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Abstract

Microvascular detection and quantification with optical coherence tomography
is an exciting and growing research field and is the topic of this chapter.
Specifically, the fundamental principles of OCT microvascular imaging are
described, encompassing phase-resolved and power-based methods, and the
use of exogenous contrast agents. Representative biomedical applications of
microvascular OCT imaging are presented, with emphasis on treatment moni-
toring and tissue response assessment. A discussion of outstanding challenges
and future outlook concludes the chapter.

22.1 Introduction

A healthy vascular supply is essential for normal function in biological tissues,
whereas anomalies in the vascular supply are associated with disease processes
such as abnormal cellular proliferation in cancer [1], age-related macular degener-
ation [2], and atherosclerosis [3]. Of these examples, cancer represents one of the
most diverse environments for neovasculature as the pathophysiology of solid
tumors constantly recruits and develops new microvascular networks in a process
called tumor angiogenesis. If these modified vascular networks can be identified
early in the disease progression, then appropriate risk stratification/screening strat-
egies may benefit patient management; further, therapies aimed at disrupting the
neovascular supply, and monitoring the efficacy of this disruption, may enable
more efficacious treatments.

Tumor vessels are chaotic, lack hierarchy, and exhibit abnormal spatial patterns
and volumetric densities. Tumor endothelial cells lining its vessel walls also have
different phenotypic properties compared to those in normal vasculature [4]. As
a consequence, tumor vasculature has functional abnormalities such as unstable
velocity and direction of blood flow, high vascular resistance, and structural
fragility. Furthermore, flow is often erratic, displaying stasis or even reversal in
certain vessels [5]. As there are such drastic differences between normal and tumor
blood vessels, these may provide contrast mechanisms for the detection of cancer
(potentially at its premalignant or early stage) along with monitoring strategies for
developing and optimizing vascular-targeted therapies.

Clinical imaging methods such magnetic resonance imaging (MRI), computed
tomography (CT), positron emission tomography (PET), and ultrasound (US) all
have the ability to detect various aspects of tissue blood flow but lack the spatial
resolution to directly image the microscopic vascular structures such as capillaries,
venules, arterioles, or the lymphatic vessels. Therefore, the scope of this book
chapter will focus on optical methods that can detect in vivo microvascular net-
works. Currently, vascular detection and assessment methods used for cancer
prognosis largely rely on ex vivo microscopic examination of static vessel struc-
tures in resected tissue specimens. Following biopsy and fixation, vessels are
stained, and metrics such as planar 2D microvessel density (MVD, used to assess
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tumor angiogenesis) and 2D intercapillary distance (ICD, thought to indicate tumor
oxygenation) are derived [6]. In several human tumor types, particularly breast
cancer, these can serve as independent prognostic factors to predict relapse-free and
overall survival in patients [7]. MVD can also be used to stratify patients for
different treatment regimes and may be predictive of their response to chemother-
apy [8]. One method to obtain these vascular metrics is by counting individual or
clusters of endothelial cells lining the insides of the vessel walls. Usually, only
regions with the highest MVD, or “hot spots,” are analyzed on the purported basis
that these areas are most biologically important [7].

This histological “gold standard” for microvascular assessment has many impor-
tant flaws. It is disruptive and painful to the patient, suffers from poor sampling
statistics associated with localized tissue excision, is limited to 2-dimension (2D)
analysis of thin planar tissue slices, reports on vessel anatomy and structure, and is
generally unable to provide useful information on blood flow physiology and or
functionality. Furthermore, the counting process is laborious, somewhat subjective,
and is prone to variations in the number of vessels highlighted by the staining
process depending on the antibody used [9]. Hence, MVD and other vessel archi-
tectural metrics are difficult to use and incorporate into the existing patient man-
agement process supported by standard pathology services. These histologically
derived detection methods have a major additional shortcoming in that they are not
practical for continuous patient monitoring, as physical biopsy specimens are
required. Therefore, there exists an extensive opportunity to develop new noninva-
sive in vivo imaging techniques to compliment biopsy for tissue microvascular
detection, such as high-resolution optical imaging strategies to directly visualize
microcirculation details. This represents a paradigm shift from the ex vivo, geo-
metrical/anatomical assessment of the tissue microvasculature (as reported by
histology) for tumor detection/diagnosis and therapy response, to that of in vivo
physiologically relevant metrics of blood perfusion. Several promising in vivo
optical techniques, such as diffuse correlation spectroscopy, confocal microscopy,
laser speckle contrast imaging, and optical coherence tomography, are under
development to detect and quantify microvascular blood flow. These and other
promising novel approaches (e.g., photoacoustics [10, 11]) may assume
a significant role in biomedicine through detection, quantification, and response
monitoring of various pathologies with significant microvascular involvement.

