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CHAPTER 1
Introduction

1.1 Motivation

Molecular and functional imaging in living animals is commonly used to study diseases
including cancer and cardiovascular disease that cause the greatest burdens of morbidity and
mortality in the developed world [1-3]. When performed at high resolution, in vivo optical imaging
can identify fine spatial differences in pathological expression, drug delivery, and treatment
response that are critical for understanding and treating these diseases [4-6]. In cancer in particular,
high resolution imaging is essential for capturing spatial heterogeneities in molecular expression
and the tumor microenvironment that cause significant barriers to treatment efficacy and drug
delivery [7, 8]. Confocal and multiphoton microscopy (fluorescence, scattering, absorption, etc.)
have been the standard for high resolution (<1 pm) functional and molecular imaging in living
systems [5, 6], although their imaging depths are limited to a few hundred micrometers. Wide field
optical imaging techniques, including bioluminescence and fluorescence imaging, supply sensitive
imaging of target agents over large centimeter fields of view in animals, but with poor spatial
resolution in the millimeter regime. Magnetic resonance imaging (MRI) and nuclear imaging
techniques are standards for functional imaging without any practical limitations to depth
penetration. However, MRI instrumentation is prohibitively expensive with limited molecular
sensitivity, while nuclear methods require ionizing radiation and are limited to millimeter scale
spatial resolution [3, 9]. The overall goal of this dissertation is to develop a high resolution and
wide field of view imaging system to noninvasively track contrast agents and drug delivery vectors
in preclinical animal models in three dimensions at depths greater than microscopy, with a
particular focus on cancer.

Optical coherence tomography (OCT) fills a unique spatial niche between high resolution

1



optical microscopy and lower resolution whole body imaging techniques. With micrometer scale
spatial resolution and penetration depths greater than 1 mm, OCT can allow for both cellular-level
resolution and penetration depths in tissue that exceed microscopy [10]. This three-dimensional,
non-invasive imaging technique provides an especially attractive scale for monitoring mouse
models of disease and can provide tissue morphology [11], blood vessel morphology [12], and
blood flow information [13]. These capabilities make OCT a valuable tool for preclinical imaging
of diseases such as cancer where tissue and vessel morphology are key biological parameters in
the study of disease [14]. However, contrast in standard OCT images is based on differences in
scattering cross section and refractive index, both of which are mostly minimal and nonspecific
amongst molecular species in tissue and contrast agents. Therefore, it remains a significantly active
area of interest to supplement standard OCT images with sensitive and specific molecular contrast.

This dissertation develops photothermal OCT (PTOCT) for in vivo imaging of a variety of
contrast agents and drug delivery vectors in live animals. PTOCT leverages the photothermal
heating phenomenon, where photon absorption by an imaging target leads to a temperature change
in the surrounding microenvironment. These local temperature changes cause thermoelastic
expansion of the sample and shifts in the local index of refraction, both of which can be imaged
with OCT in the presence of background tissue scattering [15]. This work aims to 1) characterize
and optimize instrumentation for the use of PTOCT in live animals, 2) demonstrate advantages of
in vivo PTOCT by tracking the pharmacokinetics of nanoparticles in cancer models in the context
of tissue and vessel morphology, and 3) attempt to increase the throughput of PTOCT and perform
real time imaging. The development of in vivo PTOCT combined with existing morphological and
hemodynamic imaging capabilities of OCT will enable more comprehensive studies of drug

delivery and molecular expression in mouse models of disease, particularly cancer.



1.2 Specific Aims

Aim 1: Characterize and optimize PTOCT for in vivo imaging using gold nanorods. A
standard spectral-domain OCT system was altered for PTOCT imaging, and the behavior of the
photothermal signal was characterized and compared to an analytical model of heating. PTOCT
imaging was then demonstrated in solid phantoms containing gold nanorods, a nanoparticle
contrast agent and drug delivery vector under heavy development for cancer applications. Finally,
trace concentrations of gold nanorods were localized from within tissue by in vivo PTOCT imaging
in a live mouse.

Aim 2: Image spatial heterogeneities of intra-tumor gold nanoparticle delivery in vivo
using PTOCT. Female nude mice with dorsal window chambers and 4T1 mammary tumors
were injected with polyethylene glycol (PEG)-coated gold nanorods. PTOCT images were
collected over a number of time points to confirm nonspecific uptake of the nanoparticles due to
the enhanced permeability and retention effect in tumors, alongside images of tissue and vessel
morphology. The biodistribution as a function of space and time in the tumors was compared
across multiple mice, and the specificity of the imaging signal was verified using multiphoton
microscopy. Using cancer as a model application system, this Aim demonstrates the feasibility for
future preclinical studies investigating drug delivery and molecular imaging of contrast agents.

Aim 3: Apply optical lock-in techniques to increase throughput and allow for real time
in vivo imaging of multiple contrast agents. Optical lock-in techniques allow for real time
PTOCT imaging and can potentially reduce scan and signal processing times for increased
throughput in vivo PTOCT studies. Acousto-optic modulators were integrated into the system to
generate frequency shifts in the reference arm matched to the photothermal amplitude modulation
frequency. Frequency shifting the reference arm signal allowed for real time differentiation of the

modulated background signal from the demodulated photothermal signal to supply the



photothermal optical lock-in OCT (poli-OCT) signal. The poli-OCT signal was assessed with
respect to imaging parameters and the optimal shot-noise limited mode of operation was verified
at millisecond integration times. The effects of motion artifact and blood flow on the poli-OCT
system were characterized, and in vivo feasibility was demonstrated with local injections of gold
nanorods and indocyanine green, an FDA approved small molecule fluorophore.

1.3 Dissertation Outline
This dissertation has been organized in the following manner:

Chapter 1 offers an introduction and motivation for the dissertation, additionally supplying an

overview of the Specific Aims.

Chapter 2 provides background on the role of preclinical molecular and functional imaging in
medicine and particularly cancer, an overview of existing preclinical imaging modalities, a
technical description of OCT and the need for augmented contrast, and introductory details of

PTOCT.

Chapter 3 reports the technical insight required for in vivo imaging using PTOCT, and
demonstrates its sensitivity to gold nanorods. This work provides the fundamental insights that
allow PTOCT to be used for sensitive and specific imaging of contrast agents in vivo and the
groundwork for future in vivo imaging studies. This work was published in Biomedical Optics

Express in 2012 [16].

Chapter 4 contains an example in vivo application of PTOCT: noninvasive tracking of drug
delivery vectors in the context of tissue and vessel morphology in preclinical models of cancer.
Gold nanorods, under development as contrast agents and drug delivery vectors for cancer, were
injected intravenously and tracked over time in multiple mice. The work in Chapter 4 demonstrates

the strengths of PTOCT, its potential for further in vivo studies, and a benchmark in vivo study for



future comparison. This work was published in Biomedical Optics Express in 2014 [17].

Chapter 5 demonstrates the use of optical lock-in techniques to potentially accelerate the
imaging and analysis speed of PTOCT for real time in vivo imaging. Replacing the post-acquisition
frequency analysis of PTOCT with the real time optical lock-in analysis of poli-OCT can
potentially increase throughput compared to PTOCT. For the work presented in Chapter 5, poli-
OCT instrumentation was built, the signal was characterized, and in vivo imaging was performed
using an FDA approved fluorophore, another class of contrast agent that PTOCT can effectively
image. In addition, gold nanorod injections were imaged similar to Chapter 3, at ten times faster

scan speeds and in real time. This work was published in Biomedical Optics Express in 2015 [18].

Chapter 6 includes a set of concluding remarks. The concluding remarks summarize the work
found throughout the dissertation, suggest future directions of research, and point out some of the

scientific contributions of the work.

Appendix A identifies a third class of contrast agent to which PTOCT is sensitive: carbon
nanotubes. A carbon-based nanoparticle containing iron caps, carbon nanotubes both absorb
photons and exhibit superparamagnetic characteristics that make them responsive to PTOCT and
MRI, respectively. The sensitivity of carbon nanotubes to both imaging modalities at relevant in
Vivo concentrations was verified, and a multi-scale phantom was imaged to demonstrate the
complementary strengths of MRI and PTOCT. This work was published in Optics Letters in 2012
[19].
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CHAPTER 2
Background
2.1 Preclinical Molecular and Functional Imaging

The Role of Preclinical Molecular and Functional Imaging

Sensitive and specific noninvasive in vivo imaging of contrast agents and endogenous
molecules can supply molecular and functional information in animal models, providing essential
insight into mechanisms of disease formation and progression, drug delivery, and treatment
response. During the drug discovery process, for example, imaging of treatment response and drug
delivery in preclinical (e.g. mouse) models of disease are essential to bridge the gap between
exciting in vitro discoveries and their potential final application in the clinic (Fig. 2.1) [1, 2]. The
ability to noninvasively monitor blood vessel morphology and oxygenation, molecular receptor
status of cells, and drug delivery are all examples of molecular and functional imaging that have
impacted drug discovery and our understanding of pathophysiology [3, 4]. Furthermore,
monitoring these factors from within a live animal allows for the full biological system to remain
intact and overcome the obstacles of in vitro cellular systems that may not accurately recapitulate
blood flow, microenvironment factors, and molecular and cellular diversity, among other
considerations [5]. Noninvasive imaging from within live animals also allows for spatial and
temporal dynamics to be captured and for each animal to serve as its own control, increasing
statistical power and saving time, money, and animal lives in the research setting compared to
invasive and destructive imaging [1, 2, 4]. Mouse models in particular, are indispensable and allow
drugs to be tested for safety and efficacy prior to human testing and permit researchers to unravel
the fundamental causes of disease progression [1, 5]. These factors make molecular and functional

imaging in mouse models of disease an essential tool for biomedical research.
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Fig. 2.1. Role of imaging of preclinical disease models in drug development. When developing
new drugs for the clinic, exciting new discoveries are often made in cellular in vitro systems.
However, because of the expense and risk of human clinical trials, preclinical model systems of
disease (often in mice) are imaged to test drug efficacy and safety prior to use in humans. Reprinted
with permission from [2]. Copyright 2003 Nature Publishing Group.

Imaging the Complexities of Cancer

Although preclinical imaging can supply essential insight into illnesses, there is still room for
improvement, particularly in diseases such as cancer. In cancer, cellular-level spatial and temporal
heterogeneities in genotype and phenotype are a major source of drug resistance, treatment failure,
and ultimately death (Fig. 2.2, top) [6, 7]. For example, breast cancer is the leading form of non-
preventable death due to cancer amongst American women with an estimated 40,000 total breast
cancer deaths a year in the USA [8, 9]. An important subpopulation of breast cancer patients
includes tumors that contain overexpressed, amplified, or mutated human epidermal growth factor
receptor 2 (HER2) [10]. Patients with HER2+ tumors most often receive supplementary molecular
therapy with anti-HER2 antibody therapy called trastuzumab (Herceptin®) [11, 12]. Herceptin is
used to battle the proliferative and aggressive nature of cells overexpressing HER2, and to sensitize
the cells to further treatment. However, more than 66% of HER2+ metastatic breast cancers do
not respond to, or eventually escape the effects of Herceptin, suggesting de novo and acquired
mechanisms of drug resistance [12-14]. One reason for the limited success of Herceptin and other

molecular therapies is the incomplete knowledge of the dynamic effects of these drugs in vivo,



particularly at the molecular scale where heterogeneities in tumor phenotypic expression could
directly affect drug efficacy on the tumor mass [15]. Intravital imaging of these cellular level
heterogeneities are essential for understanding treatment response in cancer, especially the
complex response to multiple drugs in combination, a treatment development strategy currently

endorsed by the Food and Drug Administration [16].
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Fig. 2.2. Heterogeneities in cancer. (top) In normal tissue, the underlying genotype and phenotype
of a given cellular population are fairly homogenous, while tumor tissue contains a high level of
genetic diversity. (bottom) Similar trends are observed in the microenvironment, where normal tissue
exhibits highly structured microenvironment features and tumors exhibit heterogeneities and general
disorganization in almost all aspects of the microenvironment. These heterogeneities all contribute
to tumorigenesis and incomplete treatment response. Reprinted with permission from [7]. Copyright
2012 Nature Publishing Group.

In addition to molecular expression, physical barriers to drug delivery and heterogeneities in
the tumor microenvironment can limit treatment effect (Fig. 2.2, bottom). Extracellular matrix
composition, interstitial fluid pressure, impaired lymphatic drainage, and vascular permeability all
directly impact drug delivery throughout a solid tumor, and all of which exhibit significant spatial

and temporal heterogeneities, particularly during treatment [3, 17]. These microenvironment
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factors are not just passive consequences of tumor phenotype, but actively contribute to tumor
survival and growth [7, 17]. For example, heterogeneities in structural stability and permeability
of newly formed tumor vasculature as well as the high and variable interstitial fluid pressure in
solid tumors can result in incomplete drug delivery throughout the tumor [18] and hypoxic regions
that have in turn been linked to more aggressive tumor features [7, 19]. Observations like these
have made tumor vasculature a key point of interest during drug development and studies of cancer
pathogenesis [18, 20-24]. However, imaging vasculature or any one other tumor feature alone is
often not sufficient to understand treatment response and pathophysiology in cancer since the
dynamic interplay between numerous cellular and environmental factors impact drug delivery,
tumor survival, and treatment resistance [3, 7].

The heterogeneity and disorganization of solid tumors has led to some positive discoveries,
particularly in the development of nanoparticle treatment strategies [25, 26]. In cancer, the
sprouting of leaky vasculature containing 100-200 nm pores [20] as well as the impaired function
of the lymphatic system allows long-circulating nano-sized particles to preferentially accumulate
into tumor tissue, a phenomenon referred to as the enhanced permeability and retention (EPR)
effect (Fig. 2.3) [26-29]. Since endothelial cells in healthy tissue do not contain pores large enough
to pass nanoparticles of the same size, nano-sized drug carriers present a significant opportunity
to achieve high drug load at the tumor and avoid other critical healthy tissues in a patient [26]. In
addition, nanoparticle properties can be tuned to aid the transport and increase specificity of
otherwise toxic drugs. Nanoparticle drug delivery strategies can incorporate polymer, gold, and a
number of other materials into the design, each with their own set of strengths and weaknesses.
Biodegradable polymer solutions can degrade safely in the body without the concern of toxic
residuals in the patient, and have been FDA approved for some treatment strategies in cancer [26].
Gold nanoparticles are biologically inert and exhibit exquisite photothermal properties that have
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led to ongoing clinical trials for controlled release of chemotherapy [30] and for heat-based
destruction of tumor cells [31]. However, even though nanoparticles preferentially accumulate into
the tumor tissue due to the EPR effect, physical barriers as discussed previously can still inhibit
delivery of the treatment throughout the tumor tissue [21, 32]. Imaging the high resolution
discrepancies of intra-tumoral nanoparticle uptake and distribution could be key during
nanoparticle treatment development and optimization, and for understanding the impact of drug
delivery patterns on treatment resistance in tumors. Tracking nanoparticle delivery in tumors is

explored more closely in Chapter 4.
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Fig. 2.3. Enhanced permeability and retention of tumors. Long-circulating nanoparticles of a
specific size can preferentially accumulate in tumor tissue due to increased permeability of the tumor
vasculature and ineffective lymphatic drainage. Reprinted with permission from [29]. Copyright
2007 Nature Publishing Group.

The complexities and spatiotemporal heterogeneities of cancer suggest that in vivo imaging of
multiple biological endpoints from within the same animal over time is necessary for developing
therapeutics and studying cancer pathogenesis [17]. To achieve this goal, there are a number of

well-established mouse models of cancer [1] as well as accompanying chronic surgical procedures
12



that allow direct visualization of the tumor [16]. Surgical excision of the skin and subsequent
implantation of transparent windows over the tumor allow for intravital imaging of solid tumors
in locations such as the brain, mammary glands, abdomen, and dorsal region [16]. Dorsal window
models allow for direct visualization of the underlying tissue with minimal motion artifact, and
therefore are often the surgical model of choice for high resolution intravital optical microscopy
(Fig. 2.4) [33]. Even with well-established animal models of disease and methods for direct
visualization, the complexities and heterogeneities in cancer systems as well as the dynamic
interplay between cells, extracellular components, and vasculature makes noninvasively studying
drugs, drug delivery, and their treatment effects a daunting task. Therefore, a wide field of view in
vivo imaging modality that can observe the high resolution dynamics of a variety of imaging
endpoints (e.g. tissue structure and viability, microvessel morphology, drug delivery, etc) could be
vital for preclinical studies of cancer. The need for such an imaging tool is the basis of the work

in this dissertation.

(b)

Fig. 2.4. Dorsal window chamber models in mice. Removal of the skin and surgical implantation
of'a window chamber over the mouse dorsal skin allows for direct visualization of underlying tissue,
promoting the use of high resolution intravital microscopy in vivo. (a) Photograph of live mouse with
dorsal window chamber. (b) Close up of visible tissue from within the window. Reprinted with
permission from [34]. Copyright 2008 Optical Society of America.
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2.2 Preclinical Molecular Imaging Modalities

Sensitive and specific identification of exogenous contrast agents and endogenous molecules,
the basis of molecular and functional imaging, allows for the analysis of a wide range of biological
features in tissue. These features can include tissue viability, vessel morphology and flow, drug
delivery, and molecular expression among others. Current preclinical molecular and functional
imaging modalities span a wide range of image resolution, penetration depth, and capabilities (Fig.
2.5, Fig. 2.6, Table 2.1). Common example imaging modalities include those that are depth-limited
due to scattering-based attenuation (e.g. optical microscopy, ultrasonic imaging) and whole body
(e.g. MRI, PET/SPECT) techniques. These imaging tools supply molecular and functional
information in vivo through the identification of contrast agents, drugs, and endogenous forms of
contrast.

The highest achievable resolution for in vivo imaging is with optical microscopy that can
achieve sub-micrometer resolution (Fig. 2.5). Optical microscopy is attractive due to its exquisite
sensitivity, wavelength specificity, and range of contrast mechanisms including reflectance,
fluorescence, Raman scattering, and absorption [35]. High resolution optical imaging including
confocal and multi-photon microscopy offer high resolution (<1 um) imaging, but are limited by
imaging depths of a couple hundred microns [36]. In addition to high resolution microscopy, cost
effective lower resolution (1 mm) optical imaging techniques including bioluminescence and
fluorescence tomography exist that allow for wide centimeter fields of view [1]. These imaging
modalities acquire information from deeper structures and over the length and width of an entire
mouse, but lose the high resolution features inherent to optical microscopy and are on a resolution
scale that is not well matched to the size of preclinical tumors (<2 cm) [37].

Another form of depth-limited in vivo imaging is ultrasound, a three dimensional imaging
modality with deeper penetration than optical microscopy but with lower resolution. Ultrasonic
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waves are emitted by a transducer in contact with the sample, and backreflections that occur due
to impedance mismatches within the tissue are measured. Although ultrasound is traditionally used
as an anatomical imaging tool, molecular and functional imaging can be achieved with the use of
microbubble contrast agents. However, extravascular applications are limited due to the relatively
large size (micron scale) of the microbubbles [35]. Ultrasound can also be used to measure optical
photon absorption events from within tissue, an imaging modality referred to as photoacoustics
[38]. In photoacoustics, photons from a pulsed laser are absorbed by a molecule and subsequently
cause the tissue to release an ultrasonic wave. The most common form of photoacoustic imaging
is photoacoustic tomography, with lateral resolution approaching 0.5 mm and axial resolution of
approximately 150 um at penetration depths of 3 cm. More specialized scanning versions of
photoacoustic microscopy can achieve lateral resolution near 50 um up to depths of 3 mm [38].
Greater depths than optical imaging are achievable with photoacoustic tomography, but
photoacoustics requires both optical and ultrasonic instrumentation, direct contact with the sample,

and achieves resolution worse than optical microscopy when imaging deep.

Fig. 2.5. Depth-limited molecular imaging modalities. High resolution intravital optical
microscopy imaging of vasculature (red), tumor cells (green), and quantum dots (arrows). Reprinted
with permission from [39]. Copyright 2008 American Chemical Society.

Although optical and ultrasonic imaging technologies are limited in their depth penetration due

to scattering, a number of alternative molecular imaging tools exist that are not practically limited
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by depth. These include positron emission tomography (PET), single photon emission computed
tomography (SPECT), and magnetic resonance imaging (MRI) (Fig. 2.6). PET and SPECT rely
on radioactive isotopes and are the most common clinical molecular imaging modalities [40, 41].
In PET imaging, a positron emitting isotope attached to a molecular target is injected into the body,
and subsequent positron annihilation events release gamma photons in opposing directions that are
read by the scanner. Radioactively labeled fluorodeoxyglucose is commonly employed in PET
imaging to identify areas of overactive metabolism indicative of tumors and their metastases [35].
SPECT operates under a similar principle to PET, but directly identifies gamma radiation emitted
from within the body (Fig. 2.6a). Both PET and SPECT are sensitive on a picomolar concentration
scale to radioactive particles (radionuclides) injected into the body and are not hindered by depth,
but have poor millimeter scale resolution, are expensive, do not supply anatomical information,
and require the use of ionizing radiation. In addition, a cyclotron that produces the radioactive
isotopes for injection in PET and SPECT must be readily available, particularly for isotopes with
a short half-life.

Another in vivo whole body imaging tool used for molecular and functional imaging is MRI.
MRI measures water molecule protons using high strength magnetic fields and radiofrequency
gradients, and can achieve in-plane resolution below 100 pm with exquisite soft tissue contrast
[2]. In addition to its high resolution, a strength of MRI is the tunable contrast that is achievable
due to the wide array of pulse sequences. Anatomical structure, blood flow and volume, cellularity,
and hypoxia are all measurable with MRI [42]. Additionally, molecular imaging with MRI can be
performed (Fig. 2.6b) using specialized contrast agents containing gadolinium [43] or
superparamagnetic iron oxide nanoparticles [44, 45]. However, MRI is not especially sensitive to
contrast agents when compared to other molecular imaging tools, and the instrumentation is quite
expensive [35].
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Non-targeted Targeted

Fig. 2.6. Whole body molecular imaging modalities. (a) SPECT imaging of mice bearing human
prostate cancer xenografts. Reprinted with permission from [46]. Copyright 2011 American
Chemical Society. (b) MRI images of a mouse glioma using nonspecific (bottom left) and targeted
(bottom right) superparamagnetic iron oxide nanoparticles. Reprinted with permission from [47].
Copyright 2008 John Wiley and Sons.

