Montana State University, USA (in personal commu-
nication). However, no experimental data are currently available. In our opinion,
Tm3*:LiNbOj is an interesting candidate for a UOT filter material, and we plan to
perform spectroscopic measurements on this material in the near future.

5s.3.2 The 3Hg-3F; transition

The T lifetime of the 3F3 level in most Tm3*-doped materials is expected to be short
due to non-radiative decay caused by multi-phonon relaxation to the lower-lying 3Hy
manifold, as described in Section 3.5. Commonly used host materials such as Y2SiOs
and YAG have rather high maximum phonon energies, leading to expected 3Fj life-
times of the order of 100 ns or less. This implies T7-limited homogeneous linewidths

> 1 MHz, which is not feasible for UOT filters.

To the best of the author’s knowledge, the only spectroscopic measurements on the
3H-3F3 transition relevant for applications in UOT have been performed by Mac-
farlane and Dejneka [104]. The results of their spectral hole burning studies indicated
that the homogeneous linewidth of the 3Hg-3F; transition in 0.02% Tm3*:LaFs is
much smaller than 1 MHz at 1.5 K, which is interesting and warrants further studies.

s.4 Rare-earth spectroscopy set-up

The typical experimental set-up used for spectroscopic measurements on thulium-
doped crystals in the present work is shown in Figure s.5. However, different cryostats,
lasers, and detectors, etc., were used. A laser with a narrow linewidth (< 100 kHz)
was used to provide light at the desired wavelength. The absolute laser frequency was
recorded using a wavemeter. A Faby-Perot interferometer was used to calibrate wider
(~10—-100 GHz) frequency scans. An acousto-optic modulator (AOM) was used for
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pulse shaping. A reference detector recorded the light before the crystal. Polarization
optics and lenses were used to set the desired polarization and laser beam size at the

crystal, which was mounted inside a cryostat. A magnetic field of up to 1 T could
be applied across the crystal. A gating AOM was used after the cryostat to suppress
excitation pulses when necessary, to avoid saturating the transmission detector, which
detects the light transmitted through the crystal.

Cryostat
Lens Gating AOM

shaping

Reference
detector l’

Figure 5.5: General experimental set-up used for spectroscopic measurements on Tm3*-doped crystals.
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s.s 'The *Hg-"F; transition of thulium in low phonon energy
hosts

Paper V presents measurements on five different thulium-doped materials, carried out
in collaboration with the Cone and Thiel group at Montana State University, USA.
Fluorides and alkali lead halides were chosen as the crystal hosts for this study due
to their relatively low maximum phonon energies, which should translate into lower
phonon relaxation rates, and thus potentially increased *F3 lifetimes and narrower
spectral holes. Table 5.1 summarizes the results.

Table 5.1: Results of spectroscopic measurements on the 3Hg-3F3 transition of Tm3* in crystals with low maxi-
mum phonon energy. There are two sites in Tm3*:CaF, with C3y and C,y symmetry [105].

Material Wavelength  Hole width 77 lifetime
Tm3*:KPbyBrs ~ 698.637 nm  ~20 MHz 99.9 s
Tm3*:LaF3 689.556 nm 380 kHz 1.31ps
Tm3*:BaY, Fg 688.78 nm  10.9 MHz 0.69 ps
Tm3*:YLiF, 685.07nm 8.4 MHz -
Tm3*:CaFy C3y  694.502 nm - 1.30 ps

Tm3*:CaFy C4y  682.156nm  25.9 MHz 0.61 ps

Spectral hole widths of ~ 10 MHz were observed in Tm3*:BaY,Fg, Tm3*:YLiF, and
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Tm3*:CaFy (Cyy site), indicating that these materials are unsuitable for UOT fil-
tering. Hole burning spectroscopy on Tm3*:CaF; (Csy site) was prevented by laser
tunability problems, and the fluorescence signal was to weak to measure the T life-
time in Tm3":YLiF,. A laser with a much broader linewidth had to be used to reach
the transition wavelength in Tm3*:KPb,Brs. The ~20 MHz hole width measured
in this material was limited by the laser linewidth. However, the long Tj lifetime
in Tm3*:KPb,Brs, suggests that it may be possible to significantly decrease the hole
width by narrowing the laser linewidth. The burning of 380 kHz wide holes was
possible in Tm3*:LaFs, indicating that the material is a potential candidate for UOT
filtering, and motivating further spectroscopic studies.

5.6 Thulium-doped LaF;

Lanthanum trifluoride can be described as a trigonal unit cell with lattice parameters
a=0.72 nm and ¢ = 0.74 nm, and exhibits three-fold (C3) rotation symmetry about
the crystal c-axis [106, 107]. LaF3 is uniaxial with the optical axis coinciding with the
c-axis, and the refractive index in the visible and near-infrared wavelength regions is
about 1.6. Rare-earth dopants replace lanthanum in sites of two-fold C2 symmetry.
In total, there are three magnetically non-equivalent sites. Figure 5.6 illustrates how
the Tm3*:LaF3 samples were oriented in the spectroscopic measurements presented
in this work, i.e., the c-axis and one of the C2 axes were both aligned with sides of the
cuboid samples. The samples had Tm3* doping concentrations of about 0.1%, 0.5%,
and 1%.
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Figure 5.6: Orientation of the Tm3+:LaF3 samples on which spectroscopic investigations were performed. The
crystal c-axis and one of the C2 axes were aligned with sides of the cuboid cut samples.
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5.6.1  Crystal field level structure