22.2 Brief Overview of Optical Vascular Detection Methods and
Representative Uses

Diffuse correlation spectroscopy (DCS) has been used in vivo to monitor the
relative blood flow fraction (rBF) as a function of various treatment parameters in
photodynamic therapy (PDT, see Sect. 22.5.2) in animal tumor models, with
promising correlations to the biological endpoint of tumor growth delay [12]. The
major components of a DCS system are a CW laser, a non-contact probe with
multiple delivery and detector fibers, and a camera to collect the diffusely reflected
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light [13]. Employing an optical switching methodology, the light is directed
through each of the source delivery fibers in a consecutive manner, followed by
collection via the detection fibers. The detected signal intensity fluctuations of the
diffuse light are sensitive to the motion of tissue scatterers within the sampled
volume of tissue for the particular excitation — detection fiber geometry — and hence
can give a relative indication of blood flow within the interrogated volume of tissue.
For example, Yodh et al. [12] have shown that PDT-induced changes in the DCS-
derived rBF metric were predictive of the treatment response. Specifically, mice
that exhibited a slower decline in the rBF during the PDT treatment went on to have
slower-growing tumors. An advantage of this technique is that it can continuously
and noninvasively monitor tissue blood flow, as the probes do not require contact
with tissue. However, this technique has several disadvantages; for example, the
overall size of the DCS distal probe implies that primarily only near-surface regions
contribute to the detected signal. Moreover, DCS is a bulk tissue assessment tool,
presenting its metrics averaged over the sampling volume. In other words, it lacks
the ability to resolve localized regions of tissue blood flow, since the technique does
not directly image or visualize the tissue microvasculature. This is potentially an
important limitation: in vascular-targeted therapies, such as prostate PDT, for
example, optimal monitoring techniques should be able to provide spatially
resolved (laterally and in-depth) local vascular feedback for targeted pathology
regions or for nearby organs at risk, such as sensitive urethral or rectal wall
structures.

Confocal microscopy is a widely used optical microscopy technique for exam-
ining tissue that has been resected, preserved, and histologically stained to yield
submicron resolution images, with the additional benefit of functional assessment
via fluorescent markers. This technique is the gold standard for imaging ex vivo
tissue microvasculature referred to earlier, where bloods vessels can be identified
through the histochemical staining of vascular endothelial cells [14]. The function-
ality of vessels can be assessed using exogenous contrast agents that are injected
into the circulatory system prior to tissue excision and fixation. In addition to its
important ex vivo microscopy role, several attempts at its in vivo extension have
been recently reported in the context of intravital microscopy and microendoscopy
[15, 16]. There have been a limited number of in vivo preclinical animal models,
where intravital multiphoton confocal microscopy (MPCM) has been used in
conjunction with fluorescence vascular contrast agents (e.g., FITC dextran) to
image the microvascular network [17, 18]. However, MPCM suffers from
a number of drawbacks that severely limits this technology to preclinical imaging
scenarios and will impede its potential clinical adoption: (1) MPCM is slow (e.g.,
a5 mm X 5 mm region can take ~1 h to image); (2) fluorescent dyes can be difficult
to work with in a patient setting (safety and regulatory issues), and their leaking out
of the vascular network makes longitudinal imaging difficult; and (3) the exquisite
axial and lateral resolution (submicron level) comes at a cost of limited depth of
penetration (<400 pum).

Laser speckle contrast imaging (LSCI) is another optical approach that was
developed in the 1980s, where full-field tissue images are acquired by a camera,
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obtaining a quick snapshot of the speckle pattern [19]. The surface region of tissue is
then imaged over subsequent snapshots, where blood flow can be inferred from the
calculated spatial and temporal statistics of the resultant speckle modulation pattern.
The LSCI technique has matured over the last 20 years, with success in imaging
blood flow in the skin and excellent potential for monitoring brain function in animal
models. The former was one of the original clinical applications of LSCI [20], using it
as a feedback mechanism to optimize the laser therapy of port wine stain [21].