Available preclinical molecular imaging tools allow for a wealth of knowledge to be collected
in mouse models of disease (Table 2.1). However, as discussed previously, high resolution
heterogeneities of molecular and functional endpoints throughout a solid tumor are key to cancer
and its disease progression [3, 5, 7, 17]. Therefore, there is still an unmet need for noninvasive and
sensitive high resolution (micrometer scale) molecular and functional imaging tools for cancer in
the spatial regime that includes greater imaging depths (>1 mm) and wider fields of view
(millimeter scale) than microscopy. In addition, the ability to image multiple functional endpoints
including tissue structure/viability, vasculature structure and hemodynamics, molecular
expression, and drug delivery with the same tool would allow for more comprehensive studies of

cancer and its response to treatment.
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Fluorescent, scattered, absorbed, Raman

Optical Microscopy  >200 nm <0.4 mm scattered light, etc.
Bioluminescence 1-5 mm <5cm Bioluminescent light
_F;Iuorescence 1-2 mm <5cm Fluorescent light
omography
Ultrasound/PA 45-500 um lateral 3 mm-3cm Scattered ultrasonic waves/photon absorption
PET 1-2 mm no limit lonizing radiation
SPECT 0.3-1mm no limit lonizing radiation
MRI 100 um no limit Electromagnetism

Table 2.1. Preclinical molecular imaging modalities. Spatial resolution and depth penetration are
variable among the most common preclinical molecular imaging modalities. Adapted from[1, 2, 38].

2.3 Optical Coherence Tomography

Optical Coherence Tomography (OCT) is an interferometric imaging technique that provides
high resolution (~1-30 um) three dimensional images in tissue with deeper penetration than optical
microscopy (~1-2 mm), allowing for the evaluation of subsurface morphology and functional
features in vivo [48]. OCT fills a niche between high resolution microscopy and preclinical
ultrasonic imaging techniques (Fig. 2.7). The resolution and penetration depth regime of OCT is
ideal for investigating spatial heterogeneities and dynamics in preclinical models of cancer, such as
the optically accessible dorsal skin fold mouse window chamber [24]. OCT has also found its way
into human use in the clinic, becoming the standard of care for retinal imaging [49] and an emerging
tool for intravascular imaging in the field of interventional cardiology [50]. OCT can supply
information on anatomical structure [51-54], tissue viability [23, 24], microvessel morphology [34,
55-57], blood flow and velocity [58-61], and other functional characteristics of tissue [62, 63] and

contrast agents [64-66].
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Fig. 2.7. Spatial imaging niche of OCT. OCT (red) occupies a unique niche in imaging allowing
for both high resolution (micron scale) and deep (1-2 mm) signal penetration in tissue.

Onptical Coherence Tomography Basics

OCT estimates the optical reflectivity profile of a sample by measuring the light scattering
events as a function of depth. The optical reflectivity profile is indicative of the tissue
microstructure, making OCT images a noninvasive estimate of tissue morphology. As light
propagates through a heterogeneous medium such as tissue, the photons can undergo a number of
processes including scattering and absorption. When scattered, photons are diverted in any number
of directions. OCT shines light into a sample and measures those photons that are back-scattered ,
similar to how ultrasound measures backreflected ultrasonic waves. However, unlike ultrasound
that travels at approximately 1500 meters per second in water and can be timed going into and out
of the sample, light travels at hundreds of millions of meters per second. Therefore, the location and
intensity of scattering events from within the sample is indirectly measured using interferometry of
a low coherence light source [48, 67]. The coherent detection technique employed by OCT allows

for high resolution images to be collected at deeper depths than traditional microscopy [48, 68]. In
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addition, because optical scattering is more varied across soft tissues than acoustic scattering, OCT
supplies greater soft tissue contrast than ultrasound [24].

In low coherence interferometry employed by OCT, a light source composed of many
wavelengths is split between two physical paths, towards either a sample or a reference reflector
(i.e. a mirror) (Fig. 2.8a). Depth in the sample (i.e. tissue) is gated by resolving the difference in
path lengths between scattering locations in the tissue and that of the known reference reflector. If
the light travels a similar distance between the two light paths, it creates a sinusoidal pattern of
interference as a function of wavenumber (k), the spatial frequency representation of wavelength.
When the roundtrip distance the light has traveled is very closely matched, within a few
micrometers, the interference pattern is composed of a low frequency sinusoid (yellow, Fig. 2.8).
As the distance between the two light paths increases, the frequency of the sinusoidal interference
pattern increases as well (red, Fig. 2.8). OCT measures the scattering from all points in depth by the
superposition of varying frequency sinusoids in the interference pattern. In spectral-domain OCT
(SD-OCT) as used in this dissertation, the complete interference pattern is captured simultaneously
by a spectrometer system (Fig. 2.8a). The spectrometer first disperses the light as a function of
wavelength (1) and then digitally acquires the wavelength-dependent data using a charge-coupled
device (CCD). Once the digitized spectrometer data is rescaled to be linear as a function of
wavenumber (k, where k=27/4), a Fourier transform operation reveals the location and relative
reflectivity of each scatterer in the sample (Fig. 2.8b). Each acquisition event captured by the
spectrometer allows the reflectivity profile of a sample at one lateral position as a function of depth
(i.e. one A-scan) to be calculated. The light source incident on the sample is then scanned to different
transverse positions using fast tilting galvonometer mirrors to create a two-dimensional scan as a

function of lateral position and depth (B-scan) or a three-dimensional image volume (C-scan).
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Fig. 2.8. Spectral domain optical coherence tomography basics. (a) In SD-OCT, a broadband
light source is split between a sample and reference reflection. The returning light then interferes and
is recorded by a spectrometer. (b) As the path length mismatch between the sample and reference
increases, so does the frequency of the interference pattern as a function of wavenumber. A Fourier
transform (FT) reveals the reflectivity profile as a function of depth.

OCT Governing Equations and Wavelength Selection

Unlike conventional microscopy, the fundamental governing equations for lateral (x-y
dimension) and axial or depth (z) resolution in OCT are decoupled [48, 69]. The lateral resolution
(4x) and depth of field (DOF) are determined by the focusing optics of the system. The lateral
resolution determines the distance limit in the lateral dimension that two points can still be separated
in the image, while the depth of field determines how far in the axial dimension an object can shift
and remain in focus. For a collimated Gaussian-shaped beam of diameter D and wavelength Ao, a

lens with focal length F will create a focused spot with lateral resolution Ax according to (2.1.

A_4AOF 51
x_nD (2.1)

Using single mode fibers or placing a pinhole in the detection side of the OCT system allows for
confocal performance, increasing the lateral resolution even further. The focusing optics also
determine the DOF of the system, the distance in the depth dimension over which the image remains

in focus in the lateral dimension. The DOF is calculated according to (2.2.
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In standard microscopy, the axial resolution is also directly tied to the focusing optics. However,
the axial resolution in the depth dimension (4z) in OCT is determined by the wavelengths of the
imaging source [48]. For an imaging source with center wavelength Ao and spectral bandwidth of
A2, the axial resolution of the imaging system is calculated using (2.3.

_2In(2) A3
Z= T Al

(2.3)

According to (2.3, the proper selection of imaging wavelengths is imperative in order to achieve
high resolution depth sectioning. Utilizing the shortest possible center wavelength would supply
ideally small axial resolution in the sample. However, in tissue, the selection of wavelength is more
complex due to light penetration. Tissue is a highly complex medium containing molecular
constituents that absorb and scatter photons differently as a function of wavelength. These tissue
components include water, blood, and melanin among others. At visible wavelengths (400-700 nm),
increased scattering and hemoglobin absorption limit the depth penetration of light (Fig. 2.9). At
infrared wavelengths (>1100 nm), water absorption is the limiting factor for light propagation (Fig.
2.9). Therefore, to maximize the image penetration depth of OCT and achieve signal at depths
greater than 1 mm (Fig. 2.7), center wavelengths between 800 and 1100 nm in the near infrared
optical window are standard choices for OCT systems as well as 1310 nm where there is a decrease
in water absorption [67, 70]. These considerations allow OCT to perform high resolution imaging
of tissue morphology and structure at depths greater than microscopy, a spatial regime that is ideal

for imaging heterogeneities in preclinical models of cancer [24].
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Fig. 2.9. Near infrared optical window. The extinction coefficient of oxygenated hemoglobin and
melanin as well as the absorption coefficient of water reveal the range of near infrared wavelengths
(the optical window) that penetrate well into tissue. Reprinted with permission from [71]. Copyright
2000 John Wiley and Sons.

Imaging Vessel Morphology and Flow with OCT

In addition to high resolution tissue morphology, OCT can supply microvessel morphology and
blood flow information [34, 58, 60, 61] without the need for contrast agents. Doppler OCT is a
method for quantitative cross-sectional imaging of microvessel blood flow in vivo [72-76].
Doppler shifts arise from motion in the sample (such as flowing erythrocytes in blood vessels), and
Doppler OCT identifies this motion through phase-sensitive detection. Phase changes are calculated
from multiple A-scans collected at the same position in image space, and phase changes are then
related to flow velocity by the angle between the vessel and the incident light source. In addition to
quantifying phase changes due to the Doppler shift phenomenon, movement of flowing cells within
blood vessels result in fluctuations in the OCT magnitude data. These signal dynamics can be
quantified using OCT to identify the locations of the vessels from within tissue. This method, termed
speckle variance OCT (SVOCT) [34], can be used to generate high resolution maps of blood vessels
in a wide variety of tissues, as demonstrated in the example of imaging a dorsal window (Fig. 2.10).

SVOCT is especially advantageous for vessel morphology mapping because it is independent of the
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angle between the blood flow and the incident beam, unlike Doppler OCT [34]. Identification of
blood vessels using SVOCT is achieved by taking N repeated OCT scans at the same position and
solving for the variance of the OCT signal at each spatial location (/(x,y,z)) over time as in (2.4 [34,

57].

1% _
SVOCT (x, y,7) = Nz(’(’“ y,2); — 1(x,y,2))? 2.4)
i=1

Both tissue and vessel morphology provide essential insights into disease formation, progression,
and treatment response in conditions such as cancer. Unlike high resolution optical microscopy that
is depth-limited and requires intravenous contrast agents, OCT can supply repeated label-free
images of tissue and vessel morphology over multiple millimeters in the lateral dimension and at
depths greater than microscopy. Imaging both of these features at high resolution in preclinical

models over a wide field of view has made OCT a valuable tool for understanding cancer [24].

Fig. 2.10. OCT imaging of blood vessels. Speckle variance OCT can be used to create high
resolution maps of blood vessels in a dorsal skinfold window. Reprinted with permission from [34].
Copyright 2008 Optical Society of America.
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2.4 Enhanced Image Contrast in OCT

OCT is a powerful imaging tool capable of creating label-free high resolution maps of tissue
and vessel morphology. However, contrast in standard OCT images is caused by differences in
scattering cross section and refractive index, which is minimal and non-specific amongst many
endogenous molecular species and exogenous contrast agents. Thus, augmenting standard OCT
images with sensitive and specific contrast using exogenous contrast agents represents an area of
significant interest in order to take full advantage of OCT’s unique spatial imaging regime. There
are a number of functional extensions of OCT developed for enhanced imaging contrast and
identifying contrast agents from within tissue. Examples include enhanced backscattering OCT [77,
78], spectroscopic OCT [79-81], magneto-motive OCT [64, 82], and photothermal OCT (PTOCT)
[65, 66, 70, 83-90]. These functional imaging methods can be separated into passive and active
detection techniques (Fig. 2.11) based on their method of contrast enhancement via unperturbed

OCT images or imaging of actively perturbed samples, respectively.

(a) (b)

Passive Detection Active Detection

Fig. 2.11. Passive versus active detection of contrast agents. (a) In passive detection methods, the
scattering or absorption properties of a source of contrast are identified from within standard OCT
images. (b) To enhance sensitivity and specificity, the source of contrast can actively perturb the
sample, and those perturbations can be imaged with OCT.

In enhanced backscattering and spectroscopic OCT, standard OCT images are used to passively

detect the presence of a molecule of interest (Fig. 2.11a). With enhanced backscattering, contrast
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agents with scattering cross sections greater than endogenous tissue molecules increase the
brightness in the sample, allowing for an overall verification of the presence of the contrast agent
in the image [77]. However, because the tissue also scatters strongly, it is difficult to separate the
contrast agent signal from the background signal, giving enhanced backscattering OCT relatively
poor specificity. Additionally, if the source of contrast is highly concentrated, this also results in
attenuation of the imaging signal [78]. In spectroscopic OCT, the spatial location of varying tissue
components, including contrast agents, are calculated from the attenuation of the broadband OCT
spectrum using mathematical models (Fig. 2.12a). However, separating absorption from scattering
in spectroscopic OCT is difficult to accurately perform, requiring previous knowledge of the tissue
constituents. In addition, because the source of contrast must overlap with the imaging beam, the
imaging beam is attenuated.

Active detection techniques for increasing contrast in OCT including magnetomotive OCT and
PTOCT actively perturb the sample during imaging in order to isolate the source of contrast from
within the sample at both high sensitivity and specificity (Fig. 2.11b). In magnetomotive OCT,
magnetic field gradients are co-aligned with the OCT imaging beam, and iron oxide contrast agents
susceptible to magnetic fields are physically oscillated in the sample during imaging (Fig. 2.12b)
[64]. However, the signal strength of the magnetomotive signal is coupled to the viscoelastic
properties of the tissue. The elastic resonance frequency at which the signal is strongest is
determined by the mechanical properties of the tissue, and is approximately 50-100 Hz, limiting the
imaging speed of magnetomotive OCT [64]. The number of available contrast agents is also limited
and potential multiplexing of signals would be a challenge.

PTOCT seeks to maximize the potential of molecular and functional imaging with OCT by
addressing some of the challenges present in other functional OCT techniques (Fig. 2.12¢). First,
using all optical instrumentation upgrades, PTOCT is able to identify and separate photon-absorbing
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targets from a scattering background with high sensitivity and specificity through active detection
of photothermal heating. So long as the imaging contrast does not overlap with the imaging beam
wavelengths, PTOCT can perform without compromising OCT imaging depth. Also, in the near
infrared optical window (Fig. 2.9), the background photothermal signal is low allowing for exquisite
contrast of photothermal absorbers and high sensitivity. PTOCT can also exploit the rapid recent
advancements in nanotechnology to develop efficient, molecularly-targeted contrast agents and can
be used to track nanoparticle-mediated delivery strategies in vivo. For example, gold nanoparticles
with near infrared (NIR) plasmon resonance peaks have been investigated for imaging and
photothermal therapy and are particularly attractive contrast agents for PTOCT. These nanoparticles
include gold nanoshells [91], gold nanorods [92], gold nanocages [93], gold nanostars [94] among
others. Finally, photothermal heating is a broadly applicable source of contrast and can be used to
image a range of endogenous and exogenous sources of contrast, three of which (gold nanoparticles,
near infrared fluorophores, and carbon nanotubes) will be discussed throughout this dissertation. It
is these advantages that make PTOCT an especially appealing method to enhance imaging contrast

to molecular and functional targets in vivo, and the basis for a bulk of the work in this dissertation.

(c)

Photothermal OCT

(a) Spectroscopic OCT (b) Magnetomotive OCT

Fig. 2.12. Methods to identify contrast agents using OCT. (a) In spectroscopic OCT, attenuation
of the OCT imaging beam by endogenous and exogenous forms of contrast allows for their
identification from within tissue. Reprinted with permission from [81]. Copyright 2009 Royal
Society of Chemistry. (b) With magnetomotive OCT, fluctuating magnetic fields cause iron oxide
nanoparticles to vibrate spatially, movements which OCT can identify. Reprinted with permission
from [64]. Copyright 2010 National Academy of Sciences. (c) In PTOCT, photothermal heating of
endogenous and exogenous sources of contrasts allows for their identification in vivo. Reprinted with
permission from [95]. Copyright 2012 Optical Society of America.
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2.5 Photothermal OCT

PTOCT images the photothermal effect, the conversion of photon energy to heat by a photon-
absorbing molecule. Photon energy can be absorbed by a molecule through the excitation of electrons
from a ground state to a higher energy state. Photon absorption is often subsequently followed by
non-radiative decay of the photon energy and heat release. The accumulation of photon absorption
events causes heating of the microenvironment surrounding the molecule of interest. Water, the
major constituent of tissue, has an index of refraction (n) that changes with temperature, while
heating also causes thermoelastic expansion and thus alterations to the geometric path length (d) of
the sample [96-98]. These heat-induced fluctuations in geometric path length and index of refraction

alter the optical path length (OPL) in the sample due to the relationship in (2.5.

d
OPL =f n(s)ds (2.5)
0

As discussed in previous sections, OCT measures the interference of low-coherence light between
an unknown sample and known reference. In SD-OCT, the interference pattern is directly measured,
and, after proper pre-processing steps, a Fourier transform converts the A-scan data to the depth
dimension. The magnitude of this Fourier transform operation identifies the location and relative
intensity of scattering events in the sample versus depth. However, the phase (@) of the OCT data
supplies additional sub-resolution information of the sample, and changes (A) in the OCT phase over

time are directly related to changes in OPL by (26 [48],
AOPL(t) = =2 Ad(t 2.6

where Ao is the center wavelength of the OCT imaging beam. Therefore, OCT can directly measure
temporal OPL changes in the sample by its phase information. While amplitude modulating a light
source incident on the sample, time-modulated photon absorption and subsequent photothermal heat

release by a molecule of interest will result in OPL oscillations. These small (typically nanometer
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scale) local optical path length changes can be resolved by phase oscillations in the OCT interference
data (Fig. 2.13). This physical principle is the underlying source of enhanced contrast in PTOCT,
which will be explained thoroughly and demonstrated in the following Chapters. Even with the
incredible potential of PTOCT for molecular and functional imaging, no groups prior to this work
demonstrated the ability of PTOCT to image contrast agent distributions in vivo, which requires
proper system optimization and characterization. The work in this dissertation aims to translate the
strengths of PTOCT to in vivo imaging, fill the gaps in the PTOCT literature, and provide the first

demonstrations of in vivo PTOCT imaging of multiple contrast agents.
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Fig. 2.13. Photothermal heating and its effect on OCT data. (a) Within a sample, the presence of
a contrast agent (dark yellow) with a refractive index unequal to the sample will result in (b) a
temporally invariant interference pattern detected by OCT. (c¢) If the contrast agent undergoes
temporally modulated photon absorption and thus photothermal heating, (d) the modulations in OPL
will cause phase oscillations in the interference pattern.
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CHAPTER 3
Characterize and Optimize PTOCT for In Vivo Imaging Using Gold Nanorods

Tucker-Schwartz JM, Meyer TA, Patil CA, Duvall CL, Skala MC, “In vivo photothermal optical
coherence tomography of gold nanorod contrast agents,” Biomedical Optics Express, 2012;
3(11):2881-2895.
3.1 Abstract

Photothermal optical coherence tomography (PTOCT) is a potentially powerful tool for
molecular imaging. Here, we characterize PTOCT imaging of gold nanorod (AuNR) contrast
agents in phantoms, and we apply these techniques for in vivo AuNR imaging. The PTOCT signal
was compared to the bio-heat equation in phantoms, and in vivo PTOCT images were acquired
from subcutaneous 400 pM AuNR matrigel injections into mice. Experiments revealed that
PTOCT signals varied as predicted by the bio-heat equation, with significant PTOCT signal
increases at 7.5 pM AuNR compared to a scattering control (p<0.01) while imaging in common
path configuration. /n vivo PTOCT images demonstrated an appreciable increase in signal in the
presence of AuNRs compared to controls. Additionally, in vivo PTOCT AuNR signals were
spatially distinct from blood vessels imaged with Doppler OCT. We anticipate that the
demonstrated in vivo PTOCT sensitivity to AuNR contrast agents is sufficient to image molecular
expression in vivo. Therefore, this work demonstrates the translation of PTOCT to in vivo imaging

and represents the next step towards its use as an in vivo molecular imaging tool.

3.2 Introduction

In vivo molecular imaging is widely used in pre-clinical studies of the diseases that cause the
greatest burdens of morbidity and mortality in the developed world (e.g. cancer, cardiovascular
disease, diabetes, etc.) [1]. When performed at high resolution, in vivo molecular imaging can
provide insight into the mechanisms of disease progression and drug resistance on a cellular level,
thereby unraveling heterogeneities in pathological expression and drug response that are critical
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for understanding and combatting these diseases [2]. Microscopy, including confocal and
multiphoton microscopy, has been the standard for high resolution molecular imaging in live cells
and tissues. However, these microscopy techniques suffer from relatively shallow imaging depths.
Magnetic resonance imaging (MRI) and positron emission tomography (PET) have been the
standard for functional imaging deep within the body, but these methods lack cellular-level
resolution.

Optical coherence tomography (OCT) fills a niche between high resolution microscopy and
whole body imaging techniques with cellular-level resolution and penetration depths in tissue that
exceed the imaging depths of microscopy. This three-dimensional, non-invasive imaging
technique provides an especially attractive scale for monitoring mouse models of disease.
However, contrast in standard OCT images is based largely on differences in scattering cross
section, which can be minimal amongst certain molecular species. Thus, augmenting standard
OCT images with sensitive and specific molecular contrast represents an area of significant
interest.

Functional extensions of OCT, including magneto-motive (MMOCT) [3, 4], spectroscopic [5-
71, pump-probe [8, 9], and photothermal OCT (PTOCT), have demonstrated molecular contrast.
Specifically, PTOCT has recently received much attention [10-19] for a number of reasons. First,
PTOCT is able to identify and separate absorbing targets from the scattering background through
active detection of photothermal heating [20] (which is also independent of tissue mechanical
properties, unlike MMOCT). Second, PTOCT is highly sensitive to absorbing targets in the sample
due to active detection and low background. Finally, PTOCT can exploit the rapid recent
advancements in nanotechnology to develop efficient, molecularly-targeted contrast agents. For
example, gold nanoparticles with near infrared (NIR) plasmon resonance peaks have been

investigated for imaging and photothermal therapy [21-24] and are particularly attractive contrast
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agents for PTOCT.