Knowledge of the energy of the lowest-to-lowest transition is generally sufficient for
UOT, and the energy of the other crystal field levels may be considered less important.
From an atomic physics perspective it may, however, be useful to know the splitting
to nearby crystal field levels, since this can help improve our understanding of the
mechanisms that limit the homogeneous linewidth and spectral hole lifetimes. The
energy level structure of Tm3*:LaFs at liquid helium temperature was measured by
Carnall et al. already in 1970 [108]. Paper V presents both absorption spectra around
685—690 nm and the fluorescence spectrum from >Hy used to obtain the crystal field
structures of the 3F3 and ®Hg levels, respectively. Because thulium ions occupy sites
of low symmetry in LaF3, 2] + 1 spectral lines should be observed in the absorption
spectra, corresponding to transitions from the lowest energy crystal field level of 3Hg
to each of the 2] + 1 crystal field levels in the 3F3 Stark manifold. However, only 6
lines were observed in the present work. The energies measured in this work and by
Carnall et al. [108] are summarized in Table 5.2.

Table 5.2: Observed energy structure of the 3Hg, 3H,, and 3F3 levels measured in this work (Paper V) and by
Carnall et al. [108].

Level This work (cm™!)  Carnall et al. [108] (cm™!)

3H6 o o
69.3 67
95.0 -
124.1 118
136.4 -
159 -
185 -
207 -
228 -
241 -
274 -
343 -
373 -
3H4 12 §54.6 12 561
3F3 14 502.1 14 508
14 533.7 14539
14 548.0 14554
145492 14 569
14 582.9 14 588
14 59I1.0 14 596
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5.6.2 Inhomogeneous optical absorption

The 3Hg-3F3 and 3Hg-Hy transitions have wavelengths of 689.556 and 796.521 nm,
respectively. These transitions are strongly polarized perpendicular to the crystal c-
axis. The absorption coefficient of light propagating along the c-axis, is therefore the
same regardless of input polarization, which is beneficial when filtering depolarized

light, as in UOT.

The inhomogeneous absorption of the *Hg-3F3 transition was obtained by measur-
ing the optical transmittance through the crystal while frequency scanning the laser
around the transition wavelength, and converting it to the absorption coefficient us-
ing the Beer-Lambert law. A peak absorption coefficient of 15.2 cm™! was measured
for the sample containing 0.5% Tm3*, as shown in Figure 5.7(a). This is sufficient for
UOT, since a 1.2 cm long crystal (which is a reasonable size to grow, see Ref. [109]
and Section 5.6.7), should theoretically provide ~ 80 dB optical attenuation.
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Figure 5.7: (a) Inhomogeneous absorption profile of the 3Hg-3F3 transition and (b) inhomogeneous absorption
profile of the 3Hg-3H, transition. The solid blue and green lines in (b) are Lorentzian fits to the data
(symbols). The inhomogeneous absorption profile for the 3Hg-3H, transition in 0.1% Tm3*:LaF; (red
line) was plotted based on the peak absorption coefficient and linewidth given by Macfarlane [107].

The 3Hg-3Hy transition, however, had a significantly lower peak absorption coeffi-
cient of 3.2 cm™! for a doping concentration of 0.5%, as can be seen in Figure 5.7(b).
The data were collected using the optical nutation technique described, for example,
by Vega et al. [110], where the initial and final transmission of a single-frequency,
constant-intensity laser pulse are compared to calculate the absorption coefficient.
Increasing the doping concentration from 0.5% to 1.0% unfortunately only doubled
the inhomogeneous linewidth without increasing the peak absorption coefficient. To
achieve ~ 80 dB attenuation, a 5.8 cm long crystal would be required. As mentioned
above, long crystals can be used, as light will be guided via total internal reflection.
However, based on these results, our group plans to investigate other hosts instead,
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for example LiNbOg3, where the 3Hg-3H, peak absorption coefficient is higher.

5.6.3 Optical homogeneous linewidth: Temperature dependence

The homogeneous linewidth can be determined using a technique known as photon
echo spectroscopy. Photon echoes are similar to spin echoes in nuclear magnetic res-
onance. The technique has been well described in the literature, see, for example,
[111], and therefore, only a brief description is given here. A short laser pulse creates
coherence between the ground and excited states for ions within a narrow bandwidth
of the inhomogeneous absorption profile. Initially the ions are in phase, but they de-
phase due to their different resonance frequencies. At a time 713 after the first pulse, a
second short laser pulse is delivered, which reverses the dephasing due to the different
resonance frequencies. At a time 717 after the second pulse, the ions rephase, and emit
a burst of radiation called a photon echo. The ability of the ions to rephase depends
on their T, coherence time. The T» coherence time can be obtained by measuring
the decrease of the intensity of the emitted echo as a function of the time between the
excitation pulses 712. The homogeneous linewidth can be calculated from T» using
Equation (3.1).