Similar to DCS, one of the drawbacks of LSCI is the inherent lack of depth
resolution. Despite this limitation, LSCI has demonstrated particular utility in
imaging the brain, when a portion of the skull is thinned or removed in animal
models. As the majority of the microvascular network of the brain is superficial,
LSCI has been used to monitor the changes in cerebral blood flow to map the
oxygenation of the brain following sensory activation [22]. Subsequently, LSCI
imaging has become a very useful tool for stroke research and for monitoring
cerebral blood flow changes in the ischemic brain tissue in several animal models
[23, 24]. For example, LSCI was used to monitor the collateral blood flow during
acute stroke in a rat, highlighting the potential benefits of identifying the presence
of collateral blood flow in selecting appropriate poststroke therapies [22]. The LSCI
technique is inexpensive and easy to implement, readily yielding. However, the
advantage of LSCI’s inherent camera-based quick full-field imaging is also
a disadvantage: it has proven difficult to package the LSCI platform into
intracavity, endoscopic, or interstitial imaging scenarios, limiting its range of
potential clinical uses to readily reachable surfaces. This, in combination with the
lack of subsurface-depth-resolved information, will likely limit its biomedical uses
to near-surface and small animal imaging.

Optical coherence tomography (OCT) is a promising emerging imaging modal-
ity that overcomes several limitations of the above vascular detection techniques
and will be the focus of this chapter. Specifically, OCT is portable and inexpensive,
can obtain high-resolution depth-resolved topographic images, is sensitive to blood
flow down to the capillary level, and has recently become commercially available,
with demonstrated variety of clinical uses and successes (e.g., ophthalmology, as
discussed below). Its major drawback is arguably its limited imaging depth
(1-3 mm in most tissues), so care must be taken in selecting imaging scenarios
where this penetration depth probes suitable tissue of interest (e.g., mucosal linings
of various body cavities, intravascular plaque assessment, retinal imaging, and
model studies in small animals). OCT is somewhat analogous to ultrasound, but
instead of backscattered pressure waves, OCT measures backscattered photons.
Interferometric detection is used, relying on coherence gating (thus the “C” in
OCT) to obtain depth-resolved information, thereby avoiding the difficult task of
directly measuring the time of flight of the backscattered light. Recent state-of-the-
art OCT systems have demonstrated submicron spatial resolutions [25], allowing
for the in vivo detection of subcellular features. Additionally, several OCT vascular
detection approaches have been developed to move beyond structural imaging. We
will now describe their scientific fundamentals along with selected illustrative
examples of preclinical/clinical applications.
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22.3 Microvascular Imaging with Optical Coherence
Tomography

Over the past decade, there have been many advances in tissue microvascular imaging
using OCT. Algorithms and techniques developed over this time period can be broadly
divided into two groups: (1) those that attempt to quantify blood flow (e.g., velocity,
direction) and (2) those that simply visualize microvasculature. (1) The majority of the
techniques that attempt to quantify velocity, such as color Doppler imaging, are based
on measuring the mean frequency shift induced by moving scatterers (red blood cells)
across multiple A-scans [26, 27]. It is also possible to measure flow rates by examining
speckle spatial frequencies in OCT intensity (B-mode) images [28]. However, this
approach is only able to estimate the flow rate to within an arbitrary scaling factor.
(2) On the other hand, the methods developed to only visualize, but not quantify,
vascular flow measure the power (intensity) in the signal attributed to moving scat-
terers. These techniques include power Doppler, optical microangiography, intensity-
modulated phase variance, and speckle variance [29-32].

To obtain an intuitive understanding of how these two different classes of
measurement techniques are related, it is useful to consider the simple imaging
scenario in which a planar reflector is moving with constant velocity in the direction
of the optical axis. For frequency domain OCT, the measured signal from this target
at time ¢t = 0 and ¢ = 7 can be written as

1(0, k) = 2S(k)Ega(z1) cos[2knzy] 22.1)
I(t,k) = 2S(k)Ega(zy) cos[2kn(z; — v1)].

Here, S(k) is the source spectrum, Eg is the light reflected from reference arm,
a(z,) is the reflectivity of the plane reflector located at position z;, n the index of
refraction of the medium, and v the velocity of the planar reflector. These equations
describe a translating set of fringes (i.e., sequentially obtained at offset lateral
positions) in time for a frequency domain system. The basic principles of OCT
Doppler detection employing a subset of the N A-scans acquired from the reflector
at the depth z; are shown in Fig. 22.1.