PTOCT leverages the photothermal heating phenomenon, where photon absorption by an
imaging target of interest (e.g. an absorbing nanoparticle) leads to a temperature change in the
environment surrounding the target [25]. These local temperature changes cause thermoelastic
expansion of the sample and shifts in the local index of refraction [26]. The photothermal-induced
shifts in the local index of refraction and geometric path length alter the local optical path length
(OPL, the product of index of refraction and geometric path length). OPL changes due to
photothermal heating can be directly imaged via the phase information in an OCT interferogram.
The PTOCT signal has been shown to increase with increasing pump beam power and absorber
concentration, and the PTOCT signal to noise ratio increases with the number of repeated
photothermal cycles [10, 11].

PTOCT has previously been characterized and demonstrated in vitro and ex vivo with targeted
gold nanospheres [10], non-targeted gold nanoshells [11, 12], gold nanorods [14], gold nanorose
[13], and carbon nanotubes [18]. However, to date, no contrast agents have been imaged with
PTOCT in vivo. Two studies have demonstrated in vivo PTOCT of hemoglobin (for quantifying
blood oxygenation) [15, 16], although only point scans (not images) were collected over multiple
second long acquisition times. The primary goal of this study is to demonstrate the ability of
PTOCT to image contrast agents in vivo.

Gold nanorods (AuNRs) are especially appealing contrast agents for in vivo PTOCT because
of their resonance in the NIR tissue optical window (~650-900 nm), tunable optical absorption
properties (based on their physical dimensions) [27], and efficient absorption (compared to gold
nanoshells and nanospheres) [28]. AuNRs are also on a more advantageous size scale for in vivo
molecular imaging (tens of nanometers in size) compared to nanoshells (hundreds of nanometers

in size). Finally, the full width half max (FWHM) of the AuNR absorption peak is much smaller
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than that of nanoshells [29, 30], which is desirable to avoid attenuation of the imaging beam by
the contrast agent.

The idealized pairing of PTOCT with AuNR contrast agents could allow for three-dimensional
in vivo molecular imaging in a currently unexploited regime of resolution and penetration depth.
However, prior to in vivo molecular imaging, the PTOCT signal must be characterized, optimized,
and tested in simpler in vivo systems without the added complexity of targeted molecular imaging.
In this paper, AuNRs are demonstrated as robust PTOCT contrast agents, achieving pM-scale
concentration sensitivity. The PTOCT signal is also characterized with respect to imaging speed,
photothermal beam power, and OCT magnitude signal. In addition, experimental PTOCT signals
are directly compared to photothermal heating models. Finally, we demonstrate PTOCT imaging
of AuNRs in phantoms as well as the first documented in vivo images of contrast agents using
PTOCT.

3.3 Methods

3.3.1 AuNR Synthesis

AuNRs were synthesized using a common seed-mediated growth method employing the
surfactant hexadecyltrimethyl ammonium bromide (CTAB) [31]. Briefly, a gold nanoparticle seed
solution was prepared by adding 600ul of 10mM ice cold sodium borohydride to a 10ml 250uM
gold chloride solution in 100mM CTAB, under vigorous stirring. The growth solution was prepared
by adding 800pl of 10mM silver nitrate and 550 pl of 100mM to 100 ml of a 500uM gold chloride
solution in 100mM CTAB. Following complete reduction of the gold ions (change in color from
yellow to clear), 120 pl of the seed solution was added, and the AuNRs were left undisturbed
overnight. Synthesized AuNRs were purified by two rounds of centrifugation at 10,000xg for 20
minutes, followed by re-suspension in fresh deionized (DI) water. CTAB surface molecules were
then exchanged for 5000 dalton polyethylene glycol (PEG) chains to improve biocompatibility,
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stability in salt solutions and serum, and extend circulation times [28, 32]. Briefly, 10ul of ImM
mPEG-SH and 100 pl of 2mM potassium carbonate were added to 1 ml of 4nM CTAB-coated
AuNRs and stirred overnight. PEG-AuNRs were then purified by two rounds of
centrifugation/resuspension. The peak absorption wavelength of the AuNRs was approximately
725 nm both before and after PEG exchange (Fig. 3.1(a)), with minor blue shifts (<10 nm) in peak
wavelength a month after fabrication (data not shown). The average size of the AuNRs was
determined to be 45.2+5.7 nm long by 13.2+1.8 nm wide (n=20) by transmission electron
microscopy (TEM), shown in Fig. 3.1(b) and 1(c). The presence of the PEG coating on the surface
of the AuNRs was confirmed by a small increase in hydrodynamic diameter measured with dynamic
light scattering (DLS) using a Zetasizer Nano ZS (Malvern Instruments, Ltd.) (Fig. 3.1(d)). The
stability of the PEG coating was confirmed by unaltered spectrophotometry spectra after suspension
in 10X PBS, a high salt solution, and 15% FBS, both of which cause aggregation (and spectral
shifts) in CTAB coated AuNRs. The AuNR concentration was calculated using spectrophotometry

curves [33].
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Fig. 3.1. AuNR characterization and imaging instrumentation. (a) Spectrophotometry curves
of AuNRs before (dashed) and after (solid) PEG coating, showing peak extinction at 725 nm. (b-
c) TEM images of AuNR sample at two scales. AuNR size was 45.2+5.7 nm long by 13.2+1.8 nm
(n=20). (d) DLS curve before (dashed) and after (solid) addition of PEG coating, showing
rightwards shift and increase in overall size. (¢) PTOCT imaging instrumentation. SLD: super
luminescent diode; CCD: charge coupled device; 50/50: 50/50 fiber splitter.

3.3.2 Imaging Instrumentation

A commercial spectral domain OCT system (Bioptigen, Inc.) was altered for photothermal
imaging (Fig. 3.1(e)). The OCT system contains an 860 nm center wavelength 51 nm FWHM super
luminescent diode (SLD) with 6.4 pm axial resolution in air, and 900 pW of power on the sample
(95.6 dB signal to noise ratio at 176 pm in depth). The SLD light is fiber coupled and split between
a reference mirror and sample arm using a 50/50 fiber coupler while X-Y galvos in the sample arm
perform lateral scanning. Returning interference light is sent through an 860 nm center wavelength
circulator to a spectrometer with a 2048 pixel CCD. A-line integration time for all experiments was
100 ps (10 kHz line sampling rate). A femtosecond pulse (<140 fs), 80 MHz repetition rate,
Titanium:Sapphire laser (Coherent, Inc.) tuned to 725 nm serves as a quasi-CW photothermal laser
source, which is fiber coupled with the OCT system via the 50/50 fiber coupler. A standard

continuous wave laser can be used in its place, and the PTOCT signal dynamics over the temporal
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and spatial scales used here remain unchanged between the two laser options (data not shown). For
all experiments with the exception of the in vivo studies, a higher resolution lens (16.5 pm 1/e? spot
at the focus for the OCT imaging beam) was used to focus both the OCT and photothermal light
onto the sample, with 10 mW average photothermal laser power on the sample. For in vivo
experiments, a lower resolution lens (40 pm 1/e* spot at the focus for the OCT imaging beam) was
used for an increased depth of focus and less divergent photothermal beam. The increased spot size
of the low resolution lens was accounted for by increasing the average photothermal power on the
sample to 40 mW, maintaining similar irradiance for all experiments. Prior to fiber-coupling, the
pump beam is attenuated with a half wave plate and polarizer, while a mechanical chopper
(Newport, Inc.) modulates the amplitude of the free space beam at a predetermined frequency (200
Hz 50% duty cycle square wave unless otherwise noted). For each A-scan, 1000 repeated axial
depth scans (M-mode scans) are performed at the same lateral point while the pump beam is
amplitude modulated.

3.3.3 Signal Processing

Temporal oscillations in phase have been previously quantified using OCT [34]. Following
resampling to wavenumber, dispersion correction [35], and DC reference spectrum and fixed pattern
noise removal [36], the OCT interference spectrum (/) as a function of wavenumber (k), and depth
(2), at a given scan time (o), can be described by

I(k, 1)) = 2| E Eg| cos(2kz + @) (3.1)

where ER is the electric field from the reference arm, Es is the electric field from the sample, and ¢
is a random phase noise term. The magnitude and phase information as a function of depth at time
to 1s calculated using a Chirp Z Transform (CZT) along the dimension of k [12]. The CZT operation
allows for control over the frequency resolution as well as the locations of magnitude and phase
analysis in image space [37].
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1(z,1,) = CZT[I(k,1,)], =|M (z,1,)|exp[i®(z,1,)] (3.2)

In Eq. 3.2, |[M(z,t0)| is the magnitude spectrum, and ®(z,#) is the phase spectrum as a function
of depth at time #. Using the photothermal laser and mechanical chopper, cyclical amplitude
modulations in OPL are achieved over time in the M-mode scan. Eq. 3.2 is repeated for all temporal
lines in the M-mode scan to create a 2-D magnitude (|M(z,1)|, Fig. 3.2(a)) and phase spectrum
(O(z,t0), Fig. 3.2(b)). Photothermal oscillations approximated as a sinusoid at the chopping
frequency fo can be extracted from the phase signal of the OCT image over time at a specific depth,
zo (Fig. 3.2(¢)).

(D(th)=477[A(Zo)sin(2;z-fot)+¢) (33)

In Eq. 3.3, 4 is the center wavelength of the imaging beam (860 nm) and A4(zo) is the magnitude
of the induced OPL changes due to photothermal heating at depth zo. In order to remove the random
phase term (¢), center the signal around zero, and avoid phase wrapping, the derivative of the phase

signal is computed similar to Doppler OCT algorithms [34, 38],

87’

AD(z,,t) = 2 A(z,) f, cos(2rx fot)At + E(t) = tan ™ {

Im[/(z,,0)1 * (2,1 =1)] (3.4)
Re[I(z,,t)] *(z,,t —1)]

where At is the sampling period (100 ps) and &(¢) is a phase noise term due to the photon, thermal,
and electronic noise of the system [34]. A subsequent Fourier transform in the temporal direction
allows for the magnitude of OPL changes at the laser amplitude modulation frequency (fo = 200 Hz)
to be calculated with high SNR (Fig. 3.2(d)).

FTIAD(z,0)], = | p(zo, )] explif(zy, £)] = 8%A(zo)fom{%[é(f AN T (3-5)

This operation is repeated at all depths to find the photothermal-induced optical path length changes

as a function of depth (z).
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|p(z. f)|A (3.6)
47 f, At

OPL(z) = A(z) =

In Eq. 3.5 and 3.6, FT is the Fourier transform operation in the temporal dimension, |p(z,f)| is

the magnitude of the Fourier transform of the temporal phase signal at line z as a function of
temporal frequency (f), 0(z,f) is the phase spectrum of the same signal, and ¢ is a delta function. As
shown by Eq. 3.6, the PTOCT signal (OPL(z)) is calculated from the magnitude of the Fourier
transform of the processed phase data at the chopping frequency (|p(z,f0)|). The 1000 repeated
temporal scans were then separated to 20 overlapping 512 point scans, and Fourier transforms over
these shorter temporal windows were averaged. Frequency averaging over small, overlapping
windows within a discretely sampled signal allows for less variability in the estimate of the true
spectrum, and more accurate estimation of signal and noise [39, 40]. The final PTOCT signal
included the subtraction of photothermal noise, defined as the mean magnitude of nearby
frequencies (270-370 Hz) in the FT of the phase signal (Eq. 3.5). This noise subtraction accounted
for the baseline spectral intensity of the FT. The final PTOCT signal was filtered in the axial
direction using a trimmed inner mean filter to reduce noise, thresholded using the intensity image
to remove noise dominated PTOCT pixels, and median filtered with a 4 pixel square kernel to reduce

speckle noise. PTOCT images were processed offline after image acquisition using a custom Matlab

script.
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Fig. 3.2. PTOCT signal processing basics. (a) M-mode OCT magnitude scan as a function of
time and depth. (b) Accompanying M-mode OCT phase scan as a function of depth and time. (c)
Representative temporal phase information at one point in depth (red arrow in 1b), showing
amplitude modulated fluctuations of phase due to photothermal heating. (d) Fourier transform of
temporal phase data, showing distinct peak at the photothermal modulation frequency (200Hz) in
units of nm displacement in OPL. Data taken in common path configuration.

3.3.4 Modeling the Photothermal Signal

To understand the effects of parameter changes on the PTOCT signal, experiments were
performed on AuNR samples in 1X PBS and compared to previously tested theoretical models of
photothermal heating dynamics [11, 41]. The photothermal-induced temperature dynamics (and
thus the PTOCT signal) in space and time due to the absorption of the photothermal beam can be

modeled using the bio-heat conduction equation with a heat source term,

O _ s, ooy (.7
ot pc

where T is temperature, ¢ is time in seconds, p is the density of the medium (1000 kg/m? for water),
c is the specific heat of the medium (4186 J/kg K for water), ¢ is the photothermal laser fluence rate
at the sample, ua is the absorption coefficient of the AuNR sample (~1200 m™! for a homogenous
800 pM nanorod sample), and « is the thermal diffusivity of the medium, defined as a=k/pc, where
k is thermal conductivity of the medium (0.6 W/ K for water). For small spot sizes relative to the
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absorption depth, the heat conduction equation is dominated by radial heat transfer, and can be
represented by a closed form solution in cylindrical coordinates. Over one modulation period of the
chopper (21), the change in temperature at the heat source over time can be modeled according to

previous work [11, 41].

P 3.8
AT(t,r = 0) = —Ha ln(1+ L j,a)«i,tq (3.8)
4anmpc /8 M,
39
AT(t—t,,r=0)= Pr, In| 1+— o ,a)<<L,t2tL (3.9)
4anmpc o /8+a(t—t,) 3

In Eq. 3.8 and 3.9, P is photothermal laser power, @ is the 1/e? beam radius of the photothermal
beam, and 7. is the dwell time of the laser on the sample before mechanical interference from the
chopper transitions photothermal power to zero. Note that this model is applied to a continuous
wave (CW) heating beam that is amplitude-modulated by the optical chopper at the frequency of
interest. Although we use a femtosecond laser in our experiments, as stated above, we assume its
behavior as quasi-CW due to the high repetition rate (80 MHz) among other considerations. The
photothermal heating dynamics of the femtosecond source have been experimentally validated to
be equivalent to a CW source over the spatial and temporal scales of these experiments (data not
shown). Solutions over time for the model in Eq. 3.8 and 3.9 were compiled with a custom Matlab
file.

3.3.5 Parameter Characterization and PTOCT Sensitivity

It is important to note that, although this model has been used to understand the photothermal
phenomena as imaged with PTOCT [11], here we directly compared it’s outputs to PTOCT signals
during parameter perturbations. To do so, PTOCT signal from a AuNR solution was assessed with
respect to pump beam laser power, chopping frequency, and OCT magnitude signal. To assess the
effect of these parameters on the PTOCT signal, and to confirm that experimental PTOCT data

mimics the physical photothermal heating model (Section 2.4), the following experiments were
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conducted. PTOCT imaging was performed on the AuNR sample while altering the parameter of
interest, leaving all remaining instrumentation and sample properties unchanged (n=10). A 5 ul 800
pM concentration sample of AuNRs in 1X PBS was placed on a microscope slide. The PTOCT
signal at the bottom of the sample (~150 pm) was assessed. For chopping frequency and irradiance
experiments, the sample was covered with a coverslip, positioned with the coverslip at the focal
point of the OCT beam, and the reference arm was fully attenuated. The top coverslip reflection
thus served as the reference reflection (i.e. common path imaging), in order to increase phase
stability (common path imaging phase stability = 2.1 mrad, reference arm imaging phase stability =
119.9 mrad). Phase stability was measured as the standard deviation of the derivative phase signal
(Eq. 3.4) at the bottom of a coverslip over 1000 repeated A-scans. The rate at which the
photothermal beam was amplitude modulated [the chopping frequency fo, where fo = 1/(2t.)] was
tested at a number of frequencies from 50 Hz to 700 Hz. The same sample was then imaged with
varying levels of photothermal laser power from 3.5 mW to 15 mW peak power on the sample. The
effect of OCT magnitude signal on the PTOCT signal was also determined. For OCT magnitude
signal experiments, the reference arm was incorporated and repeatedly attenuated to alter the
reflectivity of the OCT magnitude image between experiments. OCT magnitude signal was
calculated as 20 times the common logarithm of the peak reflectivity signal in the image divided by
the standard deviation of the background signal. OCT magnitude signal over a 25 dB range was
tested.

Linearity and sensitivity of the PTOCT system to AuNR contrasts was determined by imaging
varying concentrations of AuNRs using the imaging methods above with common path imaging
geometry. Sensitivity was determined as the smallest concentration sample with a significantly
different signal from a control scattering phantom (1% intralipid sample). Linearity was determined
using least squares regression and statistical significance was assessed with unpaired t-tests
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(p<0.01).

3.3.6 Phantom Imaging

Phantoms were created to assess spatial specificity of the PTOCT signal. A 4% low gelling
temperature agarose solution was prepared with 1X PBS. Agarose was heated above 85 degrees
Celsius to dissolve it into solution. AuNRs were then added to the heated agarose to create a 2%
agarose, 400 pM AuNR experimental sample. A control phantom was also made by diluting down
the 4% agarose to 2% with 1X PBS. Samples were mixed well with a pipette, and then loaded into
a capillary tube via capillary action to allow for solidification for 10 minutes at room temperature.
After solidification, capillary tubes were imaged with the PTOCT system, incorporating the
reference arm. Cross sectional images of one control and experimental capillary tube were each
imaged at 5 different locations, and an approximately 1 mm by 0.75 mm square region of interest
(ROI) within the capillary tube was chosen for each image for further analysis. The mean and
standard deviation across OCT magnitude and PTOCT ROIs were compared between
agarose/AuNR- (control) and agarose/AuNR+ (experimental) capillary tube images.

3.3.7 In Vivo Imaging

PTOCT imaging of contrast agents in vivo was performed in a nude mouse using a protocol
approved by the Vanderbilt University JACUC. While the mice were maintained under 2%
isoflurane anesthesia, matrigel was directly injected into the subcutaneous tissue of the left ear, and
a 400 pM AuNR matrigel solution was injected into the right ear. The surface of the tissue was
rinsed with PBS to remove any contrast agent that leaked onto the skin, and imaging was performed
under isoflurane anesthesia 20 minutes after matrigel injections. OCT, Doppler OCT, and PTOCT
scans were performed on each mouse ear to compare the measured PTOCT signal with and without
AuNRs in vivo. Doppler OCT was assessed using the same repeated scans as the PTOCT data

(Doppler number = 999), and processed using the mean derivative phase signal over the repeated
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Doppler scans [38].
3.4 Results

3.4.1 Photothermal Model and Parameter Results

As shown in Fig. 3.3(a), experimental PTOCT data (solid line, taken from an 800 pM solution
of AuNRs) over one chopping period (fo = 200 Hz) along with the local heating and cooling
dynamics predicted by the photothermal model in Eq. 3.8 and 3.9 (dashed line) are in agreement.
Over one chopping period, the temperature at the photon absorption point increases logarithmically
when the photothermal pump beam is on. Once the photothermal pump beam is blocked, the

temperature at the photon absorption point decreases logarithmically.
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Fig. 3.3. Comparison of experimental PTOCT and theoretical photothermal heating signals.
(a) Temporal plot of one photothermal heating cycle at fo = 200 Hz. The model (dashed, change in
degrees K) predicts temperature dynamics similar to the experimentally measured (solid, change in
radians) phase changes of an 800 pM AuNR sample imaged with PTOCT. (b) The photothermal
pump laser power and the PTOCT signal are linearly related in both the model and experiments. (c)
An increase in the chopping frequency of the photothermal pump laser causes a logarithmic
decrease in the PTOCT signal in both the model and experiments. All experimental data collected
in common-path mode. Experimental data in b,c plotted as signal + s.d.
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Changes in the PTOCT signal as a function of pump beam laser power and chopping
frequency (fo) also agree with theory (Fig. 3.3(b)-(¢c)). The modeled photothermal signal is defined
as the peak temperature increase observed over one heating cycle, as shown in Eq. 3.10 below.
The peak PTOCT signal occurs at #=z., the point at which the irradiance goes from maximum to
zero due to the chopper’s mechanical interference. At that point in time, the maximum

photothermal modeled signal is given by:

P
AT(t=t,,r=0)=AT =" 1n[1+
4ampc

ta j (3.10)

o /8

For the purposes of comparison, the experimental PTOCT signal and modeled photothermal
signal (Eq. 3.10) are normalized to the signal observed at either the highest laser power in the plot
(15 mW, Fig. 3.3(b)), or the minimum chopping frequency in the plot (50 Hz, Fig. 3.3(c)). As
predicted in Eq. 3.8 and 3.9, both the experimental PTOCT and modeled photothermal signal
linearly increase (r* = 0.998) with photothermal pump laser power (P, Eq. 3.10) on the sample
(Fig. 3.3(b)). However, increasing the chopping frequency causes a more complex change in the
PTOCT signal. The chopping frequency (fo) is directly related to the chopping period (2¢2) by fo =
1/(2#1). Therefore, the effect of the chopping frequency on the maximum photothermal temperature

increase in one chopping period can be calculated from Eq. 3.10 and the relationship between .

and fo.

AT

max

- 4anpc

Pu, ln[l+a/£2/];)j (3.11)
@

Eq. 3.11 shows that the maximum photothermal temperature change logarithmically decays
with increased chopping frequency (fo), which is evident in both the modeled and experimental
results (Fig. 3.3(c)). Therefore, faster chopping frequencies degrades PTOCT signals. However,
faster chopping frequencies are desirable for practical in vivo studies, because they allow for faster

image acquisition speeds (note that the PTOCT SNR increases by capturing a greater number of
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photothermal cycles per A-scan [11], which can be more quickly captured with a faster chop
frequency). Consequently, the practical choice of chopping frequency is a trade-off between

irradiance on the sample, imaging speed, and PTOCT SNR.

The OCT magnitude signal should not affect the PTOCT signal, since the OCT magnitude
signal (the intensity of the OCT image) does not affect the thermodynamics which control
photothermal heating (Eq. 3.8 and 3.9). Experimental results confirm that altering the OCT
magnitude signal does not have an effect on the mean PTOCT signal (Fig. 3.4(a)). Conversely,
decreasing the OCT magnitude signal does increase the noise in the PTOCT signal (Fig. 3.4(b)),
which accounts for the increased variance in the PTOCT signal as OCT magnitude signal decreases
(error bars, Fig. 3.4(a)). The increase in PTOCT noise due to decreased OCT magnitude signal is

predicted by the power-law relationship between OCT phase stability and OCT SNR [42].
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Fig. 3.4. The effect of OCT reflectivity on the photothermal signal. (a) Decreases in the OCT
reflectivity cause no change in the mean PTOCT signal, as demonstrated by the low correlation
coefficient and horizontal linear fit. (b) Decreasing the OCT reflectivity increases the noise in the
PTOCT signal, due to decreased phase stability of low SNR image points as previously predicted
[39,41]. All experimental data collected with a reference arm. Values are plotted as signal + s.d.