The temperature dependence of the optical homogeneous linewidth of the 3Hg-3Fs3
transitions in 1% Tm3*:LaF3 was measured using photon echoes with results presented
in Figure 5.8. The data were fitted to a model describing linewidth broadening due to
direct phonon transitions to a nearby crystal field level [112—-114]:

=Tg+acer —1)7! (5.3)

where, T'g is the ultimate linewidth at absolute zero temperature, A the energy sep-
aration to the crystal field level, and a. the coupling coefficient. The parameters
extracted from the fit were A =25.5 cm™!, [y = 170 kHz, and a. = 0.76 GHz. The
energy separation to the nearest crystal field level in 3F3 is 31.6 cm™! (see Table 5.2).
These results thus support that resonant phonon absorption to the adjacent crystal
field level in 3F3 contribute mostly to linewidth broadening in the investigated tem-
perature range. No clear change in the homogeneous linewidth was observed when
applying a 100 mT magnetic field. Homogeneous linewidths down to 117 kHz (T3 -
limited linewidth) were measured in the 0.1%Tm3*:LaF3 sample (see the thesis by
Marsh [41]). Thulium concentration thus appears to affect the linewidth. The re-
sults provide useful information on the temperature required to use Tm3*:LaF3 in
UOT. It can be seen from Figure 5.8 that the homogeneous linewidth of the 3Hg-3F3
transition is not significantly decreased at temperatures lower than 3 K, but is rapidly
increased at temperatures higher than 3 K. Temperatures of ~ 3 K are achievable with
comparatively compact high-etendue commercial close-cycle cryostats.

67



It must be noted that a day-to-day variation in the homogeneous linewidth measured
at a specific temperature of almost 10% was observed in the 1% sample. This is larger
than the uncertainty in the homogeneous linewidth obtained from a typical echo
decay measurement, and indicates systematic error. In general, the random error is
often smaller than the systematic error in many of the spectroscopic measurements
presented in this thesis. The error bars due to random error are often of similar size or
smaller than the symbols displayed in the plots. An accuracy better than 10% is not
necessary when characterizing the spectroscopic properties of a material for UOT.
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Figure 5.8: Temperature dependence of the homogeneous linewidth of the 3Hg-3F3 transitions in 1%Tm3+:LaF;
in zero magnetic field. The error bars on the experimental data represents the 95% confidence
interval. The solid black line is a fit to Equation (5.3). The best-fit parameters are shown in the
insert.

Macfarlane have previously reported a homogeneous linewidth of 45 kHz for the
3Hg-3H, transition 0.1%Tm3*:LaF3 at 1.5 K [99]. We measured a homogeneous
linewidth of about 65 kHz in 1% Tm3":LaF3 at 2.17 K. The linewidth was decreased
to ~ 30 kHz when applying magnetic field of 100 mT. In general, the homogeneous
linewidth of the 3Hg->Hy transition is narrow enough for applications in UOT.

5.6.4 Lifetimes of H, and 3F,

If a spectral hole is burnt in the 3Hg-3F3 transition, ions will decay from the 3F3 to
the 3Hy level on a timescale of ~ 1ps. A fraction (1— f8) of the population will decay
from 3Hy, to ®Hg. The remaining fraction 8 will branch to 3Fy, before subsequently
decaying to *Hg. As mentioned above, the 3Hs level is assumed to be very short-lived
compared to the 3H, and 3F, levels, and is therefore not included in the analysis in
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this section.

Time-resolved spectral hole burning measurements are useful for determining popu-
lation relaxation dynamics. A spectral hole is first burnt, and thereafter probed using
frequency scanning laser pulses at different time delays. The area of the spectral hole
is proportional to the difference in population between the *Hg and 3F3 levels, and
the lifetimes of the levels involved can therefore be extracted directly from the spectral
hole decay. However, since the population of the 3F3 level decays rapidly, this level
should not be easily observable in a spectral hole decay. A double exponential decay
is therefore expected with time constants corresponding to the 3H, and 3F, lifetimes.
The expression for the time-dependent hole area can be derived from rate equations

as:
Aa(t) _ _TLA n ﬁTB t t

Aa0) ¢ TooT, ¢ "¢ (5-4)

where Ty and Tp are the lifetimes of *Hy and 3Fy, respectively, Aa(f) is the time-
dependent hole area, and Aa(0) is the initial hole area.

Measurements of a spectral hole decay are shown in Figure 5.9. The expected double
exponential decay was observed, and lifetimes of 3.4 + 0.2 and 15.7 + 0.5 ms were
obtained for the 3Hy4 and 3F, levels, respectively, with f = 39 +2%. Hong et al.
have previously reported a 3F; fluorescence lifetime of 15.6 ms measured at room
temperature [109], which is in good agreement with the present results. Huang et al.
reported a 3H, fluorescence lifetime of 2.1 ms at room temperature [115]; the reason
for the discrepancy is not known.
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Figure 5.9: Transient spectral hole area decay in 0.1% Tm3*:LaF3 at a temperature of 4 K. The spectral hole
was burnt on the 3Hg-3F3 transition using a 50 us duration pulse. Frequency scanned pulses were
thereafter used to read out the spectral hole at different time delays. The lifetimes of 3H, and 3F,,
and the branching ratio shown in the insert were obtained by fitting the data to Equation (5.4).
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5.6.5 Hole burning in a magnetic field: Zeeman splitting

The degeneracy of the nuclear spin states is lifted in the presence of a magnetic field
(see Figure 5.4). Spectral holes can then be burnt into the nuclear states. The splitting
of the ground and excited states can be deduced from the side hole and antihole
structure obtained from spectral hole burning measurements (see Section 3.3). The
splitting depends on the magnetic field strength and orientation. For a field applied
along the crystal c-axis, the sites are magnetically equivalent (see Figure 5.6), and the
splitting should be identical for all sites. If the magnetic field is applied along an
arbitrary direction, for example, in the plane perpendicular to the c-axis, the sites are
not magnetically equivalent, and the splitting for the different sites may differ.