The sampled signal traced out along the dashed black line (single k value) is
termed the slow-time signal. Its mean angular frequency can be calculated from the
power spectrum, P(w), of the slow-time signal using

P(w)d
o = 1 OP©)de 22.2)
[P(w)dw
This mean frequency f = w/2n of the slow-time signal is commonly referred to
as the Doppler frequency, fp, and can be related to the velocity of the moving plane
reflector by

A
L

=37 (22.3)
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Fig. 22.1 Principles of OCT Doppler imaging. (a) A simple reflector propagating with a velocity
v along the interrogating beam. (b) Subset of acquired fringes from the sample, the green dashed
line representing the depth location of interest. The numbers label the sequential depth scans
(referred to as A-scans). (c¢) The slow-time signal, with its sampled points at positions where the
labeled A-scans in (b) intersect the dashed green line (points from additional A-scans also shown).
(d) Power spectrum of the slow-time signal, where f,, is the A-scan rate of the OCT system

In the more general case where the reflector is moving at an angle 0 with respect
to the optical axis, the velocity is given by

Ao

" n cos(0) 22.4)

The Doppler frequency is most commonly measured through an autocorrelation
approach, which calculates the phase shift between sequential A-scans, as discussed
in the following section.

Alternatively, instead of measuring the frequency of the slow-time signal, one
could also estimate the power in the slow-time signal corresponding to moving
scatterers. This concept becomes the basis for power-based methods:

In the idealized example of Fig. 22.1, all of the power is contained in the
frequency band centered at fp. In reality, the OCT field of view will encompass
both moving (mostly blood) and stationary (mostly tissue) scatterers, and the power
spectrum will have additional complicating features. A more accurate schematic of
the slow-time power spectrum, although still idealized, is shown in Fig. 22.2.
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Fig. 22.2 Schematic power spectrum of slow-time signal from B-mode image of tissue. The
moving blood signal is centered about fp, and the tissue clutter signal is centered about f,ye,. If the
background tissue is truly stationary, the latter is centered about zero frequency. Often, there is
also bulk tissue motion, causing a shift in the f;,y., distribution away from the baseband. In the
illustration above, the tissue is moving away from the interrogating beam, hence the negative
frequency location of the clutter signal. The dotted lines represents an idealized clutter rejection
band-stop filter that suppresses the clutter signal frequencies, in order to generate accurate Doppler
images representative of tissue blood flow

The spectrum now has two components: (1) tissue scatterers, generally termed
clutter, with mean frequency f; e and (2) moving scatterers in the blood with mean
frequency fyo0q- As described in the figure caption, the clutter signal arises from
stationary tissue but can also have a bulk tissue motion component. In the presence
of clutter, an estimate of the mean frequency fp, using (22.1), (e.g., as needed for color
Doppler imaging) will be distorted by the presence of the stationary or slowly moving
tissue signal. However, this distortion is generally negligible for mean frequency
measurements, as the OCT voxel size (~10 pm X 10 pm X% 10 pm) is small enough
that it can be considered to be fully filled with blood or not at all (i.e., both clutter and
blood signals are unlikely to be present in the same voxel). On the other hand,
estimation of the power in these clinically relevant situations must account the presence
of the clutter spectrum, with a band-stop filter (also referred to clutter filters or wall
filters in the ultrasound literature) applied to remove it (dotted line in Fig. 22.2), before
the power in the remaining blood signal can be accurately calculated and displayed.
Thus, to accurately estimate the slow-time signal frequency and power, a number of
different factors must be considered to yield optimized blood flow detection as follows:
1. The number of slow-time samples used in the estimates and the time between

successive samples
2. Finite displacement between adjacent A-scans resulting from lateral scanning

schemes (which induce broadening of the slow-time signal spectrum)
3. The presence of static or slowly moving scattering structures (tissue clutter)

In the next two sections, the implications of these factors on the measurement of

the mean frequency and power will be discussed.
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22.3.1 Phase-Resolved Methods

When acquiring two A-scans taken at the same position at slightly different times,
the slow-time (Doppler) frequency can be estimated by measuring the phase shift,
in the direction of the optical beam, which is induced by the scattering particles
using autocorrelation analysis. To perform the autocorrelation analysis, two or
more consecutive A-scans are acquired from approximately the same location.
Typically, using a larger number of samples (e.g., N = 16 or 32) improves the
estimate of the phase shift, where N is referred to as the packet length. The
frequency of the slow-time signal can then be related to the phase shift via
the equation

fa = Qfa, (22.6)

where Q is the measured phase shift and f, is the A-scan rate (assuming a linear
change of phase with time) over the time interval At = 1/f,.