3.4.2 Linearity and Sensitivity of the Photothermal Signal

According to the theoretical model in Eq. 3.8 and 3.9, increasing the concentration of the
absorber (AuNRs) in the sample (and thus the absorption coefficient) linearly increases the

photothermal signal. Accordingly, the PTOCT signal linearly increases with AuNR concentration
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(r?=0.997, Fig. 3.5).

Notably, Fig. 3.5 demonstrates that the magnitude of the heating increase as measured by
PTOCT scales linearly with the concentration of contrast agent, even though the heating process
itself is dynamic and nonlinear (Fig. 3.3(a)). The PTOCT system described above (common-path
mode) exhibits 7.5 pM (~ 0.54 mg/L) sensitivity to AuNRs when compared to a scattering control

(1% intralipid, red in Fig. 3.5, p<0.01).
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Fig. 3.5. PTOCT signal is linearly related to the concentration of AuNR. A AuNR sample with
a concentration as low as 7.5 pM has a significantly higher (p<0.01) PTOCT signal than a scattering
control (1% intralipid, red). Values are plotted as signal + s.d. Data collected in common path
configuration.

3.4.3 Phantom Imaging

Capillary tube imaging was performed using the reference arm in order to demonstrate the
ability of PTOCT to spatially distinguish the presence of AuNRs at concentrations anticipated to be
achievable in vivo and in an imaging environment with reduced phase stability. AuNR positive and
negative capillary tubes display similar OCT magnitude signals, but significantly different PTOCT
signals (Fig. 3.6). The OCT magnitude images measured from n=5 capillary tube images are similar
between AuNR positive and negative regions (AuNR positive region = 4.07+0.003 a.u., AuNR

negative region = 4.02+0.004 a.u.), while the AuNR positive capillary tube exhibits a 15 fold
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enhanced PTOCT signal with respect to the agarose control (AuNR positive region = 3.81 £+ 0.24
nm, AuNR negative region = 0.24 £ 0.05 nm). Small phase accumulations cause an apparent

increase in PTOCT signal in the AuNR+ tube as depth increases.
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Fig. 3.6. PTOCT images of capillary tube phantoms. (a) Example OCT magnitude images of
AuNR+ (left) and AuNR- (right) solid agarose capillary tube phantoms. (b) Mean + standard
deviation OCT signal from a series of n=5 capillary tube images. (c¢) Example PTOCT images of
capillary tubes from 5a, displaying the ability of PTOCT to distinguish AuNR+ from AuNR-
sample. (d) Mean =+ standard deviation of PTOCT signal from a series of n=5 capillary tube images.
Data collected with a reference arm in tact.

3.4.4 In Vivo PTOCT Imaging

Representative PTOCT images in the experimental and control ears of a mouse are shown in
Fig. 3.7. Doppler OCT overlays in Fig. 3.7 (red and blue channels) illustrate the presence of small
blood vessels crossing the B-scan. There is a dramatic increase in PTOCT signal in the experimental
ear where AuNRs are present compared to control ears with matrigel only. Signal increases occur
in discrete locations spatially separate from the vessels, indicating that there is PTOCT signal not
due to blood absorption. The PTOCT signal gains in the AuNR+ mouse ear are similar to that from
ex vivo AuNR injections into chicken breast using the same 400pM AuNR injection (data not

shown). Additional B-scan images (not shown) demonstrate the same representative increases in
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PTOCT signal in AuNR+ mouse ears compared to control injections.
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Fig. 3.7. In vivo PTOCT of AuNRs. (a) PTOCT signal in the control mouse ear injected with only
matrigel. (b) The OCT image (grayscale channel) of the control ear, with Doppler (red and blue
channels) and PTOCT (green channel) overlaid. (c) PTOCT signal in the experimental mouse ear
injected with 400 pM AuNR in matrigel. (d) OCT image (grayscale channel) of experimental ear

with Doppler (red and blue channels) and PTOCT (green channel) overlaid. Data collected with
the reference arm in tact.

3.5 Discussion

We have demonstrated PTOCT of highly absorbing AuNR contrast agents in the near infrared
wavelength region, including validation in phantoms and feasibility studies in vivo. We
characterized the photothermal signal with the bio-heat equation, and directly compared modeled
and experimental PTOCT data. The PTOCT system in common path configuration demonstrated
high (pM-level) sensitivity to AuNR contrast agents (Fig. 3.5), with detection levels appropriate for
in vivo imaging of AuNR uptake in mouse tumors [43]. The linear relationship between contrast
agent concentration and PTOCT signal leaves open the possibility of quantitative molecular imaging
with PTOCT. In addition, AuNR contrast agents were successfully imaged in vivo, demonstrating
a first step towards in vivo molecular imaging with PTOCT.

Before pursuing imaging applications involving complex in vivo systems with PTOCT, it is
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important to thoroughly characterize and optimize the imaging system in more controlled
environments. Therefore, we performed experiments to assess the photothermal signal as a function
of chopping frequency, laser power (and thus irradiance), and OCT magnitude signal. These
experimental PTOCT results were compared to the results of a quantitative photothermal heating
model. The physical basis of the PTOCT signal is a change in OPL. Since the transition from
temperature change to OPL is essentially linear, but difficult to accurately solve [11], the modeled
(maximum temperature change, Eq. 3.10) and experimental (maximum OPL change, Eq. 3.6)
results were compared after normalization (Fig. 3.3). From Eq. 3.8 and 3.9, it is evident that the
only controllable imaging parameters governing the photothermal temperature change are the
chopping frequency (i.e. how rapidly the photothermal laser is amplitude modulated) and the laser
irradiance (a function of spot size and laser power). Therefore, we tested the effects of these two
variables on the photothermal signal, in comparison to the predictions of a well-established closed
form solution for the heat conduction equation [11, 41]. Our results indicate that the heat conduction
model accurately represents experimental PTOCT data. As expected, an increase in irradiance
linearly increases the PTOCT signal (Fig. 3.3(b)), while increased chopping frequency
logarithmically degrades the PTOCT signal (Fig. 3.3(c)).

The photothermal heating of a sample (Eq. 3.8 and 3.9) is not dependent upon a traditional OCT
image, only on the sample and heating parameters. Therefore, the PTOCT peak signal should be
independent of the OCT magnitude signal. It is essential to demonstrate independence between OCT
magnitude signal and PTOCT signals because of the speckle and heterogeneities in OCT magnitude
images. As predicted, the OCT magnitude signal did not affect the mean PTOCT signal (Fig. 3.4(a)).
However, the OCT magnitude signal did impact the noise in the PTOCT signal (Fig. 3.4(b)), in
agreement with the predicted power-law degradation of phase stability with decreased OCT SNR
[42, 44].
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This work demonstrates the first reported in vivo imaging of contrast agents with PTOCT and
is an important step towards the use of PTOCT in molecular imaging studies in mice. However,
there are some remaining considerations to address before robustly applying PTOCT toward in vivo
molecular imaging. First, motion artifacts must be limited during PTOCT imaging. Motion artifact
can be minimized by physically restraining the tissue, and by gating images between breathing
cycles. In addition, the derivative operation in Eq. 3.4 and subsequent Fourier transform (Eq. 3.5)
help to separate oscillations due to motion artifact from the OPL oscillations that form the PTOCT
signal. The results shown here indicate the effects of motion artifacts can be minimized if the
PTOCT chopping frequency does not overlap with frequencies due to motion artifacts. Common
path imaging using a secured coverslip above the sample or by surface coating with a diffuse
scattering compound [45] could also assist with motion artifact compensation. Algorithms and
image registration methods for removing motion artifacts in OCT phase and magnitude signals also
currently exist to help reduce the affects from sample motion [46-48]. Second, the divergence and
scattering of the photothermal beam through tissue complicates calculations of irradiance as a
function of depth. Phantom measurements of the photothermal beam size as a function of depth
along with Monte Carlo simulations could address this problem, or ratiometric measurements could
be acquired at different pump beam wavelengths [49]. Another obstacle to account for is integration
of the photothermal signal with depth. Since phase images measure changes in OPL, and OPL is an
integrated signal, photothermal signals accumulate in depth, as is evident in Fig. 3.6(c). Previous
work has accounted for this integration by taking the local slope of the photothermal signal [17].
However, using local linear curve, highly concentrated samples cannot be accurately characterized
with linear models. Finally, the imaging speed for photothermal optical coherence microscopy
(OCM) has recently been improved with the use of optical lock-in methods [50]. It is expected that

these methods can also be applied to PTOCT to improve imaging speeds, reduce motion artifacts,
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and further translate these methods toward in vivo use. Regardless of these confounding factors,
PTOCT has been proven to be a sensitive method to image both endogenous and exogenous
absorptive targets at depths greater than any microscopy method, making it a molecular imaging
tool with great potential in biomedical science applications. It is expected that further development
of this relatively new technology will overcome these remaining obstacles.

In conclusion, PTOCT is a promising technology, with the potential to enable molecular
imaging with an impressive combination of spatial resolution and imaging depth. We have
characterized and translated this technology to in vivo use, illustrating the potential of PTOCT to
address critical needs in pre-clinical molecular imaging. We have demonstrated that PTOCT can
image a contrast agent at physiologically relevant concentrations [43] at depths approaching 1mm
in vivo, exceeding the imaging depths of traditional microscopy (including two-photon) techniques.
An additional strength of this method is that it provides images of the spatial distribution of contrast
agent along with the complementary existing features of OCT (structural imaging and Doppler OCT
of blood flow).
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CHAPTER 4
Image Spatial Heterogeneities of Intra-Tumor Gold Nanoparticle Delivery In vivo Using
PTOCT

Tucker-Schwartz JM, Beavers KR, Sit WW, Shah AT, Duvall CL, Skala MC, “In vivo imaging of
nanoparticle delivery and tumor microvasculature with multimodal optical coherence tomography,”
Biomedical Optics Express, 2014; 5(6):1731-1743.
4.1 Abstract

Current imaging techniques capable of tracking nanoparticles in vivo supply either a large field
of view or cellular resolution, but not both. Here, we demonstrate a multimodality imaging
platform of optical coherence tomography (OCT) techniques for high resolution, wide field of
view in vivo imaging of nanoparticles. This platform includes the first in vivo images of
nanoparticle pharmacokinetics acquired with photothermal OCT (PTOCT), along with overlaying
images of microvascular and tissue morphology. Gold nanorods (51.8 £ 8.1 nm by 15.2 + 3.3 nm)
were intravenously injected into mice, and their accumulation into mammary tumors was non-
invasively imaged in vivo in three dimensions over 24 hours using PTOCT. Spatial frequency
analysis of PTOCT images indicated that gold nanorods reached peak distribution throughout the
tumors by 16 hours, and remained well-dispersed up to 24 hours post-injection. In contrast, the
overall accumulation of gold nanorods within the tumors peaked around 16 hours post-injection.
The accumulation of gold nanorods within the tumors was validated post-mortem with
multiphoton microscopy. This shows the utility of PTOCT as part of a powerful multimodality

imaging platform for the development of nanomedicines and drug delivery technologies.

4.2 Introduction

Clinical trials are currently underway to test gold nanoparticles as cancer therapeutics [1-3]
due to their attractive physical and biological properties [4]. Gold nanoparticles have also enabled
significant advances in pre-clinical cancer research as drug delivery vectors [5] and imaging
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contrast agents [6]. However, there is a need for improved technologies to image gold nanoparticle
distributions in Vvivo in the context of microvessel morphology (the key delivery system for
nanoparticles). Such an imaging platform could be used to optimize the size, shape, material
composition, and surface chemistry of nanoparticles for improved clinical performance. High
resolution, small field of view, and shallow imaging depth microscopy techniques including dark-
field and multiphoton are most often used to image gold nanoparticles in vitro (and more rarely in
vivo) [7-9]. For animal studies, postmortem and destructive mass spectrometry techniques [10-12]
are often employed to investigate the general bio-distribution of nanoparticles. Emerging in vivo
imaging modalities that can monitor gold nanoparticle delivery (e.g. computed tomography [2,
13], photoacoustic tomography [6, 14], surface enhanced Raman scattering [15], and microscopy
techniques [16]) supply either a large field of view or high resolution, but not both. In addition,
the majority of these existing tools cannot supply label-free contrast of the local microvasculature,
an essential component for assessing drug delivery. Consequently, there is a significant gap in
technologies that can provide non-destructive in vivo images of nanoparticle pharmacokinetics
with high resolution at depths greater than microscopy. This spatial regime is important because
heterogeneities in tumor microenvironment and microvessel morphology, for example, can
drastically alter local therapeutic delivery and thus clinical efficacy [17].

We demonstrate photothermal optical coherence tomography (PTOCT), a functional extension
of optical coherence tomography (OCT), to fill this spatial niche for in vivo imaging of nanoparticle
delivery. OCT is a noninvasive, three-dimensional (3D) imaging tool that detects back-scattered
near-infrared (NIR) photons from a sample to visualize tissue morphology [18]. OCT fills the
spatial imaging niche between high resolution microscopy and whole body imaging techniques,
supplying high resolution (1-30 um) at depths greater than traditional and multiphoton microscopy
(1-3 mm) [19]. In addition to tissue morphology, Doppler [20] as well as speckle [21] and phase
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[22] variance imaging techniques allow OCT to image microvessel morphology and quantify
blood flow without the addition of contrast agents. Although OCT provides images of tissue and
microvessel morphology on a spatial scale that is relevant for imaging animal models of disease,
the source of OCT contrast (index of refraction mismatches) weakly differs between molecular
species. Therefore, functional versions of OCT have been developed to visualize endogenous and
exogenous targets [23-28]. PTOCT is an especially sensitive functional extension of OCT that
identifies photon absorbing targets with high specificity over background tissue scattering [26-28].
PTOCT has been demonstrated with nanoparticle contrast agents in vitro and ex vivo including
gold nanospheres [26], gold nanoshells [28], gold nanorods [27, 29], carbon nanotubes [30], and
gold nanoroses [31], and PTOCT was recently demonstrated for in vivo imaging of subcutaneous
injections of gold nanorods into a mouse ear [27].

This study demonstrates a novel and powerful application of PTOCT for in vivo imaging of
nanoparticle delivery to tumors, and provides unique insights into heterogeneities in nanoparticle
uptake and microvascular function that can be used to optimize nanoparticle delivery. This work
provides the first PTOCT image volumes in vivo, as well as the first co-registered images of tissue
structure, microvessel morphology, and nanoparticle delivery in the OCT spatial imaging regime.
PTOCT non-destructively images nanoparticle uptake in tumors in three dimensions with
microscopic resolution and a wide enough field of view to capture a large region of the tumor
(multiple millimeter scan range). Therefore, PTOCT can potentially provide a robust method to
study the effects of size, shape, material composition, and surface chemistry of gold nanoparticles
for improved in vivo delivery. Gold nanorods (AuNRs) were studied because they exhibit tunable
and narrow NIR local surface plasmon resonance peaks, with photothermal efficiencies greater
than gold nanoshells [2]. Here, PTOCT is used to image the accumulation of intravenously-

injected AuNRs into mouse mammary tumors via the enhanced permeability and retention (EPR)
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effect, a hallmark of cancer where newly formed and leaky vasculature allows extravasation of
particles between 5 and 200 nm [32, 33] diameter into the tumor tissue space [17, 34].
4.3 Methods

4.3.1 Gold Nanorod (AuNR) Synthesis

Methoxy-terminated poly(ethylene glycol) (PEG) AuNRs were synthesized for in vivo
injection using a well-established seed-mediated growth method using the surfactant
hexadecyltrimethyl ammonium bromide (CTAB) [35]. Following synthesis, CTAB surface
molecules were exchanged with 5 kDa PEG molecules to increase biocompatibility and circulation
time in vivo. To do so, a 20 mM solution of 5 kDa mPEG-thiol (Layson Bio) in distilled water was
reduced with immobilized TCEP resin (Thermo Scientific) for one hour at room temperature. One
mL of CTAB-coated AuNRs was functionalized with PEG by the sequential addition of 275 pL
of 1.1 mM K2CO3 and 250 pL of reduced 5 kDa mPEG-thiol. PEG-coated AuNRs were then
purified by centrifugation at 15,300 x g for 10 minutes and resuspended in 1X PBS. Efficient
surface PEGylation was verified by a lack of AuNR aggregation upon resuspension in 15% FBS
and 10X PBS. A stock solution of PEG-coated AuNRs with an absorption peak at 740 nm was
sterile filtered using 200 nm pore syringe filters and concentrated to 9 nM for in vivo injection. A
representative transmission electron microscopy (TEM) image and spectrophotometry curve for
the AuNRs are shown in Fig. 4.1(a). Quantitative analysis of TEM images revealed an average
AuNR size of 51.8 £ 8.1 nm long by 15.2 + 3.3 nm wide (n=20), and an average aspect ratio of
3.4.

4.3.2 Imaging Instrumentation

A commercial fiber-coupled spectral domain OCT system (Bioptigen) was altered for PTOCT
imaging (Fig. 4.1(b)). An 860 nm central wavelength, superluminescent diode (SLD, Fig. 4.1(b))

served as the OCT imaging beam (6.4 um resolution in air), with 750 uW of power on the sample.
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SLD light was sent through a circulator and split between the imaging sample and a reference
reflector using a 50/50 fiber coupler. Returning interference light was captured by a 2048 pixel
CCD (Atmel) at a rate of 10 kHz. Incident light on the sample was scanned in the second and third
spatial dimension using galvanometer mirrors, and focused to a lateral resolution of approximately
25 um. Polarization states in the reference and sample arm were optimized using fiber-based
polarization controllers (PC, Fig. 4.1(b)). A tunable Titanium:Sapphire NIR laser source
(Coherent) served as the photothermal heating beam (note that continuous wave lasers are equally
effective sources). This source was amplitude modulated with a 50% duty cycle square wave using
a mechanical chopper and coupled into the sample arm fiber for co-alignment with the imaging
beam. The photothermal beam was amplitude modulated at 500 Hz and tuned to 740 nm (the AuNR

local surface plasmon peak wavelength), with 25 mW of average power on the sample over one

modulation period.
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Fig. 4.1. Contrast agents and PTOCT imaging instrumentation. (a) Extinction spectrum of
AuNR samples with an absorption peak of approximately 740 nm, with a representative TEM
(inset, scale bar = 100 nm). (b) A fiber-based PTOCT system was constructed for imaging. The
titanium sapphire laser was amplitude modulated and used as a photothermal heating source. Mice
with dorsal skinfold window chambers containing mammary tumors were intravenously injected
with AuNRs into the tail vein and imaged with PTOCT over time. SLD: Superluminescent diode;
PC: Polarization controllers; 50/50: Fiber coupler

4.3.3 Image Acquisition and Signal Processing

PTOCT exploits the photothermal effect to produce changes in optical path length that can be

detected with high sensitivity and specificity using phase-resolved OCT. In our experiments, the
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photothermal heat release from AuNRs is modulated with an amplitude-modulated laser tuned to
the resonance peak of the nanoparticles (Fig. 4.2(a), top). Upon heat release into the
microenvironment, water in the tissue surrounding the nanoparticles undergoes thermoelastic
expansion and index of refraction shifts, thus altering the optical path length over time. The phase-
resolved OCT image is directly related to optical path length, allowing PTOCT to identify AuNRs
within the tissue due to fluctuations in OCT phase (Fig. 4.2(a), bottom) [27].

Digital frequency analysis was used to isolate the photothermal oscillations within the phase-
resolved OCT data. For each 1D depth-resolved PTOCT A-scan, 1000 repeated OCT A-scans were
captured over time while amplitude modulating the photothermal laser at 500 Hz. Each OCT
interferogram was resampled from linearity in wavelength to linearity in wavenumber, dispersion
corrected [36], and background subtracted [37]. A Chirp-Z transform converted wavenumber data
to depth-resolved image data, creating a three-dimensional complex-number dataset as a function
of depth (z), time (t), and lateral position (x) for each B-scan (Fig. 4.2(b)). The phase (®, Fig.
4.2(b)) at each point was used for subsequent analysis. The phase in each A-scan was referenced
to the first bright reflection to increase phase stability (i.e. self-referencing) [38]. Then, the
temporal derivative of the phase at each point in depth was calculated [27], and the data was Fourier
transformed in the temporal dimension. The PTOCT signal for each point in depth (z) and lateral
position (x) was defined as the magnitude of its temporal Fourier transform at the amplitude
modulation frequency of the photothermal beam (500 Hz, green circle Fig. 4.2(b)), minus the
background (the mean of the adjacent 200 Hz frequency components). The Fourier transform
magnitude data was transformed to optical path length units according to previous methods [27].
This analysis was completed at all points in space to reconstruct PTOCT images (Fig. 4.2(b)). This
process was expanded to a third spatial dimension to create 3D volumes. Previous work provides
details of the PTOCT system, signal characterization, and signal analysis [27].
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Fig. 4.2. In vivo PTOCT signal analysis. (a) AuNRs (dark yellow, top) in optically scattering
tissue (bright yellow, top) are identified by the OCT imaging beam (black dashed line, top) by their
photothermal heat release signature after absorption of an amplitude-modulated heating beam (red
dashed structure, top). Oscillations in heat release from AuNRs cause oscillations in optical path
length and thus the phase of the OCT interference pattern over time (bottom). (b) For each PTOCT
B-scan, a complex-valued 3D dataset is constructed as a function of depth (z), space (x), and time
(t) (top left ). The temporal derivative of the phase (@) of this 3D data set is taken, followed by a
temporal Fourier transform (top left). A peak in this Fourier-transformed data at 500 Hz (the
amplitude-modulation frequency of the photothermal beam, green-dashed circle) reveals the
presence of AuNRs (top right). This analysis is repeated at all spatial positions to reconstruct the
2D cross-sectional PTOCT image, which localizes AuNRs (green pixels, bottom right). The
magnitude of the depth-resolved dataset provides the traditional OCT structural image (bottom
left). Bottom panels show representative OCT and PTOCT images of a solid agarose phantom with
AuNRs spatially confined to the left capillary tube (scale bar = 1 mm).