Examples of spectral holes burnt in both the 3Hg-3F3 and *Hg->Hy transitions with
a magnetic field applied along the crystal c-axis are shown in Figure s.10. The laser
beam was propagating parallel to the c-axis, and the polarization was aligned parallel
to one of the C2 axes. One side hole pair and three anti-hole pairs are expected in a
system with two ground states and two excited states, however, this was not observed
in the data. The presence of weak side structure (indicated by the red dashed arrows in
Figure 5.10) indicates additional interactions, commonly referred to as superhyperfine
interactions [116], meaning that the thulium ion transition also involves the spin-
flip of a host nucleus. The fluorine nucleus has a large gyromagnetic ratio of about
40.1 MHz/T [117], and this is expected to be similar, also in the LaF3 lattice [116].
Indeed, side structure splitting at about 40.1 MHz/T can be observed in the hole
burning spectrum in Figure 5.10(b). The other weak structures also contain the =
40 MHz/T component. For example, the difference in frequency between the weak
and strong side hole pairs in Figure 5.10(a) is 55.6 — 15.4 = 40.2 MHz/T.

The stronger side structure is due to the splitting typically expected in thulium systems
as illustrated in Figure 5.4. The side holes directly give a splitting of the excited states
Ae of 56 MHz/T and 147 MHz/T for the 3F3 and 3Hy levels, respectively. The strong
antiholes at 34 MHz/T appear in the spectra for both transitions, and is thus the 3Hg
ground state splitting Ag. The antihole pair expected at +(Ae+ Ag) to the main hole
was not observed in the hole burning spectra. The absence of these antiholes indicate
that the transitions where Amy = 0 are stronger compared to the transitions where
Amy #0 [97].
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Figure 5.10: Transmission through spectral holes burnt in 1%Tm3*:LaF; with a magnetic field along the crystal
c-axis for (a) the 3Hg-2F3 transition (b) the 3Hg-3H, transition.

5.6.6 Hole burning in a magnetic field: Hole lifetimes

The lifetimes of the nuclear states were measured for different magnetic field strengths
and orientations by burning spectral holes, and subsequently reading them out using
frequency scanning laser pulses at different time delays. As mentioned above, the
decay of the spectral hole area gives the population dynamics. The magnetic field was
applied either parallel to the crystal c-axis, perpendicular to the c-axis and parallel to
one of the C2 axes, or perpendicular to both the c-axis and one of the C2 axes.

The results are presented in Figure s.11. A single exponential decay is expected when
the magnetic field is applied parallel to the c-axis since the field projections on all the
rare-earth sites are equal. However, a double-exponential decay was observed and used
to fit the data, and short and long lifetimes are therefore presented in Figure s.11(a).
The lifetimes are ~ 40 s and ~ 250 s for a magnetic field of 1 T. A third weaker decay
component with a lifetime of a few seconds was also observed for a magnetic field
of 1 T. The reason for the additional decay components is not known and warrants
further studies.

For a magnetic field applied perpendicular to the crystal c-axis and either parallel or
perpendicular to one of the C2 axes, there are two magnetically in-equivalent sub-
sites. The laser beam was propagating perpendicular to the c-axis with the polariza-
tion aligned parallel to one of the C2 axes in the present experiments. A double-
exponential decay is expected, which was also observed in the data. Spectral holes
were found to persist of the order of an hour for a magnetic field applied perpendic-
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ular to the crystal c-axis as can be seen in Figure 5.11(b) and (c), which should allow
for long UOT measurement times after filter preparation.
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Figure 5.11: Dependence of nuclear spin-state lifetimes on magnetic field. (a) Lifetimes in 1%Tm3+:LaF3 for
a field applied along the c-axis. (b) Lifetimes in 0.5%Tm3*:LaF3 for a field applied perpendicu-
lar to both the c-axis and one of the C2 axes. (c) Lifetimes in 0.5%Tm3*:LaF; for a field applied

perpendicular to the c-axis and parallel to one of the C2 axes. The error bars represents the 95%
confidence interval from the fits, and are smaller than the symbols for most data points.

5.6.7 High-contrast spectral holes

Based on the 15 cm™! optical absorption coefficient, long spectral hole lifetimes, and
170 kHz linewidth measured for the 3Hg-3F3 transition of Tm3*:LaFs, the material
appears to be a suitable candidate for UOT filtering. However, the ultimate test would
be to prepare high-contrast UOT filters of the material. This would require a crystal
with a large optical depth, and a 10 x 10 x 10 mm3 ~ 1% Tm?3*:LaF3 was therefore
acquired (from MEGA Materials s.r.1.).