In practice, the Doppler frequency can be estimated using the Kasai velocity
estimator [33]

Ja=

f arct n{ (N=1) Zm 1Zn 1 mn-Han an-H[mn}. (227)

2 N 1) Zm lZn lQn1n+1an +1mn+1[mn

Here, I and Q are the in-phase and quadrature components of the demodulated
detector signal, and m is the axial averaging index. The index n represents
adjacent A-scans in the lateral direction, in which the autocorrelation analysis
takes place. This estimator provides a computationally efficient way to estimate
the Doppler shift over a packet length of N A-scans [26]. Figure 22.3 shows an
example of structural and color Doppler imaging from the heart of Xenopus laevis
tadpole employing this phase-resolved flow detection technique. Due to the
limited A-scan frequency of the OCT system used in this experiment
(16 kHz), aliasing occurred in the spiral valve of the truncus arteriosus (TA),
where detected frequencies were greater than the aliasing frequency of f,/2
(from [34]).

A number of factors influence the sensitivity (minimum measurable phase shift
and thus minimum detectable blood velocity) of a Doppler OCT system. Most
important is the influence of the structural signal-to-noise ratio (SNR) on the
Doppler noise floor. To estimate the SNR-limited Doppler noise floor, consider
the simple theoretical model, which defines the SNR as

2
SNR = <||%|> . (22.8)
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Fig. 22.3 Structural and Doppler flow image showing blood being ejected out of the truncus
arteriosus (TA) in the Xenopus laevis tadpole heart. To the right of the truncus arteriosus is the
ventricle (V)

Here, 77 is a random noise vector and E is the reflected electric field at the
detector. In the regime where high SNR is observed (|[E| >> |n|), the standard
deviation of the phase shift between two A-scans is given by [29]

1

OAyp

The SNR-limited phase noise is the lowest phase shift that can be measured
between two A-scans. For optimal Doppler detection, the system should always be
operating as close to this threshold as possible.

Another important factor that contributes to the DOCT noise floor is the fact that
the majority of OCT systems use only a single linearly scanned beam to generate
B-mode images; in other words, consecutive A-scans are not sampling exactly the
same spatial location. This introduced lateral displacement between each A-scan
during B-mode imaging, which increases the Doppler noise floor (broadening of the
clutter signal spectrum) [26]. Standard protocols to minimize these effects include
extensive lateral oversampling. However, this reduces the effective frame rate of
the system [35, 36]. A related noise issue is that of physiological motion (some-
times referred to bulk tissue motion), which can shift the center frequency of the
clutter spectrum. This can make it very difficult to interpret color Doppler images,
due to large bulk phase shifts that are superimposed on the Doppler signals.
A number of techniques have been developed to address this problem, where two
of the most commonly used include (1) the simple subtraction of the mean phase
shift from each line in the Doppler image and (2) the histogram rejection technique
[35, 37].

It is important to note that ongoing technical advances in Fourier-domain OCT
systems (faster swept sources and/or spectrometers) for volumetric OCT imaging
can actually be counterproductive for phase-resolved Doppler detection, as these
blood flow measurement schemes require phase buildup between successive
A-scans. Therefore, as the time between consecutive A-scans becomes smaller
(inversely proportional to the A-scan rate of OCT system), there is less time for
a measurable phase difference to be measured. In the best-case scenario, when the
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phase noise floor remains constant, as the A-scan rate increases, there is a linear
reduction in the minimum detectable velocity. This can be overcome by
a proportional increase in the packet length N (number of A-scans used in the
Kasai, or other, velocity estimator). However, this slows the imaging frame rate,
diminishing the advantages afforded by increased A-scan rates.

Typical minimum detectable velocities for phase-resolved methods lie in the
range of 100—500 um/s. These values are directly dependent on the imaging system
and sample characteristics for signal detection. Physiologically, this lower limit
implies phase-resolved methods are able to detect flow in larger arterioles and
venules, but smaller vessels and capillaries will not be detected. Although the
phase-resolved methods suffer from a variety of complication as mentioned
above (along with additional complications arising from Doppler angle require-
ments and aliasing), phase-resolved methods do provide a robust method of calcu-
lating blood flow velocity in OCT.