In addition to PTOCT, speckle variance OCT (SVOCT) maps of microvessel morphology
(intensity-normalized variance of the magnitude image over 10 repeated A-scans) were collected
over the same image volumes, and were then median filtered to reduce noise. Traditional OCT
tissue morphology images were calculated as the log based ten values of the magnitude image.
Three by two millimeter rectangular volume scans were acquired, with isotropic 10 pm lateral
sampling for OCT and SVOCT image volumes, and 10 um (fast scan dimension) by 100 pm (slow
scan dimension) sampling for PTOCT image volumes. PTOCT cross-sectional images were
filtered using a two-dimensional (2D) median filter and masked using the OCT magnitude data.
The 3D image volumes where then reduced to two en face dimensions by averaging along the depth

dimension (approximately 1 mm in depth). SVOCT projections were further filtered using a Gabor
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filter to increase contrast to vessel-like features [39]. En face projections of OCT (tissue
morphology, gray), SVOCT (vessel morphology, red), and PTOCT (AuNRs, green) were used for
quantitative data analysis. OCT, SVOCT, and PTOCT images were processed and quantified
offline using custom Matlab software.

A spatial frequency analysis of the PTOCT en face projections was performed to characterize
the diffusion of the AuNRs throughout the tissue over time. Each PTOCT en face projection was
first multiplied by a raised cosine window to remove edge artifacts in the Fourier transform.
PTOCT images were then mean subtracted, and a two-dimensional Fourier transform was
calculated so that low spatial frequency content of the image was radially centered, with high
frequency content located at the edges. Fourier transformed images were then masked to include
only low or high frequency components, and the image energy (the sum of the magnitude squared)
of the low and high frequency masked images were calculated. This analysis quantifies the percent
of image energy that is either low (diffuse) or high (sparse) spatial frequency, and can be expanded
to include directionality and multiple frequency bands. The frequency cutoff was selected to
enclose spatial frequencies less than or equal to 10% of the Nyquist sampling frequency.

4.3.4 In Vivo Imaging

All animal work was approved by the Vanderbilt IACUC committee, and all surgical
procedures were performed using aseptic techniques. Six nude (Foxn1™/ Foxnl™, The Jackson
Laboratory) female mice, 12 weeks of age, underwent dorsal skinfold window chamber surgery
for direct visualization of 4T1 (mouse mammary) tumors. While under inhalant isoflurane
anesthesia (1.5-2%), a custom made 10 mm diameter window was placed onto the back of the
mouse and secured across a dorsal skinfold with the use of three bolts and sutures at the top and
bottom of the window. The skin from one side of the skinfold within the window was removed, as

well as the underlying fascia layer. A 4T1 (mouse mammary) solid tumor, which was grown for
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16 days in the mammary fat pad of a separate mouse, was sliced to a thin section and placed on the
exposed tissue layer in the dorsal window. The window was filled with sterile saline, and overlain
with a coverslip to visualize the underlying tumor. 4T1 tumors were allowed to grow in the dorsal
skinfold window for 10 days prior to imaging. Following baseline (pre-injection) OCT, SVOCT,
and PTOCT imaging, sterile-filtered PEG-coated AuNRs in 1X PBS (200 ml volume, ~9 nM
concentration) [2] were injected into the tail vein of four mice, while sterile 1 X PBS was injected
as a vehicle control into two mice. After injection, three more imaging time points were performed
at approximately 2, 16, and 24 hours post-injection to image the accumulation of AuNRs into the
tumor tissue via the EPR effect. During imaging, mice body temperature was regulated by a
circulating heating pad while the mice were under inhalant isoflurane anesthesia (1.5% in air).
Dorsal windows were tightly secured to the imaging stage using a custom apparatus.

4.3.5 Ex Vivo Multiphoton Microscopy

Upon completion of in vivo imaging time courses, the mice were sacrificed and tumors were
harvested for further imaging. The tumor was maintained in standard cell culture media on ice and
imaged eX vivo using multiphoton luminescence microscopy as an independent validation of AuNR
accumulation into the tissue. A custom-built multiphoton epi-fluorescence imaging system (Prairie
Technologies) was used for ex vivo tissue imaging. A Titanium:Sapphire laser was tuned to the
excitation peak of the AuNRs (740 nm) with less than 1 mW of power incident on the sample. An
emission filter at 607 nm with a 45 nm bandwidth was used to capture AuNR luminescence signal
and reject any autofluorescence. EX vivo images were captured with a 20X objective (NA = 0.75),
and were processed offline using a custom Matlab routine. For quantitative analysis, two images
for each of the six animals were analyzed (n=12 total). All images were collected in the same
imaging session, ensuring constant imaging parameters (laser power, detector settings, etc.)

between samples.
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4.4 Results

4.4.1 In Vivo Imaging of AuNR Accumulation Into Tumors

Mice with mammary tumors in dorsal window chambers were intravenously injected with
either AuNRs or 1X PBS (vehicle control), and imaged at multiple time points before and after
injection. Examples of the PTOCT image volumes collected with OCT, SVOCT, and PTOCT are
shown in Fig. 4.3. Tissue morphology (gray channel, OCT), vessel morphology (red channel,
SVOCT), and AuNR distribution (green channel, PTOCT) are inherently co-registered (Fig.
4.3(a)). The distribution of AuNRs at each time point is noninvasively imaged with respect to the
tissue structure as well as vessel morphology. An angled slice through the depth dimension yields
better visualization of all three image channels as a function of depth (Fig. 4.3(b)). The tissue
structure (gray channel, OCT) can also be removed (Fig. 4.3(¢c)) to better visualize the structure of
the AuNR distribution with respect to the vessel morphology. For quantitative comparisons
between imaging datasets, image volumes were reduced to two lateral en face dimensions via

averaging over the depth dimension (Fig. 4.3(d)).

(b)

Fig. 4.3. Representative in vivo PTOCT image volumes. (a) 3D rendering of mouse 4T1 tumor
16 hours after AuNR injection via the tail vein, with OCT of tissue structure (gray channel),
SVOCT of vessel morphology (red channel), and PTOCT of AuNRs (green channel). (b) An
angled slice through the 3D volume reveals depth-resolved anatomy, vessel morphology, and
AuNR distribution. (¢) Removing the structural information reveals the underlying vessels (red)
and AuNR distribution (green) in three dimensions. (d) After averaging over the depth dimension,
co-registered 2D en face projections of tissue morphology, vessel morphology, and AuNR
distribution are visible in the tumor tissue (scale bar = 1 mm).
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Example en face projections of overlapping tissue morphology (gray channel, OCT), vessel
morphology (red channel, SVOCT), and AuNR distribution (green channel, PTOCT) for control
(1X PBS injected, n=2) and experimental (AuNR injected, n=4) animals are shown in Fig. 4.4.
Vessels within the tumor tissue are clearly visible in both control mice injected with 1X PBS (Fig.
4.4, top) as well as experimental mice with systemically injected AuNRs (Fig. 4.4, bottom). In
addition, distinct morphological features are present from within the tumor tissue. However, the
PTOCT signal is only visible in mice after systemic injection of AuNRs, indicating the ability of
PTOCT to specifically image AuNRs in vivo at the tumor site, even in the presence of tissue
scattering. Due to the size of the AuNRs, the particles are found mainly within close proximity of
terminal microvessels over the time points imaged (Fig. 4.4). These findings agree with previous
work using histology [40] and microscopy of superficial depths [41] that established a relationship
between particle size and diffusion distance from microvessels in tumors. However, these previous

studies required destructive techniques or contrast-aided visualization of vasculature.

74



Pre-injection 2 hrs 16 hrs 24 hrs
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Fig. 4.4. PTOCT signals increase in vivo after AuNR injection. En face projection images of
tissue morphology (OCT, gray), vessel morphology (SVOCT, red), and AuNR distribution
(PTOCT, green) in a mouse tumor pre-injection , and 2 hours, 16 hours, and 24 hours after injection
of either 1X PBS (top) or AuNRs (bottom) in 1X PBS (scale bar = 1 mm). The PTOCT signal
appears only after injection of AuNRs. White arrows point to regions of positive PTOCT signal 2
hours after injection.

Specific imaging of AuNR uptake in tumors is apparent from the en face PTOCT projections
from mice injected with 1X PBS control (Fig. 4.5(a)) versus AuNRs (Fig. 4.5(b)) 16 hours post-
injection. The time-course of AuNR accumulation and retention within the tumors was similar
across all animals (Fig. 4.5(c)), and mice injected with AuNRs exhibited significantly increased
PTOCT signal compared to pre-injection values (p<0.05, Wilcoxon rank sum test, Fig. 4.5(d)).
The PTOCT signal peaked at 16 hours after AuNR injections, with a peak PTOCT signal of 145 +
46 picometers across all experimental animals (Fig. 4.5(d)). Although low resolution imaging
modalities can provide information on the bulk accumulation of nanoparticles in tumors, the high
resolution and wide field of view of PTOCT allows for visualization of spatially distinct
nanoparticle uptake over large regions of the tumor volume. The bulk accumulation of AuNRs in
tumors is similar across mice (Fig. 4.5(c)), however there are spatial heterogeneities in uptake

within individual tumors and these spatial patterns vary between tumors (Fig. 4.5(b)). One
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important attribute of PTOCT is its ability to capture these spatial heterogeneities over a wide field
of view, which is difficult to accomplish with microscopy or whole body imaging techniques.
Additionally, PTOCT can acquire images at depths greater than confocal and two-photon

microscopy.
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Fig. 4.5. In vivo temporal and spatial tracking of AuNR uptake in tumors using PTOCT. En
face PTOCT projection images from all mice 16 hours after injection of either (a) PBS (n=2) or
(b) AuNRs (n=4) (scale bar = 1 mm). (c) Mean PTOCT signal at each imaging time-point for the
two mice injected with PBS and the four mice injected with AuNRs (“preinj” = pre-injection). (d)
Mean =+ standard error PTOCT signal for all mice injected with either PBS (n=2) or AuNRs (n=4).
*p<0.05.

The high resolution of PTOCT can be exploited for more advanced image analysis to quantify
AuNR spatial distribution over time. This analysis can be applied to optimize nanoparticle
delivery, and to determine the time-points at which photothermal or other therapeutic interventions
would be most effective. Specifically, the sparsity of the AuNR distribution within the tumor at
each time point was quantified from the spatial frequency content of each 2D PTOCT projection

image. The low and high spatial frequency components correspond to AuNR distributions in the
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tumor that are diffuse (more dispersed throughout the tissue) and sparse (spatially confined to

distinct locations), respectively.

PTOCT en face images for one mouse at the three time points after AuNR injection are shown
in Fig. 4.6(a), as well as the accompanying two dimensional Fourier transforms (Fig. 4.6(a),
bottom). The red circle in each Fourier transform image (Fig. 4.6(a), bottom) represents the cutoff
between low and high frequency content calculations. The image energy due to low frequencies is
shown in Fig. 4.6(b) for each mouse injected with AuNRs, and the average for all four mice is
plotted in Fig. 4.6(c). Low frequency components are at a minimum at the earliest time point, due
to the sparsity of the AuNR accumulation early after injection. At later time points, the low
frequency component increases (and the high frequency contribution decreases an equal amount)
due to the increased accumulation and diffusion of the AuNRs throughout the tissue (p<0.05,
Wilcoxon rank sum test). Between the 2 hour and 16 hour time-points, the energy of the low spatial
frequencies increases by approximately 15%, then remains fairly constant, indicating that the
diffusion of the AuNRs throughout the tissue peaks between those time-points. As shown
previously, the mean PTOCT signal (Fig. 4.5(d)) due to AuNR accumulation is similar at 2 and 24
hours. However, the distribution of AuNRs is quite different between those time points (Fig.
4.6(c)). These distribution dynamics are helpful for understanding the pharmacokinetics of AuNRs
into and out of the tumor, and for properly optimizing nanoparticles for clinical therapeutic and
imaging strategies. Lower resolution imaging tools (computed tomography, photoacoustic
tomography, etc.) as well as destructive techniques (e.g. ICPMS) can measure bulk accumulation
of AuNRs over a large tumor section. However, the high-resolution distribution analysis provided
by PTOCT is critical for understanding AuNR accumulation throughout different spatial locations
in the tumor, and highlights the enabling abilities of high resolution, wide field of view, and deeply

penetrating PTOCT imaging. For example, nanoparticles that are too large to diffuse away from
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nearby vessels can only deliver drug to perivascular tumor regions. PTOCT can resolve these
intratumoral heterogeneities in nanoparticle delivery with respect to nearby vasculature, and could
therefore serve as a robust tool for tracking the efficacy of nanoparticle-based drug delivery

platforms that seek to homogeneously disperse throughout a tumor.
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Fig. 4.6. Spatial frequency content analysis of in vivo PTOCT images reveals an increase in
low spatial frequencies over time. (a) PTOCT en face images (top) and accompanying 2D spatial
Fourier transforms (bottom) from a representative mouse tumor 2 hours, 16 hours, and 24 hours
after injection of AuNRs (scale bar = 1 mm). The red circle highlights the cutoff between high
(outside the ring) and low (inside the ring) spatial frequencies. (b) Percent of image energy due to
low spatial frequencies over time for four mice injected with AuNRs. (c) Mean + standard error of
the image energy due to low and high spatial frequencies for mice injected with AuNRs (n = 4)
over time. *p < 0.05.
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4.4.2 Ex Vivo Validation Using Multiphoton Microscopy

Following the completion of the PTOCT imaging studies, the mice were sacrificed and tumors
were harvested for further imaging. Gold nanoparticles possess a strong multiphoton luminescence
signal that is spectrally separate from common autofluorescent proteins native to cells, so
multiphoton imaging serves as a reliable validation tool for imaging AuNRs [8, 42]. Representative
ex vivo multiphoton images of tumors from mice intravenously injected with PBS (Fig. 4.7(a)) or
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AuNRs (Fig. 4.7(b)) after completion of the PTOCT imaging study are shown, as well as the mean
signal for tissues from mice intravenously injected with AuNRs or PBS (Fig. 4.7(c)). All ex vivo
multiphoton imaging occurred in unaltered tissue samples freshly harvested from the same mice
imaged in the PTOCT study. There is a significant increase in the multiphoton signal measured in
tumors from mice injected with AuNRs compared to tumors from mice injected with PBS (p<0.05,
Wilcoxon rank sum test). The average value from the negative control mice indicates the noise
floor of the system, since no appreciable structure or signal was visible in any PBS-injected mouse
tumor. After ex vivo imaging, tumors were formalin fixed, paraffin embedded, sliced, stained with
hematoxylin and eosin, and histologically verified as malignant mammary tumors (data not
shown). These ex vivo analyses confirm the observed increase in PTOCT signal is due to

accumulation of AuNRs in the tumor tissue.
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Fig. 4.7. Validation of AuNR uptake into tumor tissue using multiphoton imaging.
Representative 20X multiphoton image of tumor tissue 24 hours after tail vein injection of (a) 1X
PBS or (b) AuNRs, imaged ex vivo (scale bar = 100 um). (b) Mean + standard error of the
multiphoton signal across all ex vivo images from mice injected with either PBS (n=4 images) or
AuNRs (n=8 images). *p < 0.05
4.5 Discussion

We have shown that PTOCT can temporally track the 3D accumulation of AuNRs into tumor
tissue. PTOCT identified peak AuNR accumulation in tumors around 16 hours, which agrees with
temporal trends found in previous studies that employed invasive methods to quantify nanoparticle

biodistribution [43]. Co-registered images of tissue structure (OCT), vessel morphology (SVOCT),
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and nanoparticle distribution (PTOCT) with the same imaging system could allow for
comprehensive analyses of nanoparticle delivery kinetics. For example, this platform of
multimodal OCT can be applied to analyze in vivo drug diffusion distances from vessels over time,
or to validate in vivo drug release over a greater tumor volume than previous studies, without the
need for vascular contrast agents [41, 44]. PTOCT has the potential to track not only gold
nanoparticles in vivo, but any molecule with a strong NIR absorption cross section (e.g. near
infrared fluorophores [45], carbon nanotubes [30]), with large fields of view, at high resolution,
and at depths greater than confocal and multiphoton microscopy. This could allow for in vivo
imaging of the delivery of clinically relevant agents of different size, shape, and surface chemistry
in the context of the microvasculature (i.e. the drug delivery system). For example, PTOCT could
track dye-tagged drugs or nanoparticles over time and over multiple doses to quantify the in vivo
spatial distribution and pharmacokinetics of these agents at the target site. PTOCT could also be
used to refine delivery strategies to overcome clearance by the immune system [46]. Additionally,
other orthotopic tumor models including brain and mammary windows [22] can be imaged with
PTOCT, further supporting widespread adoption.

Remaining optimizations including phase accumulation [47] and imaging speed [48] can also
be incorporated for more streamlined acquisition and analysis. In its current implementation,
PTOCT contains axial image artifacts due to phase accumulation. Published models address this
issue in layered homogeneous phantoms [47], and models for heterogeneous in Vvivo images are
currently under development. In addition, the current PTOCT implementation uses digital
sampling and frequency analysis, which required a 14-minute scan time per volume. However,
with the development of optical lock-in techniques for low coherence interferometry [48], PTOCT
can potentially be performed with significantly reduced acquisition times. Long in vivo scan times
can also cause image artifacts due to respiratory and cardiac motion. However, a few key data
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acquisition and signal processing considerations were used in this study to minimize the impact of
motion artifact on PTOCT images. First, the photothermal heating laser was modulated at 500 Hz,
which lies outside of the frequency range of motion artifact (<500 Hz). Second, the phase at all
points in depth was digitally referenced to the most shallow reflection in the image (i.e. the dorsal
window coverslip), thus improving phase stability [38]. Last, any remaining motion artifact was
background subtracted using the average of the frequency components adjacent to the photothermal
frequency.

In conclusion, PTOCT is a promising imaging platform for the study of gold nanoparticles and
other photon-absorbing molecules in vivo. PTOCT provides non-invasive images of 3D drug
delivery dynamics, along with corresponding tissue and vessel morphology images. As the
technology continues to develop, PTOCT could have broad applications to assess in vivo delivery
of nanomedicines and imaging contrast agents, greatly impacting drug discovery and molecular
imaging.
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CHAPTER S
Apply Optical Lock-in Techniques to Increase Throughput and Allow for Real Time In Vivo
Imaging of Multiple Contrast Agents

Tucker-Schwartz JM, Lapierre-Landry M, Patil CA, Skala MC, “Photothermal optical lock-in
optical coherence tomography for in vivo imaging,” Biomedical Optics Express, 2015; 6(6):2268-
2282.
5.1 Abstract

Photothermal OCT (PTOCT) provides high sensitivity to molecular targets in tissue, and
occupies a spatial imaging regime that is attractive for small animal imaging. However, current
implementations of PTOCT require extensive temporal sampling, resulting in slow frame rates and
a large data burden that limit its in vivo utility. To address these limitations, we have implemented
optical lock-in techniques for photothermal optical lock-in OCT (poli-OCT), and demonstrated the
in vivo imaging capabilities of this approach. The poli-OCT signal was assessed in tissue-
mimicking phantoms containing indocyanine green (ICG), an FDA approved small molecule that
has not been previously imaged in vivo with PTOCT. Then, the effects of in vivo blood flow and
motion artifact were assessed and attenuated, and in vivo poli-OCT was demonstrated with both
ICG and gold nanorods as contrast agents. Experiments revealed that poli-OCT signals agreed with
optical lock-in theory and the bio-heat equation, and the system exhibited shot noise limited
performance. In phantoms containing biologically relevant concentrations of ICG (1 pg/ml), the
poli-OCT signal was significantly greater than control phantoms (p<0.05), demonstrating
sensitivity to small molecules. Finally, in vivo poli-OCT of ICG identified the lymphatic vessels
in a mouse ear, and also identified low concentrations (200 pM) of gold nanorods in subcutaneous
injections at frame rates ten times faster than previously reported. This work illustrates that future

in vivo molecular imaging studies could benefit from the improved acquisition and analysis times

enabled by poli-OCT.
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5.2 Introduction

In vivo molecular imaging in animal models serves a vital role in medical research, providing
fundamental insights into mechanisms of disease formation and progression [1], as well as drug
discovery [2]. Unfortunately, current small animal molecular imaging tools supply either high
resolution or a wide field of view, but not both. For example, fluorescence microscopy can image
molecular contrast in vivo [3, 4] at subcellular (<1 pm) resolution, but only over a small, depth-
limited field of view of a few hundred micrometers. Unlike microscopy, whole body imaging
(e.g. bioluminescence imaging, positron emission tomography, magnetic resonance imaging) of
contrast agents provide molecular images without practical limitations to imaging depth.
However, whole body imaging approaches suffer from limited spatial resolution (mm-cm) [2].
Optical coherence tomography (OCT) fills the niche of high resolution (1-30 um), wide field of
view (5-10 mm), and deep (1-3 mm) three-dimensional optical imaging [5]. OCT is a cost-
effective noncontact imaging tool, capable of MHz line rates [6]. Using low coherence
interferometry of near infrared (NIR) photons, OCT provides depth-resolved images of tissue
structure, vessel morphology [7], and blood flow [8]. Yet, OCT is not especially sensitive to
molecular targets, since the index of refraction varies weakly amongst most molecular species
in tissue.

Photothermal OCT (PTOCT), a functional extension of OCT, enhances the sensitivity and
specificity of OCT to molecular sources of contrast [9, 10]. Similar to photoacoustic imaging,
another emerging molecular imaging technique, PTOCT images the effects of photon absorption.
Unlike photoacoustic imaging, PTOCT is a contact-free tool that images heat release after
photon absorption, rather than the release of acoustic waves from thermally confined laser
pulses. After photon absorption by a chromophore, heat released into the microenvironment

causes thermoelastic expansion and slight changes in local refractive index, which in turn alter
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the observed optical path length. PTOCT quantifies these photothermal-induced optical path
length variations using phase-sensitive OCT measurements and post-acquisition frequency
analysis. PTOCT has been used to image a range of exogenous and endogenous forms of contrast
in vitro and ex vivo including gold nanospheres [9], gold nanorods [11, 12], gold nanoshells [10,
13, 14], carbon nanotubes [15], and blood [16]. Recently, PTOCT was expanded to in vivo
applications, and used to track in vivo heterogeneities in intratumoral nanoparticle distributions
[17]. Even with its recent success, PTOCT still suffers from impracticalities that limit its
widespread use for in vivo molecular imaging. In the traditional PTOCT implementation for
imaging trace concentrations of contrast agents, one A-scan position is temporally sampled
hundreds to thousands of times, and heating dynamics are identified from the phase of the depth-
resolved OCT signal using post-acquisition frequency analysis. This post-acquisition frequency
analysis scheme requires time consuming data acquisition, excessive data collection, and lengthy
offline signal analysis. These limitations make traditional PTOCT impractical and lengthy for
multi-animal in vivo time-course studies, and have therefore restricted its use in research.
Optical lock-in detection, a real-time alternative to post-acquisition frequency analysis, has
been previously implemented for photothermal microscopy of cell monolayers [18]. This
approach was recently expanded to depth-resolved photothermal optical coherence microscopy
[19] and two-dimensional wide field photothermal microscopy [20] of gold nanospheres in cell
monolayers. Specifically, a photothermal optical lock-in optical coherence microscopy (poli-
OCM) technique was developed, allowing for kHz line rate photothermal imaging with OCM
systems [19]. By imposing a frequency shift on the reference arm light, this optical lock-in
technique removes the temporal sampling constraints of photothermal OCM, thus reducing its
data burden and effectively transforming the OCM signal to a real time image of photothermal
heating. However, optical lock-in acquisition has yet to be demonstrated in optically thick
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samples or in vivo, where confounding factors such as motion and blood flow introduce artifacts
into the image.