The experimental set-up used for the preparation and characterization of high-contrast
spectral holes in 1% Tm3*:LaFj3 is shown in Figure 5.12. The crystal was mounted in-
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side the cryostat at 3.0 K, and a 1.0 T magnetic field was applied along the crystal
c-axis. The crystal had a few internal cracks. To avoid propagating the laser beam
through the cracks, an input beam diameter of 2 mm (1/ ¢?) was used. The laser was
frequency stabilized to a Fabry-Perot cavity (ORC-Cubic, Menlo Systems) using the
Pound-Drever-Hall method. The specified cavity drift and finesse are < 50 kHz/day
and ~ 7000, respectively. The laser linewidth when locked to the cavity has not
been measured, but is believed to be much narrower than the 170 kHz homogeneous
linewidth of the ions on a time scale of ~ 1 s, and should therefore not contribute
significantly to the measured spectral hole shapes.

Detector 2
Beam splitter  (high gain)

NS
|
| 4

Input beam diameter ~2 mm

From laser and
pulse-shaping set-up

Reference
detector

Detector 1

1% Tm3":LaF; at 3.0 K
(low gain)

Figure 5.12: Experimental set-up used to prepare and characterize high contrast spectral holes in Tm3+:LaFs.

Spectral holes were read out using frequency chirped pulses while recording the trans-
mission through the crystal. A set-up with a single transmission detector does not
have the dynamic range required to read out high-contrast spectral holes. Therefore,
two detectors were used (as shown in Figure 5.12). Detector 1 was used with a low
gain to detect light with frequencies around the centre frequency of the spectral hole,
but was not able to detect light with frequencies of a few MHz from the spectral hole
centre. Detector 2 was used with high gain to detect light with frequencies outside
the passband of the spectral hole, but saturated for frequencies near the centre of the
spectral hole. The traces obtained from the two detectors were spliced together, and
the frequency regions where the signal from detector 1 was in the noise floor, and
where detector 2 saturated were discarded. The full transmission was obtained by
tuning the laser wavelength a few of nanometre away from the transition, where the
ions do not absorb light, and scanning the laser frequency 20 GHz. This allowed the
calculation of the optical attenuation due to the crystal.

Two spectral holes prepared at +5 MHz can be seen in Figure 5.13(a). This is a suitable
filter structure for UOT measurements using a ultrasound pulse with a 5 MHz centre
frequency. The following laser pulse sequence was used to prepare the spectral holes,
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where the frequencies are given relative to the zero frequency in Figure 5.13(a). The
laser centre frequency was first shifted by +22 MHz, and 600 pulses were delivered
with a 3.0 MHz linear frequency chirp around this centre frequency. The pulse dura-
tion was 500 ps, and the power 20 mW. This resulted in an antihole at a frequency of
0 MHz (see Figure 5.10). The spectral holes were thereafter prepared using pulses with
a 1.5 MHz linear frequency chirp with a duration of 250ps, and a power of 5 mW.
The laser centre frequency was first shifted by +5 MHz and 200 pulses were delivered.
The laser centre frequency was then shifted by =5 MHz and another 200 pulses were
delivered. This was repeated a total of three times, i.e., a total of 600 pulses were
used to create each spectral hole. There was no temporal separation between any of
the pulses, and thus 300 ms was allocated to preparing the antihole at 0 MHz, and
150 ms to preparing each filter. The total duration of the burn pulse sequence was
thus 600 ms. Four frequency-chirped pulses were used to read out the spectral holes
in Figure 5.13(a). The pulses were scanning from —16 MHz to +1 MHz, +1 MHz
to —16 MHz, —1 MHz to +16 MHz, and +16 MHz to —1 MHz, had a duration of
0.75 ms, and were separated by 5 ms. The first read-out pulse was emitted 50 ms after
the final burn pulse. This delay is about three time longer than the 3Fy lifetime, and
the observed hole is therefore due solely to population storage in the nuclear states.
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Figure 5.13: (a) High-contrast spectral holes prepared in the 3Hg-3F3 transition of Tm3+*:LaF; at 690 nm. The
red dotted line is the signal from detector 1 (low gain) and the solid green line the signal from
detector 2 (high gain). (b) Decay of the spectral hole peak transmission over time when a magnetic
field of 1 T was applied along the crystal c-axis. The transmission decayed to half of its initial value
in about 1 s. Note that the time scale is logarithmic.

It can be seen from Figure 5.13(a) that the attenuation at the centre frequencies of the
two spectral holes was about 6 and 7 dB, respectively, corresponding to a transmission
of ~20—25%. The attenuation at 0 MHz was about 57 dB. Thus, the filter contrast
was about 50 dB, which is a very promising result for UOT filtering using the 3Hg->F3
transition in Tm3*:LaF3. The sharp frequency roll-off seen in Figure 5.13(a), indicates
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that high contrast filters may be prepared for smaller frequency separations, which are
desirable for certain medical applications. For example, the attenuation at 2.5 MHz
was about 45 dB. It should be noted that the filtering contrast at 2.5 MHz could
potentially be increased by instead optimizing the pulse sequence used to prepare the
spectral holes for this particular frequency.

No antihole structure was observed when burning spectral holes near the centre of
the inhomogeneous profile, and the attenuation was limited to 57 dB. The presented
measurement results are therefore believed to have been limited to an attenuation
of 57 dB by light at a frequency outside the inhomogeneous profile, for example,
from amplified spontaneous emission from the laser system. Conventional optical
filters may mitigate this problem and would have to be investigated. The spectral
holes shown in Figure 5.13(a) were prepared at about 3 GHz from the centre of the
inhomogeneous absorption profile. In future experiments, it would be interesting
to investigate the filter contrast closer to the centre of inhomogeneous absorption
profile where the optical depth is greater, as this may improve the attenuation outside
the spectral hole.