22.3.2 Power-Based Methods

Power Doppler OCT (PD-OCT) imaging was first applied to time-domain OCT
systems [26, 38]. PD-OCT is based on first filtering out the stationary or slowly
moving tissue component (clutter) of the slow-time power spectrum using a high-
pass filter and subsequently quantifying the remaining signal intensity. In the
idealized case shown in Fig. 22.2, the clutter rejection filter centered at zero
frequency has sufficient bandwidth to remove the clutter signal (centered at f.j,yer),
while leaving the Doppler signal from blood (centered at fy;,0q) unaffected. In
practical in vivo imaging scenarios, it is crucial to match the clutter filter charac-
teristics to that of the clutter signal in order to obtain sufficient rejection of the tissue
clutter components. This filter matching is complicated by the same factors that
degrade color Doppler imaging: low SNR and the use of a linearly scanned beam
that broadens the clutter spectrum. Therefore, a broader bandwidth clutter rejection
filter must be used, which inevitably removes a finite fraction of the low velocity
blood signals. Bulk tissue motion shifts the center of the clutter spectrum in
a motion-dependent fashion, necessitating the use of adaptive filters which com-
pensate for these effects [39] or the use of very broad band filters. Finally, as in the
case of phase-resolved methods, the ever-increasing OCT A-scan speeds afforded
by faster lasers and spectrometers allow very little time for the slow-moving blood
spectrum to separate from the clutter spectrum, resulting in partial removal of the
blood spectrum signal by the clutter signal filter.

Recently, a technique known as optical angiography (OAG) has also been
developed for frequency domain OCT [30]. This technique is similar to PD-OCT
except that the filtering of the tissue clutter, from the slow-time power spectrum,
occurs in the frequency domain via a Hilbert transform [30]. Overall, the greatest
benefit of power Doppler and OAG imaging, compared to phase-sensitive tech-
niques, is that averaging multiple lines and frames from the same location
(an approach known as persistence in ultrasonography) increases the system’s
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Fig. 22.4 Interframe scanning pattern used to perform high-sensitivity vascular imaging with
techniques such as speckle variance (SV) OCT. Acquisition of multiple B-mode frames at each
location (indicated by their numerical index on the right of the figure, at a representative B-mode
location) minimizes decorrelation of static structures, thus maximizing vascular contrast

sensitivity to smaller vessels. Additionally, PD-OCT imaging does not suffer from
aliasing and angle dependence as seen in CD-OCT, making it easier to interpret for
real-time application where flow velocity is not needed. PD-OCT can also be color-
coded to indicate the directionality of flow. This is accomplished by first applying the
clutter filter and then applying a filter that either removes all positive components or
negative components resulting in two separate power Doppler images — one that
displays only positive components of the power spectrum and one that only displays
the negative components. These two images are typically color-coded red and blue,
respectively, and merged into a single directional power Doppler image [40].

However, even with the use of large amounts of averaging, the smallest vessels
cannot be detected using standard PD-OCT techniques, as the current OCT A-scan
rates (on the order of tens of kHz) do not allow enough time for the blood flow
spectrum to separate from the low-frequency tissue clutter spectrum. An elegant
solution is to move away from intraframe measurements (where the slow-time
sampling frequency is f,) to interframe techniques (axis i in Fig. 22.4) This
increases the integration time between successive measurements, allowing the
blood scatterers to move sufficient physical distances to uncouple fp signals from
fcluttf:r Signals'

This idea forms the basis for OCT techniques such as ultrahigh-sensitivity
OMAG (UHS-OMAG) [41], phase variance [29], intensity-modulated phase vari-
ance [31], and speckle variance (SV) [32]. In these techniques, where the interframe
time between measurements becomes large, the blood component of the slow-time
power spectrum (now in the frame direction) becomes uniformly distributed in
frequency, as shown in Fig. 22.5. This uniform distribution of phases arises from
complete decorrelation of the OCT signal, on the order of the interframe timescale.

Clutter signals can now be filtering out using a high-pass filter, leaving the power
associated with moving blood scatterers to generate highly sensitive vascular maps.
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Fig. 22.5 Power spectrum of slow-time signal taken in the frame stack direction. The effective
sampling rate now becomes the frame rate of the system in frames per second (fps)

For example, the algorithm for generating speckle variance images requires calcu-
lating the variance of pixels from a set of N B-mode images (here, N is known as the
gate length), acquired from the same spatial location using the equation

1 | & 2
SVij = N Z Ly — N ;ij . (22.10)

=1

Here, i, j, and k are indices for the frame, transverse, and axial pixels, respec-
tively, and [ is the corresponding pixel intensity value. For clarity, a schematic
representation of a typical data set and pixel indices is shown in Fig. 22.6.