Here, optical lock-in techniques are implemented for real time imaging of NIR absorbing
contrast agents in vivo using photothermal optical lock-in optical coherence tomography (poli-
OCT). An in vivo poli-OCT system was built and tested using tissue-mimicking phantoms. In
addition, motion artifact and blood flow, which are confounding factors unique to in vivo
imaging, were characterized and attenuated. Finally, contrast agents were imaged in vivo using
frame rates at least 10 fold faster than previous in vivo publications [11, 17]. Two contrast agents
were imaged in vivo in order to demonstrate the versatility of poli-OCT to a range of contrast
agents, including an FDA approved small molecule (indocyanine green: ICG) that has not been
previously measured in vivo with PTOCT, as well as gold nanorods. Overall, the development
of poli-OCT for in vivo use provides improved in vivo molecular imaging in the unique spatial
niche of OCT.

5.3 Methods

5.3.1 poli-OCT Imaging

The theory for poli-OCT has previously been published [19]. In an interferometric imaging
system, a carrier frequency is introduced by imposing a temporal frequency shift (Qr) onto the
reference arm. In the presence of photon-absorbing molecules and frequency matched
photothermal-induced phase oscillations (Qr), the resulting interference pattern is demodulated.
Low pass filtering then distinguishes the demodulated signal from background. Temporal
integration by the CCD serves as the low pass filter, attenuating the signal due to static scatterers
to zero, and maintaining the demodulated signal due to absorption (Fig. 5.1a). To attenuate the
signal due to scatterers, the integration time (1) of the CCD must be set to a multiple (n) of the
frequency shift period (To, where T = n/Qr = nTo). This optical lock-in technique transforms the
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OCT signal as a function of depth (z), defined as the amplitude of the tomogram (|S(z)|) after
Fourier transform of the interference signal, to a real time image of photothermal heating (i.e. poli-
OCT). The poli-OCT signal at a given depth (|]S(z)|) where an absorber such as ICG is present is

described by
|S(Z)|0Cafr(2)rr\/PyPr (5.1)

where a describes the magnitude of the photothermal heating signal, 7(z) and 7 are the reflectivities
at depth z in the sample and at the reference arm, respectively and Ps and P, are the power to the

sample and reference arm, respectively [19].

For in vivo imaging, a custom poli-OCT system was constructed with an 860 nm center
wavelength, 40 nm bandwidth (Fig. 5.1b, yellow, inset), superluminescent diode imaging laser
(SLD, Fig. 5.1b). Light from the SLD was split between the sample and reference arms using a
50:50 fiber coupler (50:50, Fig. 5.1b). A programmable frequency shift (Q2r) was applied to the
reference arm using the beat frequency of two acousto-optic modulators (AOMs) in serial
configuration. The first AOM (AOM 1, Fig. 5.1b) performed a frequency downshift at the AOM
central carrier frequency (¢, where wc = 100 MHz), while the second AOM (AOM 2, Fig. 5.1b)
performed a slightly offset frequency upshift (oc + Qr). AOMs operate on the MHz time scale,
therefore the beat frequency (Q2r) of AOM 1 and AOM 2 was used to shift the operational range
to the Hz and kHz regime, where photothermal effects are large enough to image with our focused
spot size (24 um). A custom phase-locked AOM driver (Brimrose) controlled the frequency shifts
and power throughput of both AOMs, with an operational range of 80-120 MHz and 1 Hz
resolution. Knife edges removed zeroth-order output beams from the AOMs, and the reference
arm light was focused into a fiber coupler for interferometry. In the sample arm, polarization optics
were used to control power to the sample and minimize autocorrelation artifacts. Light output from

the 50:50 fiber coupler was collimated and the polarization angle was tuned using a half wave plate
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(HWP, Fig. 5.1b). A linear polarizer (LP, Fig. 5.1b) then rejected any light off axis from the
reflective mode of the polarization beam splitter (PBS, Fig. 5.1b). After reflection towards the
sample by the PBS, a quarter wave plate (QWP, Fig. 5.1b) controlled the polarization shape of the
sample arm light, from circular (45 degrees) to linear (0 degrees). A 3X scan lens (Thorlabs) then
focused the light onto the sample (depth of field = 1.15 mm, 1/e? spot size = 24 pm). Any light
backreflected from the sample that matched the transmission state of the PBS was collected into a
fiber coupler for interferometry. The output interference signal from the fiber coupler was
dispersed by a spectrometer and captured by a CCD with tunable integration time from 50 to
10,000 ps. To achieve optical lock-in detection, the integration time (t) of the CCD was set to a
multiple (n) of the frequency shift period (To, where T =n/Qr =nTo). The spectrometer, galvo drive
electronics, and software from a commercial OCT system (Bioptigen) were used for the poli-OCT

system.

Photothermal heating was achieved with a wavelength tunable Titanium:Sapphire (Fig. 5.1b)
photothermal laser (PT laser). The wavelength of the PT laser (Fig. 5.1b, green, inset) was tuned
to match the absorption of the selected contrast agent, as shown for ICG (Fig 1b, inset). To induce
photothermal phase oscillations, the PT laser was intensity modulated at the same frequency as the
reference arm (Qp, where Qp = Qr) using a third AOM (AOM 3, Fig. 5.1b), and then fiber coupled
into the imaging system. Commercial software (Brimrose) controlled the frequency shifts in all
three AOMs, while analog inputs (0-1 V) drove the intensity of the output RF signal. The RF
signals sent to AOM 1 and AOM 2 were attenuated, mixed, and then low pass filtered using inline
RF electronics to isolate the beat waveform. The beat waveform from AOM 1 and AOM 2 was
digitally acquired, conditioned in LabVIEW to a square wave frequency matched to the beat of

AOMs 1 and 2 (Qr=Qr), and output as an analog waveform to intensity modulate AOM 3.
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Fig. 5.1. Photothermal optical lock-in OCT. (a) In poli-OCT, a frequency shift (Qr) is imposed
on the reference arm, which attenuates time-averaged interference signals from static non-
absorbing samples. (b) A custom poli-OCT system was constructed for in vivo imaging. ICG
(extinction spectrum, inset) was heated using 770 nm light (green, inset) from the Ti:Sapphire
photothermal laser (PT laser). An 860 nm wavelength, 40 nm bandwidth, superluminscent diode
(SLD) was used for imaging (yellow, inset). D (TeO2): Dispersion matching of AOM crystals; D
Dispersion compensation; HWP: Half wave plate; LP: Linear polarizer; QWP: Quarter wave plate;
PBS: Polarization sensitive beam splitter; AOM: Acousto-optic modulator; SLD:
Superluminescent diode; C: Fiber collimation/coupling; AM: Alignment mirror; PC: Polarization
controller.

5.3.2 Image Processing

Unlike traditional PTOCT which requires Fourier analysis of the digitally sampled temporal
phase data [11], poli-OCT images require the same image processing as standard OCT images. If
the instrumentation and signal requirements are met, either an OCT (Qr = 0 Hz) or poli-OCT (Qr
# 0 Hz and Qr =n/t) image are acquired. To process images, data was first resampled from linearity
in wavelength to linearity in wavenumber. The interference spectrum was then numerically
dispersion corrected [21], followed by a Fourier transform along the wavenumber dimension to
create the depth-resolved image. Fixed pattern noise removal was performed on the complex signal
[22], and the poli-OCT signal was calculated as the non-log compressed magnitude of the depth-

resolved data.
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5.3.3 poli-OCT Imaging of Phantoms

To quantify system performance and optimize the system for in vivo imaging, scattering
phantoms were imaged with poli-OCT under varying parameters. Tissue mimicking phantoms
containing ICG for photothermal absorption were created from clear silicone (Quantum Silicones)
consisting of two parts (A and B) mixed at a 10:1 weight ratio. Rutile titanium dioxide (TiOz,
Sigma Aldrich) was added to a final concentration of 4.1 mg/g to mimic human skin scattering
[23]. The TiO2 was added to silicone component A, mixed for two minutes, and then degassed for
two minutes using a planetary centrifugal mixer (Thinky USA). ICG diluted into a small volume
of 70% ethanol was added to component B of the silicone mixture to a final concentration of 8
pug/ml, then mixed and degassed. Components A and B were then mixed and degassed. The final
mixture was placed in a petri dish under vacuum at 29 inches of Hg for five minutes with brief
returns to standard pressure every minute, and left to cure for 12 hours at 70 degree Celsius.
Phantoms were imaged using a 2 mm B-scan (400 A-scans/B-scan) and data was averaged across
each B-scan including the first 400 um in depth in the phantom. Baseline acquisition parameters
for phantom studies were 500 pW of SLD sample arm power, 25 mW average PT laser power to
the sample, 6 ms CCD integration time, and 500 Hz frequency shift (Qp = Qr). In addition,
reference arm power was adjusted to fill approximately 80% of the CCD dynamic range.
Measurements were acquired with the PT laser on (true poli-OCT signal), PT laser off (background
poli-OCT signal), and with the sample arm blocked (noise floor). The poli-OCT signal was
calculated as the non-log compressed OCT magnitude signal. Similar to previous work [19, 24],
the signal to noise ratio (SNR) was defined as the squared magnitude of the poli-OCT signal with
the PT laser on divided by the variance of the image signal with the sample arm blocked. Means
and standard deviations were assessed over 10 repeated scans, and statistical significance was

calculated using a non-parametric Wilcoxon Rank Sum test (p<0.05).
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The integration time of the CCD and the sample arm power were altered individually, and the
poli-OCT signal and SNR were calculated and compared to photothermal optical lock-in theory
[19] to assess for shot-noise limited performance at millisecond integration times. First, while
maintaining the system frequency shift at 500 Hz, the integration time of the CCD (t = nTo, where
To =2 ms) was increased by integer multiples of the frequency shift period (To) between 2 ms and
8 ms. For each integration time, the reference arm power was adjusted to fill 80% of the CCD
dynamic range. In addition, while maintaining a constant integration time and frequency shift, the
SLD power to the sample was increased from 350 to 900 pW.

Next, imaging parameters that directly affect the magnitude of the photothermal heating
oscillations were altered and trends were compared to approximations of the bio-heat conduction
equation [25] as previously reported using traditional PTOCT [11]. The PT laser frequency (Qp =
Qr) was varied from 200 Hz to 800 Hz while maintaining the integration time of the CCD at 10
ms. Then, the average PT laser power on the sample was varied between 10 and 30 mW. Last, the
concentration of ICG in the phantom was varied between 0 and 17 pg/ml and imaged with 10 ms
CCD integration time, 300 Hz frequency shift, and 30 mW average PT laser power.

Finally, theoretical assumptions of poli-OCT were experimentally validated. According to
theory [19], the presence of the photothermal signal in the poli-OCT image requires that the
intensity modulation of the PT laser (Qp) occurs at the same frequency as the reference arm
frequency shift (Qr). Therefore, Qp was varied between 250 Hz and 750 Hz in 50 Hz increments,
while maintaining Qr at 500 Hz. In addition, in order to reject background scattering, the
integration time of the CCD (t) must be set to a multiple of the frequency shift period (To). To
experimentally validate this assumption, while maintaining a constant frequency shift of 500 Hz
(To =2 ms), the integration time was altered from 4 ms (t = 2To) to 8 ms (t =4To) in 500 ps (To/4)
increments.
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5.3.4 Effect of Motion and Blood Flow

All animal studies were approved by the Vanderbilt University Animal Care and Use
Committee and meet the NIH guidelines for animal welfare. Transitioning the imaging system to
in vivo applications requires an understanding of the effects of motion and blood flow on the poli-
OCT signal, specifically on the rejection of the background scattering signal (i.e. PT laser off).
Therefore, a 4 by 4 mm (400 A-scans/B-scan, 400 B-scans/C-scan) rectangular volume was
acquired of a mouse ear (The Jackson Laboratory, Foxn1™/ Foxn1™) using 10 ms CCD integration
time, 500 Hz frequency shift, and without the PT laser. A 1 by 1 mm (100 A-scans/B-scan, 100 B-
scans/C-scan) rectangular volume was then acquired while varying the reference arm frequency
shift (Qr) from 100 to 2500 Hz. During imaging, the mouse was anesthetized using inhalant
isoflurane (1.5-1.75%) while a closed-loop heating blanket maintained body temperature at 37
degrees Celsius.

5.3.5 In Vivo Imaging with poli-OCT

Photothermal imaging was performed in vivo in female nude mice (The Jackson Laboratory,
Foxnl™/ Foxnl™) using poli-OCT. Mice were anesthetized during imaging using inhalant
isoflurane (1.5-1.75%), and a closed-loop heating blanket maintained body temperature at 37
degrees Celsius. Contrast agents were imaged from within intradermal locations of the mouse ear,
an optically accessible biological site for preclinical studies of cancer [26], immune response [27,
28], and lymphatics [29-31]. The mouse ear was firmly attached to a 10 ml scintillation vial using
double sided tape which was in turn taped to the imaging stage. En face projections were created
by taking the average signal across the depth dimension (~1 mm depth).

In the first demonstration of in vivo poli-OCT imaging to date, the lymphatic vessels of a
healthy mouse ear were imaged with injected ICG in real time. Using a micromanipulator under

OCT image guidance, a 31 gauge needle (Hamilton) was placed intradermally in the outer rim of
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the mouse ear. Approximately 5 pl of 500 pg/ml ICG [31, 32] was injected, and removal of ICG
from the interstitial space via lymphatic vessel drainage was imaged with a 3 by 3 mm (300 A-
scans/B-scan, 300 B-scans/C-scan) rectangular volume medial to the injection site. An integration
time of 6 ms was used, with 500 Hz frequency shift (Qp = Qr), and 30 mW of average PT laser
power (770 nm) on the sample. Image volumes were acquired with the PT laser on, the PT laser
off, and the frequency shift (Qr) set to 0 Hz (i.e. OCT). An accompanying speckle variance scan
was acquired to identify native blood vessels over the 3 mm by 3 mm scan window. Speckle
variance was calculated as the variance of the OCT magnitude signal over 10 repeated A-scans,
acquired at a 10 kHz line rate [17].

Last, similar to previous publications [11], subcutaneous injections of gold nanorods were
imaged with poli-OCT. Gold nanorods were manufactured and coated in poly(ethylene glycol)
(PEQG) according to previous methods [17], diluted to 400 pM concentration in water, then mixed
1:1 with Matrigel (Corning) to a final concentration of 200 pM. The Matrigel-gold nanorod
solution was manually injected into the base of a mouse ear using a 28 gauge needle and allowed
to solidify for 10 minutes. A 2.5 by 2.5 mm rectangular volume (250 A-scans/B-scan, 250 B-
scans/C-scan) was imaged at the periphery of the injection site using 10 ms integration time, 500
Hz frequency shift (Qp = Qr), and 35 mW average PT laser power (740 nm) at the sample. Image
volumes were captured with the PT laser on and off, and then again with a frequency shift (Qr) of
0 Hz. In a separate mouse, a control injection using Matrigel diluted 1:1 in water was imaged using
identical image parameters. In addition, an overlapping speckle variance scan was acquired to
identify native blood vessels. For in vivo imaging, output poli-OCT image volumes were median
filtered in the en face dimension to reduce the effects of motion artifact and then average filtered.
The poli-OCT image contrast was also adjusted to exclude signals near the noise floor, and contrast
adjustments were kept consistent across each set of images.
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5.4 Results

5.4.1 Imaging Scattering Phantoms

Tissue-mimicking phantoms containing ICG (8 pg/ml) and TiO2 were imaged under variable
system parameters to quantify poli-OCT performance and to optimize the system for in vivo
imaging. ICG phantoms did not exhibit significant photobleaching after repeated measurements in
the same phantom location, and the phantoms maintained their integrity over multiple months.
Results were acquired for the poli-OCT signal with the PT laser on (PT laser (+)), the background
signal with the PT laser off (PT laser (-)), and the noise floor with the sample arm blocked. Both
the poli-OCT signal (black, r* = 0.97, Fig. 5.2a) and SNR (r* = 0.97, Fig. 5.2b) scaled linearly with
the integration time of the CCD while the integration time was set to a multiple of the frequency
shift period. The poli-OCT signal scaled with the square root of the sample arm power (black, 12
= 0.98, Fig. 5.2c), while the SNR of the poli-OCT signal increased linearly with the sample arm
power (r? = 0.98, Fig. 5.2d). The trends observed in Fig. 5.2 agree with the theory established for
photothermal optical lock-in [19], while the trends in SNR agree with the theory for shot noise

limited performance, the optimal operation mode for OCT systems [19, 24].
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Fig. 5.2. Poli-OCT signal characterization in phantoms containing ICG (absorber) and TiO>
(scatterer) while altering image system parameters. Solid phantoms were imaged with the PT
laser on (black, top), the PT laser off (blue, top), and the sample arm blocked (green, top). (a) The
poli-OCT signal (black) increased linearly with integration time (t) set to multiples (n) of the
frequency shift period (To). (b) The SNR of the poli-OCT signal increased linearly as well. (c) The
poli-OCT signal (black) increased with the square root of the sample arm power, while (d) the
SNR increased linearly. The poli-OCT signal agrees with theory [19], and SNR results are
consistent with shot noise limited performance [19, 24].

Parameters that affect the magnitude of the photothermal oscillations were also examined.
Increasing the PT laser frequency (Qp = Qr) from 200 to 800 Hz caused a nonlinear decay in the
poli-OCT signal (Fig. 5.3a), while increasing the PT laser power resulted in a linear increase in
poli-OCT signal (Fig. 5.3b, r* = 0.99). Scattering phantoms with varying ICG concentrations from
0 to 17 pg/ml displayed a linear increase in poli-OCT signal (Fig. 5.3¢, r> = 0.99). Results in Fig.
5.3c include the removal of background signal (PT laser (-)) from the poli-OCT signal (PT laser
(+)). Concentrations of ICG as low as 1 ng/ml displayed significantly increased (p<0.05, Fig. 5.3¢c
inset) poli-OCT signal compared with scattering controls (red). ICG concentrations greater than 1
pg/ml can be reached at a tumor site when ICG is tagged to a systemically injected antibody,
indicating that ICG and poli-OCT could potentially be used for in vivo molecular imaging studies

in cancer, or to track delivery of antibody therapies (e.g. trastuzumab in breast cancer) [33]. The
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effects seen from increased PT laser frequency, PT laser power, and absorber concentration all

agree with previous traditional PTOCT data and a model of the bio-heat conduction equation [11,
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Fig. 5.3. Poli-OCT signal characterization in phantoms containing ICG (absorber) and TiO>
(scatterer) while altering photothermal signal magnitudes. (a) As the PT laser frequency (Qp,
where Qp = Qr) is increased, the poli-OCT signal (black) decreases nonlinearly. (b) Increasing PT
laser power caused a linear increase in poli-OCT signal. (c) Increasing the concentration of the
ICG resulted in a linear increase in the poli-OCT signal. The average signal from n=10 repeated
scans showed a significant increase (*p<0.05, figure inset) with 1 pg/ml concentration of ICG
compared to the control (red).

Theoretical assumptions for photothermal optical lock-in were experimentally validated as
well. Mismatch between the PT laser modulation frequency (Qp, Fig. 5.4a x-axis) and the reference
arm frequency shift (Qr, Fig. 5.4a red vertical line) caused a large falloff in poli-OCT signal (Fig.
5.4a). There is however, a broad range of frequencies over which the poli-OCT signal remains
high (FWHM ~150 Hz), indicating that Qp and Qr do not need to be precisely frequency locked
to measure photothermal absorption. It should be noted that mismatching Qp and Qr resulted in
temporal oscillations in the image signal (data not shown). Additionally, altering the integration
time from 4 ms to 8 ms while maintaining a frequency shift of 500 Hz (To = 2 ms) altered both the
poli-OCT signal (PT laser (+), black, Fig. 5.4b) and background scattering signal (PT laser (-),
blue, Fig. 5.4b). The poli-OCT background signal (PT laser (-), blue, Fig. 5.4b) approached the
noise floor (Noise Floor, green, Fig. 5.4b) only when CCD integration times (t) were integer

multiples (n) of the frequency shift period (To) (Fig. 5.4b, red vertical lines). Therefore, any source
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of alteration to the programmed frequency shift (Qr) in the signal could result in incomplete
removal of static background scatterers from the poli-OCT image. Slight differences between

background and noise floor were due to the autocorrelation signal.
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Fig. 5.4. Poli-OCT signal characterization in phantoms containing ICG (absorber) and TiO:
(scatterer), validating theoretical assumptions. (a) When the PT laser modulation frequency
(Qp, x-axis) is mismatched from the reference arm frequency shift (Qr, red vertical line), the poli-
OCT signal (black) is attenuated. (b) The poli-OCT signal with the PT laser on (black) and off
(blue) are both minimized at CCD integration times (t) that are integer multiples (n) of the
frequency shift period (To) (red vertical lines). The scattering signal (blue) is effectively removed
only when the integration time is equal to a multiple of the frequency shift period.