In future experiments, our group plans to investigate the spectral hole contrast of
scattered light. As a first estimate, the attenuation in dB of light incident on the crystal
atan angle 6 to the crystal c-axis is expected to decrease by a factor cos? (0). However,
this must be confirmed experimentally. It should be noted that 6 is the internal angle
in the crystal, which is smaller than the incident angle, due to refraction.

The decay of the transmission through the spectral hole was measured by preparing
a single high-contrast spectral hole, and using frequency-chirped read-out pulses at
different time delays. The results are presented in Figure 5.13(b). The transmission
decayed to half its initial value in about 1 s, which can roughly be regarded as the
UOT measurement time available before the filter must be refreshed. The decay of
the filter transmission is known, and can be compensated for in the UOT data. The
initial preparation of the spectral hole requires the removal of a much larger number
of ions compared to the case when the filter is refreshed, for example, after decaying
for 1's. After initial filter preparation, a significantly lower number of filter refresh
pulses could thus potentially be interleaved with the UOT probe pulses to remove the
small fraction of ions that has decayed to fill the spectral hole. In such a scheme, most
of the measurement time could thus be allocated to acquiring the UOT signal rather
than preparing the filter, but this must be further investigated.

The lifetime of the nuclear states can also be increased by about two orders of mag-
nitude, by instead applying the magnetic field perpendicular to the crystal c-axis (see
Section 5.6.6). The filter decay times can therefore be significantly extended com-
pared to the results in Figure 5.13(b), which we plan to investigate in the future. In
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the set-up shown in Figure 5.12, it was only possible to apply the magnetic field along
the c-axis, and no measurements with the magnetic field perpendicular to the c-axis
could be carried out. Changing the direction of the magnetic field may, however,
affect the branching ratio of the levels involved. This could increase or decrease the
spectral hole peak transmission, and therefore the spectral hole contrast.

5.7 Conclusions

The spectroscopic investigations presented in this chapter show that the 3Hg-3F3 tran-
sition in Tm3*:LaF3 at 690 nm is a promising candidate for UOT filtering. The peak
absorption coefficient was found to be 15.2 cm™ for a thulium doping concentrations
of 0.5%, which is sufficient to obtain great optical depths using 1 cm sized crystals.
For light propagating along the crystal c-axis, the absorption is the same regardless
of the input polarization. The de-polarized UOT signal could thus preferably be fil-
tered along this direction. The measured linewidth of ~ 170 kHz shows that spectral
holes with the ~ MHz bandwidth required for UOT could be burnt. The spectral
hole lifetimes observed in a magnetic field, were longer than the spectral hole prepa-
ration times, which should allow most of the UOT image sequence to be allocated
to probing the tissue rather than preparing the filter. The 50 dB spectral hole con-
trast demonstrated in theses studies is a promising first step towards improved UOT
based on spectral hole burning filters. Further optimization of the burn sequence,
and/or increasing the optical depth of the crystal, and/or changing the orientation of
the magnetic field may further improve the contrast.

The 3Hg->Hy transition in Tm3*:LaF3 at 797 nm was measured and found to have an
peak absorption coefficient of 3.2 cm™! for thulium doping concentrations of 0.5%
and 1%. This is somewhat low for UOT applications, and further studies of the 3Hg-
3H, transition in thulium in other host may therefore be of interest.
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Chapter 6

Summary and future outlook

The aim of the research presented in this thesis was to further develop the UOT tech-
nique using spectral hole burning filters, and investigate its ultimate potential for
optical contrast imaging deep inside the human body.

The experimental and theoretical investigations presented in Papers I, I1I, & IV, were
all aimed at characterizing and modelling the tagged and untagged components of
the UOT signal. The experiments were performed in a set-up with low signal col-
lection efficiency, and a laser power significantly lower than the medical safety limit.
However, by matching the measured and calculated signals in tissue phantoms, a bet-
ter understanding was obtained of the way in which the signal strength depends on
various set-up parameters. This allowed predictions of how an optimized UOT set-
up could perform in actual tissues. The results suggest that imaging depths of several
centimetres should be possible with UOT based on spectral hole burning. The Monte-
Carlo-based model presented in Papers III & IV can be used to simulate the UOT
signal from first principles, and showed good agreement with experimental measure-
ments. Although the model must be further validated for a larger parameter space,
this is a promising step towards a virtual lab for UOT. Our group plans to use/develop
this model to simulate UOT imaging for specific medical applications, such as human
breast and brain imaging, and to improve UOT image reconstruction.

The contrast-to-noise ratios of the many different methods of detecting the UOT
signal presented in the literature were compared (Paper VI). The results suggest that
greater imaging depths can be achieved with the spectral hole burning method than
with other methods such as single-shot off-axis holography, speckle contrast, and pho-
torefractive detection. It was thus concluded that the spectral hole burning method
has considerable potential for UOT at greater depths. However, the filter contrast
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achieved in UOT experiments at wavelength suitable for biomedical applications
(~650—950 nm) is 14 dB, which is considerably lower than the 30 and 80 dB contrast
used in the calculations presented in Paper VI.

The experiments presented in Paper V were therefore aimed at identifying novel spec-
tral hole burning materials for UOT at wavelengths in the ~ 650—950 nm range with
improved filter contrast. This study focused particularly on the *Hg-3F3 transition in
thulium-doped crystal hosts. The results showed that by choosing hosts with a low
maximum photon energy, spectral hole burning could be enabled on transitions that
conventionally exhibit poor hole burning properties. Tm3*:LaF3 was also identified
as an interesting candidate for UOT.