5.4.2 Effect of Motion and Blood Flow

As demonstrated by phantom experiments (blue, Fig. 5.4b), a false positive background signal
emerges when the CCD integration time is not divisible by the frequency shift period. Motion
artifact and blood flow expected during in vivo imaging impose their own frequency shifts on the
image signal, causing the interference pattern to carry a frequency shift different from the
programmed one (Qr). Therefore, it was hypothesized that motion artifact and blood flow would
cause incomplete rejection of a non-absorbing sample. As predicted, motion artifacts due to
breathing and cardiac cycles of the mouse as well as blood flow within vessels result in incomplete
rejection of the background scattering signal (Fig. 5.5a). Although the background signal due to
blood flow and motion seem indistinguishable in one B-scan (Fig. 5.5a), the en face average
intensity projection from the complete image volume (Fig. 5.5b) reveals the transient and streaking

features of the motion artifact (red arrows, Fig. 5.5a-b), and the more structured nature of the flow
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signal (green arrows, Fig. 5.5a-b). Motion artifact-induced streaking was reduced with a median
filter in the en face dimension over a 4X4 pixel neighborhood. The filter maintains the structure of
the flow found in the vessels, while attenuating streaking artifacts in the image (Fig. 5.5¢). The
overall background signal (i.e. average image signal with the PT laser off) including movement
and blood flow from in vivo imaging can be further attenuated by increasing the frequency shift in
the reference arm (Qg, Fig. 5.5d). Increased photothermal frequency (Qr) results in both reduced
background signal and reduced photothermal signal strength (Fig. 5.3a). Therefore, the

photothermal frequency must be carefully selected for each in vivo application.
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Fig. 5.5. Motion and blood flow affects in vivo poli-OCT signal. A 3D image volume of a mouse
ear with the PT laser off shows motion artifact and flow manifested as poli-OCT background
signal. (a) A representative B-scan shows false positive background signal due to blood flow in
vessels (green arrow) and motion artifact (red arrow). (b) The same image volume represented as
an en face projection shows the signals due to motion artifact and flow. (c) Median filtering the 3D
image volume attenuates artifacts due to motion. (d) The average background signal in the image
volume is attenuated with increasing frequency shifts in the reference arm (Qr, x-axis). Red boxes
show 2X zoomed image regions. Scale bar = 1 mm.
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5.4.3 In Vivo Imaging with poli-OCT

Recently, ICG has been used as a lymphatic imaging contrast agent due to its bright NIR
fluorescence and efficient lymphatic removal [31, 32]. Therefore, as a demonstration of in vivo
poli-OCT, ICG was imaged from within the lymphatics during its removal from the mouse ear. B-
scans through the mouse ear include OCT (gray) and poli-OCT (green) data (Fig. 5.6a, 6b).
Morphological features are resolved through the full thickness of the ear in the OCT magnitude
data (Fig. 5.6a, 6b), and the lymphatics that drain the interstitial ICG are resolved in the poli-OCT
data with the PT laser on (Fig. 5.6b). The high concentration of injected ICG (500 pg/ml) is similar
to previous fluorescence based studies [31, 32] making the poli-OCT signal extremely bright. The
network structure of the lymphatics is more evident when visualizing the en face average intensity
projection of the image volume (Fig. 5.6¢, 6d). With the PT laser off, the background signal (green,
Fig. 5.6¢) overlaps only with the location of blood vessels identified by speckle variance OCT (red,
Fig. 5.6¢), as predicted by results found in Fig. 5.5. With the PT laser on, the poli-OCT signal
identifies the lymphatic vascular networks removing ICG from the intradermal injection site
towards the base of the ear (green, Fig. 5.6d). The green circular feature at the bottom of Fig. 5.6d

corresponds to a surface leak of the ICG near the injection site.
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Fig. 5.6. In vivo poli-OCT of mouse ear lymphatics using ICG as a contrast agent. 3D image
volumes were acquired of a mouse ear after intradermal injection of ICG. Representative B-scans
containing tissue morphology (gray) and poli-OCT signal (green) with the PT laser (a) off and (b)
on. (c) En face projections of the volume including the vasculature (red, speckle variance OCT)
shows minimal extravascular poli-OCT signal (green) with the PT laser off. (d) With the PT laser
on, the poli-OCT signal (green) increases in locations where the lymphatic vessels are draining
ICG from the injection site. Scale bar = 1 mm.

To demonstrate the breadth of potential imaging contrast agents for poli-OCT, gold nanorods
were also imaged in vivo at 10 times faster frame rates than previously reported for in vivo imaging
of similar concentrations of gold nanorods using traditional PTOCT [11]. Injections of either
Matrigel alone or Matrigel with 200 pM of gold nanorods were imaged over 2.5 mm by 2.5 mm
volumes with poli-OCT (green, Fig. 5.7). Overlapping speckle variance OCT scans identified the
locations of blood vessels (red, Fig. 5.7). After injection of Matrigel alone into the mouse ear, en
face average intensity projections revealed no significant extra-vascular poli-OCT signal with
either the PT Laser off (Fig. 5.7a) or the PT Laser on (Fig. 5.7b). Additionally, after gold nanorod
injections into the mouse ear, there were no extra-vascular regions of poli-OCT signal with the PT
Laser off (Fig. 5.7c). However, a significantly enhanced poli-OCT signal was present in the region

surrounding the site of gold nanorod-loaded Matrigel injection (Fig. 5.7d). Unlike the ICG

lymphatic imaging (Fig. 5.6), the gold nanorods remained localized near the injection site due to
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the solidification of the Matrigel at body temperature.
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Fig. 5.7. In vivo poli-OCT imaging of subcutaneous injections of gold nanorods in two mice.
3D image volumes were acquired of a mouse ear after injection of Matrigel alone (top) or Matrigel
plus 200 pM gold nanorods (bottom). En face average intensity projections contain the poli-OCT
signal (green) and speckle variance OCT signal (red). With Matrigel alone, no poli-OCT signal is
observed (a) without or (b) with the PT laser. (c) In the presence of gold nanorods, no extra-
vascular poli-OCT signal is present without the PT laser. (d) Only with gold nanorods and the PT
laser on, is there an observable poli-OCT signal. Scale bar = 1 mm.

5.5 Discussion

We have incorporated optical lock-in methods into traditional PTOCT, and for the first time
demonstrated in vivo poli-OCT. The poli-OCT system and signal was characterized while imaging
tissue-mimicking phantoms containing an FDA-approved small molecule fluorophore (ICG). We
also assessed how motion artifact and blood flow, confounding factors unique to iz vivo imaging,
affect the background signal in poli-OCT. Finally, two contrast agents were imaged in vivo,
demonstrating the versatility of poli-OCT for use with small molecule and nanoparticle contrast
agents. The ability to image fluorophores common to molecular imaging [34] as well as gold
nanoparticles under development for molecular imaging and drug delivery [35] demonstrates the

breadth of potential poli-OCT applications. Given the improvements enabled by poli-OCT, the
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unique spatial imaging niche of OCT, and the range of potential contrast agents available for
imaging, the optical lock-in techniques demonstrated in these studies could enable more
widespread adoption of photothermal OCT for in vivo imaging.

In this study, poli-OCT was used to identify gold nanorods in real time at ten times faster frame
rates and with 1000 times less digital data acquisition than a previous PTOCT study (Fig. 5.7 and
[11]). The previous PTOCT study from our group imaged 400 pM gold nanorods subcutaneously
injected into the mouse ear (2X higher concentration than the current study) using 200 Hz
photothermal laser modulation frequency, 3.2 kW/cm? average irradiance, and 100 ms observation
time at each A-scan position. In the current study, a photothermal modulation frequency of 500 Hz
was used to avoid background signal contribution (Fig. 5.5d), and the average irradiance was
increased to 15.5 kW/cm? to account for the signal decrease at faster modulation frequencies (Fig.
5.3a). Even with increased irradiance, the tenfold increase in poli-OCT imaging speed reduced the
total radiant exposure at each A-scan position by a factor of two, from 320 J/cm? in the previous
PTOCT study [11] to 155 J/cm? in the current poli-OCT study. To better understand the impact of
these advances for in vivo imaging studies, scan length times and data burden were calculated and
compared for poli-OCT and traditional PTOCT [11], assuming 1024 pixels per A-scan saved as 16
bit unsigned integers. For each A-scan position, poli-OCT acquired one A-scan over 10 ms, while
a previously reported traditional PTOCT system acquired 1000 A-scans over 100 ms [11]. For a
study including 10 mice imaged over a 300 by 300 rectangular scan volume repeated at five time
points, the previously reported PTOCT system would require 7500 minutes (125 hours) and 9.2
TB of data acquisition, while poli-OCT would require only 750 total minutes (12.5 hours) and 9.2
GB of data acquisition. Thus, poli-OCT provides more streamlined in vivo time-course studies than
previously reported PTOCT systems. GPU processing [36] could also be used to mitigate the data
acquisition and offline signal analysis burden of traditional PTOCT, and offers reduced optical
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complexity compared to poli-OCT. However, previous publications that implement the optical
lock-in detection scheme used in poli-OCT have suggested significant SNR improvements over
digital sampling of phase modulations [20], an advantage that GPU processing of traditional
PTOCT data does not provide. Nevertheless, this paper demonstrates the first real time in vivo
PTOCT images, at increased frame rates compared to previous publications that use traditional
PTOCT to image similar samples [11, 17].

While this work demonstrates improvements of poli-OCT with respect to traditional PTOCT,
the current poli-OCT design includes a few addressable shortcomings. The technical advancement
from traditional PTOCT to poli-OCT has increased the complexity of the optical instrumentation.
For example, the use of three AOMs to control the reference arm frequency shift (Qr) and
photothermal laser intensity modulation (Q2p) increases the cost and complexity over traditional
PTOCT. AOMs are attractive for this application because they provide both frequency shifting and
amplitude modulation, can be phase and frequency locked to each other, and supply a wide range
of frequencies. However, as demonstrated in Fig. 5.4a, precise frequency matching of Qp and Qr
may not be required for poli-OCT, so approaches that are less precise but more cost effective than
AOMs could be implemented (e.g. moving reference arm [37], offset scanning reference mirror
[38]). An additional source of poli-OCT imaging system complexity is the one way optical paths
in both the reference and sample arms, which are used to reduce unwanted back-reflections
acquired during long CCD acquisition times. Long CCD acquisition times are governed by the
photothermal laser modulation frequency (Qr), which is slow due to the inverse relationship
between photothermal signal magnitude and photothermal laser modulation frequency (Fig. 5.3b
and [11]). Furthermore, for in vivo poli-OCT, focusing optics with a larger depth of focus and
correspondingly larger spot sizes than microscopy are desirable. These larger spot sizes require
slower photothermal modulation frequencies (e.g. hundreds of Hz) than photothermal microscopy
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for optimal performance [18, 39]. Photothermal modulation frequencies (Qp) in the hundreds of
Hz regime require millisecond CCD integration times (e.g. if Qr = Qp = 500 Hz, T > 2 ms). One-
way optical paths help to reduce unwanted back-reflections that can consume a large portion of the
CCD dynamic range at these long integration times.

In comparison to traditional PTOCT and OCT, poli-OCT requires additional unique
considerations. First, the contribution of certain image signals is greatly enhanced in poli-OCT
images compared to OCT. The poli-OCT cross-correlation signal due to photothermal heating is
an attenuated version of the original OCT cross-correlation signal. However, the poli-OCT
autocorrelation signal is not frequency shifted and therefore not attenuated compared to the original
OCT image. Consequently, the intensity of the autocorrelation signal relative to the cross-
correlation signal is large for poli-OCT compared to traditional PTOCT or OCT. In this work, the
poli-OCT autocorrelation signal was attenuated using cross-polarized sample arm light that limited
surface specular reflections [40-42]. Furthermore, the autocorrelation image remains largely
unchanged with or without the PT laser, and therefore subtracting an image with the PT laser off
from an image with the PT laser on can help minimize the autocorrelation signal and generate
images with minimal artifact. Note that this was not required for these in vivo imaging applications
(Fig. 5.6 and Fig. 5.7). In addition to the autocorrelation signal effects, the poli-OCT signal depends
on the reflectivity of the sample and reference arms (Eq. 1) [19]. Therefore, variations in image
parameters or tissue optical properties can affect images taken on different days or between
samples. Dividing the poli-OCT image by the OCT image (€2r=0) can account for day-to-day inter-
sample and intra-sample variations in reflectivity, and aid in maximizing contrast in the poli-OCT
signal. If OCT images are desired in addition to poli-OCT images, an OCT scan must be acquired
separately from the poli-OCT scan. However, the OCT data can be captured at significantly faster
integration times than poli-OCT, thus minimally affecting overall acquisition time. A remaining
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consideration is phase accumulation, or the integration of the PTOCT signal with depth [43].
Unlike traditional PTOCT, the poli-OCT signal is also a function of the OCT signal magnitude
(Eq. 1). Therefore, phase accumulation does occur, but the signal first increases with depth due to
phase accumulation then decreases with depth due to OCT signal falloff (data not shown).
Algorithms are currently under development to address this issue.

In conclusion, for the first time, we have demonstrated in vivo poli-OCT for real time imaging
of both small molecules and gold nanoparticles. Using poli-OCT, PTOCT data can be acquired
faster, with orders of magnitude less data burden, and real time signal analysis. Mitigating the slow
acquisition and high data burden of traditional PTOCT gives poli-OCT the potential to significantly
impact preclinical in vivo molecular imaging. Higher volume acquisition rates and real time display
of photothermal images could enable in vivo PTOCT applications that are not feasible with
traditional PTOCT, such as time-course tomograms of small molecule drug delivery [4]. In
addition, poli-OCT is attractive for other applications where the high resolution, wide field of view,
and accompanying label-free imaging of tissue and vessel morphology provide significant
advantages over traditional imaging techniques. Potential applications are numerous: molecular
imaging in mammary, dorsal, abdominal, and cranial window models of cancer [34]; noninvasive
imaging of drug delivery kinetics to assess the impact of drug vector size [44, 45], surface
chemistry [46], and shape [47]; imaging drug clearance [48]; and imaging local drug diffusion and
release [49, 50]. Overall, by leveraging the existing high resolution and wide field of view of OCT
as well as its abilities to image tissue and vessel morphology, poli-OCT holds significant promise
in studies of drug discovery and drug delivery, molecular imaging, and biological studies of
pathogenesis.
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CHAPTER 6
Conclusions and Future Directions

6.1 Summary and Conclusions

This dissertation represents anadvancement in molecular and functional imaging of cancer and
allows researchers to image previously unexplored spatial regimes non-destructively. Current in vivo
molecular imaging techniques are either high resolution with limited penetration depth or low
resolution with deep sample penetration. PTOCT allows for imaging of contrast agents alongside
other powerful functional extensions of OCT (microvessel structure, flow dynamics, tissue viability)
at depths greater than microscopy (>1 mm) and at higher resolution than photoacoustic tomography;
these metrics correspond to a key spatial regime for studying heterogeneities in cancer. This gives
researchers an opportunity to relate molecular expression and drug delivery as a function of space
and time to vascular remodeling and morphological transitions in microstructure, all of which are
critical features during cancer drug discovery and for studies of pathogenesis. These endpoints are
all visualized with deep and wide field of view optical imaging at a resolution that can identify
cellular level spatial heterogeneities as well as microvessels. The potential of PTOCT for in vivo
imaging applications has been demonstrated over three Specific Aims of work, encompassing four
publications [1-4]. This work has demonstrated that PTOCT is sensitive to three different classes of
contrast agents at concentrations relevant to in vivo imaging. Gold nanorods and fluorophores were
both localized from within living mice, and the heterogeneous accumulation and distribution of gold
nanorods into tumors was spatially tracked over time in multiple mice. Prior to this work, no group
had demonstrated the use of PTOCT for in vivo imaging, making this research the benchmark for
future in vivo studies using PTOCT.

Chapter 3 addresses Aim 1, laying the technical groundwork for in vivo imaging of contrast

agents with PTOCT, and demonstrating pMsensitivity of PTOCT to gold nanorods, a highly
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absorbing nanoparticle under development for molecular imaging [5] and drug delivery [6]
applications in cancer. Prior to pursuing PTOCT imaging applications involving complex in vivo
systems, it is important to characterize and optimize the imaging system in more controlled
environments. Therefore, we characterized the photothermal signal using the bio-heat conduction
equation [7], and directly compared modeled and experimental PTOCT data. The PTOCT signal
closely matched theory and demonstrated appropriate sensitivity to gold nanorods for in vivo
imaging of systemically delivered gold nanorods in mouse tumors [8]. In addition, pM
concentrations of gold nanorods were successfully identified from within phantoms as well as in
vivo, demonstrating a key first step towards sensitive in vivo imaging of gold nanorods using
PTOCT. We demonstrated that PTOCT can image gold nanorods at depths approaching 1 mm in
Vvivo, exceeding the in vivo imaging depths of traditional high resolution microscopy (including two-
photon), while additionally supplying co-registered tissue and vessel features. In conclusion,
Chapter 3 reports the technical insight required for in vivo PTOCT imaging and demonstrates the
early promise of PTOCT for sensitive and specific imaging of contrast agents with an impressive
combination of spatial resolution and imaging depth.

In Chapter 4, the use of PTOCT in more complex in Vvivo systems is demonstrated, and the
potential of the imaging tool is showcased by imaging heterogeneities in the delivery of
nanoparticles to tumors. Solid tumors contain pores in their newly formed microvasculature as well
as an impaired lymphatic system that allow nano-sized particles to enter into and avoid clearance
from the tumor tissue [9, 10]. These factors combined allow for significant uptake of nanoscale
drugs into tumors and is the basis for a number of drug delivery strategies under development [11-
14]. However, heterogeneities in the severely abnormal microenvironment cause regions of high
interstitial fluid pressure, dense stroma, and other factors that physically constrain the delivery of
these nanoscale particles throughout the tumor tissue [15, 16]. In Chapter 4 we have shown that in
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vivo PTOCT can track the time-dependent spatial heterogeneities of nanoparticle delivery and
uptake to a solid tumor alongside tissue structure using OCT and vessel morphology using SVOCT.
In multiple mice bearing mammary tumors in a dorsal window chamber, PTOCT identified gold
nanorod accumulation into the mouse tumors and was also able to characterize the spatial
frequency dynamics of nanorod delivery as a function of time. The combined abilities of OCT,
SVOCT, and PTOCT to capture co-registered images of tissue structure, vessel morphology, and
contrast agent distribution could allow for more comprehensive analyses of drug delivery kinetics
in tumors at high resolution, over a wide field of view, and deeper than microscopy techniques.
This makes PTOCT part of a very attractive imaging tool for studying in vivo heterogeneities in
drug delivery, molecular expression, and treatment response in cancer.

In Chapter 5, we attempted to increase the throughput of PTOCT and allow for real-time
imaging by replacing offline digital frequency analysis with optical lock-in techniques. In addition,
sensitivity to small molecule fluorophores was established, a class of contrast agents that are much
smaller than their nanoparticle counterparts and thus allow for more broad biomedical applications.
Optical lock-in was incorporated into the PTOCT system to create a poli-OCT imaging system. At
the long integration times required for poli-OCT, the system displayed shot noise-limited
performance, and the poli-OCT signal followed similar trends in photothermal signal strength
compared to traditional PTOCT. Additionally, poli-OCT was able to identify ICG, an FDA-
approved near infrared fluorophore, at concentrations relevant to those found in tumors after
systemic delivery. The unique considerations of in vivo imaging with poli-OCT were explored and
two examples of in vivo imaging were performed. First, lymphatics from within a mouse ear were
identified after injection of ICG into the tissue. Lymphatics are an essential component of cancer;
injection and imaging of dyes is commonly used to better characterize the impact of lymphatics on
tumor development [17]. Second, similar to Chapter 3, subcutaneous injections of picomolar
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concentrations of gold nanorods were identified using poli-OCT, although with poli-OCT all data
was collected and displayed in real time at ten times faster scan rates compared to previously
published PTOCT work. The work in Chapter 5 is the first to demonstrate in vivo imaging using
photothermal optical lock-in techniques, and the first to demonstrate the potential of fluorophores
for PTOCT imaging. The ability to image both fluorophores commonly used in molecular imaging
[18] as well as gold nanoparticles under development for molecular imaging and drug delivery [6]
demonstrates the breadth of potential poli-OCT applications.

Ultimately, the work in this dissertation has laid the technical groundwork for PTOCT as an in
Vivo imaging tool. The high resolution and deep imaging penetration of PTOCT makes it
particularly unique. Additionally, the sensitivity to a range of contrast agents, as demonstrated in
this dissertation, makes PTOCT broadly applicable in the research and drug development setting.
The combination of PTOCT with OCT and SVOCT could allow for unique datasets for analysis
of drug delivery, molecular imaging, and treatment response.

6.2 Future Directions

Future opportunities following the work in this dissertation can be separated into two distinct
groups, technical improvements to PTOCT and biological studies that are immediately feasible and
potentially impactful.

6.2.1 Potential Technical Improvements

Model-Based Optimization of PTOCT

As shown in Chapters 3 and 5, there are a number of PTOCT imaging parameters a user needs
to optimize based on the selected in vivo application. However, not only are PTOCT imaging
parameters important, the parameters of the OCT imaging system itself also impact the SNR of the
PTOCT [3] and poli-OCT signal [4]. OCT imaging parameters including wavelength, integration
time, and laser power all impact the SNR of the OCT image as a function of depth and tissue type
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and, in turn, impact the SNR of the PTOCT signal. For example, imaging at 1310 nm as opposed to
860 nm as used in this dissertation could allow for deeper PTOCT imaging in tissue via the increased
penetration depth of the OCT signal. Complete analytical models of the PTOCT signal as a function
of OCT, PTOCT, and tissue parameters could aid researchers in optimization of their imaging
systems or decisions in purchasing commercial systems based on the desired application. Currently,
the imaging system parameters have been selected to match the imaging application using
experimental validation. However, this optimization process could be more thoroughly undertaken
and at a more rapid pace with the help of analytical signal models.

Phase Accumulation

Phase accumulation is an artifact in the axial dimension of the PTOCT image that impacts the
accuracy of the system in the depth dimension [19]. In vessel imaging applications using OCT,
artifacts in the depth dimension are attenuated using an exponential decay during post-processing
[20]. However, this solution involves application of an arbitrary decay constant. In one previous
publication, phase accumulation in PTOCT was addressed with a spatially averaged derivative
operation [ 19]. This method relies on a number of assumptions, was only tested in fairly homogenous
phantoms, and in our experience causes significant image artifacts in the absence of extensive signal
averaging. Therefore, there is an opportunity to address phase accumulation in heterogenous tissues
containing sparse PTOCT signals. Accurately accounting for phase accumulation is essential to
ensure accuracy of PTOCT in the depth dimension and truly allow for high resolution imaging in all
three dimensions. Models such as those suggested in the above section could potentially be used to
account for phase accumulation.

Comparing PTOCT to Competing Technologies
Photoacoustic microscopy is currently under rapid development and able to achieve resolution

and penetration depths on a similar scale to PTOCT. However, photoacoustic microscopy requires
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direct contact with the sample and the incorporation of both optical and ultrasonic instrumentation.
A direct comparison between PTOCT and photoacoustic microscopy with respect to cost, sensitivity,
and imaging speed could be an important contribution to the field of molecular imaging and
determine where each relative imaging tool could be improved. A complete analytical PTOCT model
as proposed above could allow for both theoretical and matching experimental comparisons of the
two systems.

Simultaneous Estimation of poli-OCT Background Signal

One strength of traditional PTOCT over the current implementation of poli-OCT is the ability
to estimate the background signal (i.e. the signal without the photothermal laser) from one dataset.
Poli-OCT does not allow for simultaneous estimates of the background signal, although spatial
filtering does manage to attenuate a bulk of those artifacts in vivo (Chapter 5). An implementation of
poli-OCT that allows for simultaneous estimates of the signal with and without the photothermal
laser from the same dataset could greatly attenuate background signal artifacts in vivo. In Doppler
OCT, quantitative flow metrics can be estimated by simultaneous imaging of multiple optical paths
with the introduction of optical delays into the sample arm [21]. Achieving these optical delays
requires only the addition of a transparent glass sample of known thickness to a portion of the sample
arm light path. Incorporating color filters into the optical delay lines could potentially allow for the
simultaneous acquisition of the sample signal both with and without the photothermal laser.

6.2.2 Preclinical Applications of PTOCT

Effect of Nanoparticle Size and Shape on Intra-Tumoral Delivery

As demonstrated in Chapter 4, nonspecific accumulation and delivery of nanorods is spatially
heterogeneous. Nanoparticles of varying size, shape, and surface functionalization are under heavy
development for cancer treatment through photothermal and drug-induced therapy pathways [6, 22-

25]. However, optimal treatment affect requires a therapeutic drug dose throughout the entire solid
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tumor, a difficult task considering the barriers to homogeneous drug delivery in cancer [16, 26, 27].
Therefore, researchers have developed a number of nanoparticle shapes and sizes, each with a
particular strength. Gold nanoparticles are an especially attractive version of these nanoparticle
solutions currently in human clinical trials, with nanoshells [11], nanorods [28], nanocages [29], and
nanostars [30] among other shapes under development in the research community, and all of which
can be imaged with PTOCT. A thorough analysis of the spatial heterogeneities in drug delivery over
time as a function of nanoparticle size and shape would be a particularly impactful method for drug
delivery optimization before these particles are considered for clinical research. A study similar to
that found in Chapter 4 would allow researchers to noninvasively assess the delivery and clearance
kinetics of both drug-loaded and blank nanoparticles of varying size and shape and compare their
delivery kinetics to the vessel morphology and tumor viability, all with the same imaging tool. Also,
limitations in tumor penetration into the tissue could be quantified by assessing nanoparticle
diffusion distances from the delivery source (i.e. microvessels). Previous examples of this type of
study can be found in the literature but most often using invasive methods to characterize bulk drug
delivery metrics [23] or with invasive microscopy methods [31] that are depth-limited and do not
supply the additional information unique to OCT (vessel morphology, tissue structure/viability).
PTOCT could be used to supply the spatial and temporal dynamics of these different nanoparticles
and aid in the development and optimization of novel drug delivery treatments.

Effect of Surface Functionalization on Nanoparticle Delivery

Nanoparticles have been proposed both as drug delivery agents of molecular-targeted drugs and
as molecular imaging contrast agents. However, molecular imaging of non-vascular tissue targets is
a challenge in tumors due to the nonspecific uptake and reduced clearance of all nanoparticles of a
specific size, regardless of surface functionalization. While some research groups have identified

significant differences in the kinetics of molecularly-targeted versus blank nanoparticle controls [32],
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others have identified no differences between the two [33, 34]. PTOCT can noninvasively track
contrast agent delivery to tumors in the context of tissue and vessel morphology with high resolution
at depths greater than microscopy and could, therefore, be used to better understand the role of
surface functionalization on contrast agent pharmacokinetics and drug delivery in cancer.

6.3 Contribution to the Field and Societal Impact

Contribution to Biophotonics

The studies in this dissertation have led to several contributions in the field of biophotonics
including the first demonstrated use of PTOCT to image contrast agents in vivo. We characterized
the PTOCT signal to understand the basics of system optimization and implemented PTOCT for in
vivo imaging of nanoparticle uptake over multiple time points in a mouse model of cancer. While
many molecular and functional extensions of OCT are relatively insensitive to contrast agents, we
demonstrated pM sensitivity to gold nanoparticles and the ability to image trace concentrations in
vivo after systemic delivery. This is beyond what others had demonstrated previously with PTOCT,
making this work the benchmark for future in vivo imaging studies using PTOCT. In addition to gold
nanorods, we demonstrated sensitivity to small molecule fluorophores and carbon nanotubes at levels
that are physiologically meaningful in tumors after systemic delivery, two molecules that had yet to
be established as potential PTOCT contrast agents. The ability to image fluorophores, carbon
nanotubes, and gold nanoparticles that are all of unique size and shape allow for an expanded
portfolio of potential imaging applications with PTOCT. As part of the PTOCT imaging platform,
an automated image analysis algorithm was developed that allowed for supervision-free analysis of
the large four dimensional datasets acquired using in vivo PTOCT. Considerations for image
processing included phase derivatives to bound phase wrapping discontinuities, and automated phase
referencing. Finally, this dissertation incorporated optical lock-in techniques to in vivo imaging in an
attempt to increase throughput and perform imaging in real-time, identified the key points to
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successfully construct optical lock-in instrumentation for in vivo applications, and, for the first time,
demonstrated this technique in vivo.

Contributions to Cancer Research

Drug delivery and treatment efficacy in cancer is limited due to a number of factors including
physical barriers to treatment delivery as well as heterogeneities in tumor molecular expression and
the microenvironment [16, 26, 27, 35]. Simulating these complex interactions is especially difficult
in an in vitro setting, making in vivo imaging essential for the development of new drugs and for
understanding cancer pathogenesis [18, 36, 37]. PTOCT can allow for sensitive high resolution
imaging in a spatial regime previously unexplored, adding a potentially significant tool to the arsenal
of researchers who develop new drug and treatment strategies for cancer.

Specifically in this work, we have demonstrated that PTOCT can identify the spatial
heterogeneities in nanoparticle delivery to solid tumors. Nanoparticles are under development for
drug delivery and molecular imaging applications and most studies of their intratumoral delivery
kinetics in vivo involve low resolution or destructive imaging [23, 31, 33, 34, 38]. As demonstrated
specifically in Chapter 4, PTOCT identified that the mean signal due to nanoparticle accumulation
in tumors followed a similar trend across mice, information that low resolution and destructive
modalities could also achieve. However, unlike low resolution imaging modalities, PTOCT was also
able to quantify that the dynamics in the spatial frequency did not follow the mean signal, and that
each tumor exhibited its own unique spatial pattern of uptake. This information would be lost at
lower resolution or from shallow penetrating imaging modalities, and would not be possible to track
over time using invasive imaging tools. Noninvasive in vivo imaging performed over multiple time
points in the same mouse allows for increased statistical power, reducing cost and saving time. For
example, statistical differences from the work in Chapter 4 over multiple time points was achieved
using only four mice in the experimental group. Finally, tissue and vessel morphology were acquired
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in concert to the PTOCT data, supplying additional functional information without the need for
additional contrast agents. The combination of these observations could be valuable to those
developing new methods of drug delivery or attempting to understand the treatment response of
cancer.

Bridging the Gap between Preclinical and Clinical Research

One primary goal of preclinical studies is to assess novel treatment strategies during the drug
discovery process. Through preclinical studies of efficacy, candidate drugs can be carefully screened
to maximize odds of success before implementation in human clinical trials. In cancer studies in
particular, mouse studies can be expensive and time-consuming to undertake due to the large number
of mice needed to achieve statistical power with invasive imaging. In addition, the complexities in
spatial and temporal heterogeneities in tumors suggests that imaging multiple endpoints over time in
the same animal is essential to fully understand treatment response and drug delivery. PTOCT could
potentially allow for noninvasive high resolution in vivo imaging of drug delivery and molecular
status, increasing the statistical power of mouse studies and saving both time and money. In addition,
the tissue and vessel imaging capabilities of OCT and SVOCT allow for characterization of treatment
affect alongside drug delivery or molecular expression, all in the same animal over time. This
information could aid researchers in optimization of novel treatments and better understand how drug
combinations impact cancer pathogenesis, allowing for new treatment strategies to reach the clinic
faster and more efficiently.

PTOCT could also impact patients and clinical research through in vivo imaging of nanoparticle
tumor delivery in humans. Gold nanoshells are currently in clinical trials for photothermal therapy
treatment of a specific subset of tumors (clinicaltrials.gov identifier NCT00848042 and
NCTO01679470). After systemic injection of gold nanoshells, the nanoparticles accumulate into the

tumor tissue due to the EPR effect, similar to the study presented in Chapter 4. An interstitial FDA
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approved fiber-coupled laser source is then inserted directly into the tumor, and near infrared light is

used to heat the nanoshells to the point of tumor cell death. Because OCT utilizes low NA optics,

OCT instrumentation and, therefore, PTOCT instrumentation can be miniaturized to the scale of

endoscopic and needle probes for internal site imaging. Therefore, PTOCT and OCT imaging could

potentially be taken from within the same probes used to illuminate the tumor in order to identify the

nanoparticle distribution and subsequent tumor cell death, respectively. This could allow researchers

to not only better understand treatment efficacy in the clinical setting, but could also allow for real

time alterations to laser irradiance dosing strategy to ensure complete tumor destruction.
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APPENDIX A
Dual Modality Photothermal Optical Coherence Tomography and Magnetic Resonance
Imaging of Carbon Nanotubes

Tucker-Schwartz JM, Hong T, Colvin DC, Xu Y, Skala MC. “Dual modality photothermal optical
coherence tomography and magnetic resonance imaging of carbon nanotubes.” Optics Letters.
2012; 37(5):872-874.
A.1 Abstract

We demonstrate polyethylene glycol coated single-walled carbon nanotubes (CNTs) as
contrast agents for both photothermal optical coherence tomography (OCT) and magnetic
resonance imaging (MRI). Photothermal OCT was accomplished with a spectral domain OCT
system with an amplitude modulated 750 nm pump beam using 10 mW of power, and T2 MR
imaging was achieved with a 4.7 T animal system. Photothermal OCT and T2 MR imaging

achieved sensitivities of nM concentrations to CNTs dispersed in amine terminated polyethylene

glycol, thus establishing the potential for dual-modality molecular imaging with CNTs.

A.2 Introduction

Preclinical molecular imaging of cancer has the potential to increase the understanding of
fundamental cancer biology, elucidate mechanisms of cancer treatment resistance, and increase
effectiveness of drug candidates. Imaging tools used for studying the molecular expression of cancer
include PET, SPECT, MRI, photoacoustics, and a number of optical imaging techniques. Each
imaging method provides unique levels of sensitivity, depth penetration, and resolution. MRI can
provide better spatial resolution anatomical images than nuclear imaging with the ability to extract
additional functional information including blood flow and cellularity. However, MRI suffers from
poor sensitivity to molecular contrast agents and poor resolution compared to microscopic optical
imaging techniques.

Optical coherence tomography (OCT) holds a specialized niche in optical imaging, providing

128



structural information at high resolution (~1-10 um) with deep optical image penetration (1-3 mm).
Recently, functional imaging instrumentation and dynamic contrast agents have expanded the
abilities of OCT to image paramagnetic contrast agents using magnetomotive displacements for
combined OCT / MRI studies [1] and plasmon resonant particles both due to increased
backscattering [2] and photon absorption [3-5]. Photothermal OCT of gold nanoparticle contrast
agents has been demonstrated both in vitro [3, 4] and ex vivo [5], and offers a particularly sensitive
method for detecting molecular expression in biological systems. Photothermal OCT uses an
amplitude-modulated laser to perturb the temperature (and therefore index of refraction) surrounding
a highly absorbing contrast agent. OCT is then used to locate the contrast agent in three dimensions,
independent of the scattering background, with the potential for mapping contrast agent
concentration quantitatively.

The depth of OCT imaging is shallow compared to MRI due to optical scattering and
attenuation. Combining the strengths of MRI and OCT allows for both gross full body scale
molecular expression as well as local cellular-resolution imaging at a site of interest (e.g. primary
tumor). We present below the novel use of single-walled carbon nanotubes (CNTs) as inherent multi-
modal imaging contrasts for use with both MRI and photothermal OCT.

CNTs are cylindrically assembled sheets of carbon atoms. In optics, due to efficient optical
absorption and fluorescence at a range of near infrared wavelengths, CNTs have been used as both
an imaging contrast agent [6, 7] as well as a phototherapy transducer for targeted destruction of
cancer cells [8]. In MRI, CNTs have been demonstrated as T2 spin dephasing contrast agents [9]. Of
great importance for in vivo translation as a contrast, due to their unique size and aspect ratio, CNTs
have been shown to efficiently target and enter cancer cells from intravenous injections, at 15% of
the injected dose per gram, making them more promising vehicles for both targeted imaging and
therapeutics than spherical contrasts including iron oxide nanoparticles [6, 10]. The surface
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functionalization chemistry of CNTs for biological targeting is well established [11], CNT safety
and circulation dynamics have been demonstrated for in vivo chronic animal studies [8, 10], and
nanotubes can be filled with or coated in contrasts which increase their optical and MR contrast
capabilities including ICG [7] and gadolinium [12], respectively. Here, we demonstrate the potential
of CNTs as inherent optical absorption and magnetic resonance dual modality contrast agents with

photothermal OCT and MRI, respectively.
A.3 Methods and Results

Single-walled CNTs (HiPCO), with a typical diameter of 1 nm and length of 100 to 400 nm,
were noncovalently coated and dispersed in amine terminated polyethylene glycol (PEG) solution
according to established protocols [11]. Amine terminated PEG was chosen as the surfactant due to
its use in surface functionalization chemistry and impact in biocompatibility and circulation time,
making the nanotubes analyzed in this paper the precursor to functionalized particles to be used in
targeted biological applications. The optical extinction spectrum of the CNT sample was acquired
with a spectrophotometer (Cary 5000) from 400 to 1350 nm (Fig 1(a)). Spectrophotometry indicated
broadband visible and near infrared attenuation with sharp localized peaks, indicating CNTs were
well dispersed and not aggregated in solution [13]. Liquid samples were prepared with
concentrations ranging from 0 nM to 168 nM for analysis (calculated from mass concentration
assuming 150 nm length and 170 kDa molecular weight [6]), with mass concentration of the stock

solution assessed by optical density at 808 nm with extinction coefficient of 0.0465 I mg ! cm’!

[11].

A commercial OCT system (Bioptigen Inc.) was altered for photothermal imaging. The
imaging system contained an 860 nm center wavelength, 51 nm bandwidth, super luminescent diode
source (axial resolution ~ 6.4 um in air), with 8.5 um lateral resolution and 100 ps integration time.

A titanium sapphire laser served as the photothermal beam, which was fiber coupled and integrated
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with the OCT system via a 50/50 fiber coupler (Fig. A.1(b)). The photothermal beam was tuned to
750 nm, and amplitude modulated with a 50% duty cycle square wave at 100 Hz with a mechanical
chopper, with 10 mW of power on the sample. OCT and photothermal spot sizes were roughly
equal. 1000 consecutive temporal scans were acquired for each A-scan during photothermal beam
amplitude modulation. Phase (Fig. A.2(a)) and magnitude data was extracted from the interference
data with a chirp-Z transform. Using a custom matlab file, phase data was processed with 5™ order
polynomial background subtraction to account for signal drift, windowed, zero padded, and Fourier
transformed in the temporal direction (Fig. A.2(b)). The photothermal signal was set as the FFT
magnitude at the chopping frequency (100 Hz), and the background signal was calculated as the

mean magnitude of the next highest 50 Hz of frequencies.
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Fig. A.1. Contrast agents and instrumentation. (a) Vis-NIR attenuation spectrum of CNTs. With
photothermal laser wavelength (red) and OCT imaging laser spectrum (green). (b) Photothermal
OCT instrumentation used for imaging (SLD = super luminescent diode source).

To test for photothermal OCT signal linearity and sensitivity, 5 ul of CNT sample was placed
into a PDMS well (~150 um thick) on a microscope slide, covered with a coverslip, and imaged
with common path OCT. The photothermal OCT signal was acquired at the base of the sample. The
photothermal signal was linear with concentration (r* = 0.99), and the photothermal signal was
significantly higher in the lowest concentration sample (10 nM) compared to a scattering control of

polystyrene microspheres with ps = 100 cm™ (p<0.05, Fig. A.2(c)). It is important to note that the
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photothermal SNR increases with irradiance and chopping period, therefore the imaging sensitivity

could increase with increased irradiance or decreased chopping frequency [4].

The ability of CNTs to alter native MRI contrast was assessed with a commercial 4.7 T
horizontal bore animal scanner (Varian Inc.) by performing quantitative T1 and T2relaxometry (Fig.
A.2(d)). 200 pul CNT samples in NMR tubes were placed into a standard small animal RF coil (38
mm diameter, 33 mm length) and imaged in a 32 x 32 mm field of view with 250 pum in plane
resolution and 1.5 mm slice thickness. Ti-weighted images were acquired using an inversion
recovery flash imaging sequence with 5000 ms repetition time, 2.4 ms echo time, 8 degree flip
angle, 16 acquisitions per inversion, and inversion times of 50, 200, 800, 2000, and 4500 ms. T2-
weighted images were collected with a multiple echo spin echo pulse sequence using 2000 ms
repetition time, 6 acquisitions, 8 ms echo spacing, and 32 echoes starting at 8 ms. T1 and T2 maps
were calculated by fitting the signal at each voxel across time to a mono-exponential model. R1
(£1/T1) and R2 (£1/T2) were calculated to generate linear concentration dependent relaxivity curves.
The relaxivity (slope of the concentration curve) of CNTs was 19,945 s mM™! for T2 contrast and
1,152 s' mM ! for T1 contrast. In MRI, in vivo sensitivity is a function of SNR and relaxivity of the
tissues being imaged, although the concentration necessary to change the baseline relaxivity by
10% is a good estimate of in vivo sensitivity [14]. Assuming a standard tissue T2 between 50 and
100 ms, the in vivo concentration of CNTs to induce a 10% change in signal, using T2 imaging, is

between 50 and 100 nM.
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Fig. A.2. Photothermal and MRI signal analysis. (a) Example temporal phase data acquired from
the base of 84 nM CNT phantom during photothermal modulation. (b) Fourier transform of
processed phase data. (c) Photothermal signal as a function CNT concentration. The black star
indicates the photothermal signal of a scattering control (us = 100 cm™). (d) MRI relaxivity curves
of carbon nanotubes for both T1 (dashed) and T2 contrast (solid).

Two dimensional images of solid phantoms were also acquired. Low gelling temperature
agarose was mixed with either water as a negative control, or CNTs to create 2% agarose gels with
either 0 or 84 nM nanotube concentrations. The CNT sample was added to two 1 mm capillary
tubes via capillary action and allowed to cool at 4 degrees C while covered in parafilm to avoid
water evaporation. The capillary tubes were then placed across a 15 ml falcon tube through drill
holes and sealed. One tube was placed near the surface of the phantom while the other tube was
placed deeper in the sample. After gelling, the majority of the glass surrounding the superficial
capillary tube was removed to leave a bare cylindrical agarose gel of CNTs. The 15 ml tube was
then filled with 2% agarose solution until covering the superficial CNT gel, and was allowed to gel

at room temperature during a 10 minute 1000 rpm centrifugation to remove air bubbles.

The phantom was imaged with photothermal OCT using the system in Fig. A.1(b), with the

addition of a reference arm mirror. A 1.2 mm lateral B-scan was imaged, and the final photothermal
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image was average filtered to decrease noise. The same phantom was then imaged with MRI, using
the instrument described above. A 100 um lateral resolution, 1.5 mm coronal slice was imaged with
T2 weighting using a multiple spin-echo pulse sequence with a repetition time of 2 s, 10 ms echo
spacing, with 40 echoes, and 6 acquisitions. Phantom images (Fig. A.3) confirmed both the
capabilities and limitations of each imaging modality. Photothermal imaging was able to
discriminate the agarose/CNT cylinder from the scattering agarose background, while the OCT
magnitude image could not (Fig. A.3(a), A.3(b)). PT-OCT also allowed for high resolution targeted
imaging, although to a limited depth (1.5 mm). The MR image of the phantom at the 50 ms echo
indicates significant signal differences between the agarose and agarose/CNT regions of the image
(Fig. A.3(c)) at all depths, although with in plane resolution two orders of magnitude less than OCT.
The nanotube contrast effects with MRI are slightly higher in the image than expected, which is

due to an increase in agarose concentration from water evaporation in the capillary tube sample.
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Fig. A.3. PTOCT and MRI imaging of phantoms. (a) OCT magnitude image of three dimensional
agarose phantom, note a lack of contrast or any visual confirmation of the presence of CNTs.
CNT(+) (~84 nM) and CNT(-) regions are highlighted. (b) Photothermal OCT of the same field of
view, revealing the cylindrical CNT gel inclusion. Photothermal signal is in arbitrary units. (c) Full
cross sectional MRI image (50 ms echo time) of the phantom revealing both the superficial and
deep CNT gel phantoms. Only the deep nanotube phantom has a capillary tube surrounding it. The
dark ring surrounding the lower inclusion is due to the glass capillary tube.

A.4 Discussion
We have demonstrated the ability of both MRI and photothermal OCT to distinguish CNTs
from background at nM concentrations. Importantly, this concentration is approximately equivalent
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to that demonstrated for marking cell receptors with systemic in vivo delivery of CNTs [6], and

much less than the theoretical [2] and in vitro [15] targeting capabilities of CNTs. This study has

shown the ability of a common contrast agent, which is an efficient biological targeting agent, to be

sensitive to both functional OCT and MR imaging, thereby enabling multi-scale multi-modality

preclinical molecular imaging.
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