Further spectroscopic studies were also presented on the 3Hg->F3 and *Hg->Hy tran-
sitions in Tm3*:LaF3, at 690 and 797 nm, respectively. Spectral holes in the 3Hg-3F3
transition were shown to have a contrast of 50 dB for a collimated laser beam, which
is an encouraging result for future UOT based on spectral hole burning. Further
studies should be carried out to investigate the filter contrast for scattered light. The
filter contrast may, for example, be further improved by optimizing the filter burn
sequence and/or the magnetic field direction, and/or by using crystals with greater

optical depth.

The comparatively low absorption coefficient measured for the Hg->Hy transition
in Tm3*:LaF3 showed that it is less suitable for UOT. Future spectroscopic studies of
thulium in other host are therefore planned, in particular, thulium-doped stoichio-
metric LINbO3.

The findings presented here indicate that UOT based on spectral hole burning may
become a useful imaging modality in medicine. It will be interesting to further inves-
tigate and develop Tm3*:LaF3 so that it can be used in i% vivo applications. This novel
filter material also has the added benefit of being compatible with the Ti:shappire laser
system at our department in Lund, which provides more than an order of magnitude
more laser probe power compared with the system used for UOT at 606 nm. I believe
that this system, combined with the recently acquired custom-designed UOT cryo-
stat, and a detector with higher quantum efficiency, will provide interesting results in
the years to come.
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Appendix A

System design

This appendix briefly describes two projects that the author of this thesis has been
involved in related to system design. First, the design of an optical pulse shaping
system is presented. Thereafter, the feasibility of using a temperature insensitive fibre
interferometer as a reference for laser frequency stabilization is discussed.

A.1  Optical pulse shaping system

A UOT system based on spectral hole burning filters should preferably include an
optical pulse shaping system that can be used to generate laser pulses with specific
intensity and frequency scans. An acousto-optic modulator (AOM) in a double-pass
configuration is capable of the required pulse shaping, and such system was therefore
designed. The system was designed to be compatible with the group’s Ti:sapphire laser
(SolsTiS, M Squared Lasers). This means that it must handle a laser power of 3 W,
and it should be usable for the full 688 —990 nm tuning range of the laser. Spectral
hole burning setups in UOT are typically bulky, and it is desirable to minimize each
part of a set-up. Efforts were therefore made to design a very compact pulse shaping
system. Before presenting the system design, a short introduction to AOMs will be
given.

A.1.1  Acousto-optic modulators

The basic principles and applications of acousto-optic modulators have been well de-
scribed in the literature, see, for example, [118]. In an AOM, an RF signal drives a
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piezoelectric transducer attached to a crystal, which generates an acoustic wave prop-
agating through the crystal. The acoustic wave periodically alters the reflective index
of the crystal. A laser beam incident on this refractive index grating close to the so-
called Bragg angle, is diffracted into a pattern of diffraction orders. The efficiency
of the diffraction process depends on the RF power delivered to the AOM, and the
laser power can therefore be modulated by changing the RF power. A diffraction efh-
ciency into the +1st order beam of above 50% can often be achieved with sufficiently
high RF power. Because the refractive index grating is travelling through the crystal,
the different diffraction orders will be Doppler-shifted by multiples of the acoustic
frequency. The laser frequency can therefore be modulated by changing the acoustic
frequency. However, if the acoustic frequency is changed, so is the diffraction angle.
For applications where frequency scanning pulses are needed, but spatial beam walk is
detrimental, a double-pass configuration can be used. The +1st order diffracted beam
is then passed through the AOM a second time, and the change in the direction of
the first and second pass cancels out. This also leads to an optical frequency shift of
twice the AOM drive frequency.

A.1.2  Double-pass AOM system

Double-pass set-ups can be implemented in a few different ways. For example, the
input beam and the twice shifted output beam can be separated using a polarizing
beam splitter and a quarter-wave plate [119]. Alternatively, a bow-tie configuration
with spatially non-overlapping input and output beams can be used. This approach
has frequently been employed in the Quantum Information Group in Lund [120].
However, these bow-tie set-ups have an optical focus inside the AOM, which is not
compatible with the Ti:sapphire laser system, as the high laser intensity may damage
the AOM. The design was therefore instead based around a modified version of the
bow-tie configuration suggested by Lars Rippe, as shown in Figure A.1. A collimated
laser beam is sent through the AOM. A lens with a focal length of f is placed at a
distance f after the AOM. The beam is focused between two mirrors positioned at a
the distance of f — d/2 after the lens, where d is the distance between the mirrors.
All diffraction orders except for the +1st order are blocked after each pass through the
AOM. The bow-tie configuration allows the input an output beams to be separated.
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Figure A.1: Schematic of the bow-tie double-pass configuration used in the present work.

A photograph of the top view of the finished double-pass AOM system, where the
beam path is indicated by dashed red lines, is shown in Figure A.2. The input and
output laser beams are fibre-coupled. The fibres (end-capped PM630-HP FC/APC,
Thorlabs) have core-less end-caps to reduce the laser intensity at the air-to-glass in-
terface to avoid fibre damage. Fibre collimators with achromatic lenses (PAF2-A4B,
Thorlabs) are used to be compatible with the broad wavelength tuning range of the
laser system. The AOM (AOMO 3100-125, Gooch & Housego) has a centre fre-
quency of 100 MHz, and is driven with an RF power of up to 1.2 W. To minimize
back-reflections in the coaxial cable a 3 dB attenuator is used before the AOM. An
achromatic lens with a focal length of 50 mm is positioned after the AOM and focuses
the beam between the two mirrors M1 and M2. A mirror positioned after the lens
reflects the Oth order beam into a copper pipe (the beam path is illustrated with the
dotted green line in Figure A.2). The full laser power is dumped into this copper pipe
when there is no RF signal applied to the AOM. A heat pipe is therefore mounted
below the copper pipe and attached to a heat sink to minimize heating of the set-up.
A knife blade is positioned between the mirrors M1 and M2 to block the +2nd order
diffracted beam. Therefore, only the +1st order diffracted beam reaches mirror M2
and is reflected back through the AOM. An aperture blocks the unwanted diffraction
orders after the second pass through the AOM. A polarizer assures a high polarization
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purity to the output fibre. A lid can be used to fully enclose the set-up (not shown in
Figure A.2). The foot print of the base plate is 12 x 20 cm?, which is much smaller
than any other double-pass set-up encountered by the author.

m :Coppe( pipea @®pn 5')
() N
it Aperture

] |

Polarizers |
e

-

Laser output - “1 Laser input

Figure A.2: Photograph of the double-pass AOM system. The approximate beam path is indicated by the
dashed red line. The dotted green line indicates the path of the 0th order beam, which is reflected
into the copper pipe.

The set-up performance was characterized at an optical wavelength of 690 nm. The
peak double-pass efficiency of the AOM was measured as about 70% (at the RF satu-
ration power), and the coupling efficiency to the output fibre was around 65%. The
optical frequency was tuned by +30 MHz before the power out of the output fibre
had decreased by a factor of 2.

A.2  Temperature insensitive fibre interferometer

A laser with a narrow linewidth and low drift is required in a UOT system based
on spectral hole burning filters. The laser linewidth during the preparation of the
UOT filter should ideally be narrower than the homogeneous linewidth of the ions.
The laser frequency drift must be significantly less than the bandwidth of the filter
during the UOT image acquisition. The Ti:sapphire laser system available in Lund
has a short-term linewidth of < 50 kHz, which is sufficient for UOT. However, the
frequency drift over second time scales had to be reduced.
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An unbalanced fibre interferometer (one interferometer arm is longer than the other)
can be used as the reference for laser frequency stabilization [121-123]. This was inves-
tigated by Saskia Bondza as part of her Master’s thesis project [124], for which I was
the co-supervisor. The motivation to investigate a fibre interferometer was that it may
potentially be a compact, robust, and low cost set-up.

However, both the refractive index and physical length of optical fibres are sensitive
to temperature. The fractional frequency drift 8 fi./ fi. due to temperature of a laser
locked to a fibre Mach-Zehnder interferometer is [123]:

1
nih—nlp

OfLlfL=

(ll%+n1%)—(lg%+ng%)]aﬁ (A.I)
where [j and I, are the lengths of the fibres in the two interferometer arms, and 1y
and ny are the refractive indices of the fibre cores. The frequency fluctuations can be
reduced by stabilizing the temperature to minimize d T. However, a 1 mK change in
temperature corresponds to a frequency change of a few MHz if identical ordinary
single-mode fibres are used in both interferometer arms. Precise temperature control
is thus needed to achieve the required sub-MHz frequency drift. Fibres with different
thermal sensitivity of the optical path length can also be used to minimize the value
inside the brackets, and thus reduce frequency drift due to temperature, which is the
approach we chose to investigate.

The optical-path length change with temperature was therefore measured for single-
mode fibres with different coatings, and thus different thermal sensitivity. The exper-
imental method had, to our knowledge, not been used previously. The method and
measurement results are presented in Paper II.

Fibres with straight cleaved ends were used as low-finesse cavities. The reflectance
from the fibre ends is ~ 3%, yielding a finesse of ~ 0.6. The fibre length was measured.
Light was coupled into the fibre, which was placed in a thermally insulated box. The
ambient temperature of the box was ramped, and the almost sinusoidal interference
fringes observed in the light reflected from the fibre due to the change in optical path
length were recorded, and used to derive the thermal sensitivity of the optical path

length.

Measurements results of the change in the optical path length with temperature for
single acrylate, dual acrylate, copper, and aluminium coated fibres were presented. In
particular, the results showed that the optical path length of aluminium coated fibres
(AIS4.3/125/175A, Fiberguide Industries) was a factor of 1.88 more sensitive to tem-
perature compared to single acrylate coated fibres (630HP, Thorlabs). An unbalanced
fibre interferometer with an optical-path difference that is insensitive to temperature
fluctuations may thus be constructed by using an aluminium coated fibre in the short
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arm, and a single acrylate coated fibre in the long arm of the interferometer. The
length of the long arm should be a factor of 1.88 longer than the short arm.

Since the optical components required to construct such temperature insensitive in-
terferometer operating over the full 688 —990 nm tuning range of our Ti:sapphire
laser are not currently available, the scheme was not further investigated. Further
details can be found in the thesis by Saskia Bondza [124].
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