Figure 22.7 demonstrates a highly sensitivity color-coded vascular projection
map of a tumor obtained with the above SV-OCT approach. Features closest to the
surface have been encoded as green yellow, while deeper features are encoded with
orange red, and the transparency of each pixel is determined by the speckle variance
intensity [42]. As seen, these blood flow detection techniques now have the ability
to directly visualize the 3D capillary bed in vivo to a depth of ~1 mm. The next
section discusses further improvements in the robustness of this approach (espe-
cially in the presence of tissue motion) and imaging depth (potentially with the
introduction of exogenous contrast agents).

The recent development of interframe power-based blood flow detection tech-
niques has enabled hitherto unavailable in vivo sensitive detection of the entire
vascular network throughout several millimeters of tissue. These new approaches,
in combination with high A-scan rate Fourier-domain OCT systems, have yielded
imaging tools that are capable of providing 3D morphological and vascular data sets
in mere seconds. This unprecedented ability to provide volumetric vascular perfu-
sion maps in vivo may have widespread preclinical and clinical applications,
ranging from model small animal studies to wound healing to disease detection to
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Fig. 22.6 Schematic
representation of an acquired
speckle variance data set of N
frames, and the corresponding
indices used to label the frame
(i), transverse pixel location
(j), and the axial pixel
location (k)
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Fig. 22.7 Depth-encoded
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treatment monitoring/optimization. As with all imaging modalities, each of these
specific vascular detection schemes has their advantages and disadvantages, and the
researcher or clinician must take great care in choosing a vascular detection scheme
that is optimal for the specific application in question.
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224 Contrast Agents to Improve Microvascular Detection

The OCT vascular detection techniques described above are based on Doppler shift,
power Doppler, or speckle modulation and inherently assume the imaging back-
ground is essentially stationary, and that the only moving components are due to the
presence of blood (either due to convective flow or due to natural Brownian motion
even in the absence of flow as in the case of speckle modulation). Thus, the motion
of the scatterers in blood is the overarching source of vascular contrast in OCT. In
some cases, however, it may be advantageous if additional exogenous contrast can
be localized in the vasculature, in order to better reject background (nonvascular)
signals and decrease the reliance on the motion detection algorithm. Vascular
contrast-enhancing agents are present in many other biological imaging modalities,
making feasible the detection of vascular network, and recognizing regions of
altered perfusion. They include iodinated agents in computed tomography, gado-
linium in magnetic resonance imaging, and microbubbles for ultrasound. In optical
imaging, a prevalent modality that relies on contrast agents is fluorescence imaging.
A wide variety of fluorescently tagged molecules are used in confocal and
multiphoton microscopy. One common vascular detection method involves the
use of fluorescently tagged high molecular weight Dextran, which acts as a blood
pooling agent and has been successfully used to diagnose vascular anomalies in the
eye [44]. However, one of the primary drawbacks of fluorescence imaging for
clinical applications is the limited depth of penetration. The use of contrast agents
for OCT has the potential to enable high specificity of the imaging target, with an
order of magnitude increase in imaging depth. However, a confounding factor to
this potential for OCT deep vessel detection is that fluorescence is an incoherent
process and is therefore unsuitable for OCT. Therefore, OCT must rely on actual
changes in the (scattering and absorption) optical properties of the tissue to be
imaged [45].

One potential mechanism for enhanced vascular contrast is thus to utilize agents
with strong scattering or absorbing properties that can be localized in the blood. The
following section discusses strategies to enable contrast-agent-enhanced vascular
detection. Note that contrast agents for OCT imaging extend far beyond vascular
imaging, where developments have been primarily focused on the detection of
cellular biomarkers. Interested readers are referred to a review by Yang [46].

There are many commercially available near-infrared (NIR) absorbing dyes,
which can alter the spectral properties of an imaging target within localized regions.
The NIR dye indocyanine green, for example, has been FDA-approved and has
found applications in ophthalmic angiography [47]. NIR dyes may be used as
a contrast agent when combined with spectroscopic OCT, which can probe the
spectral information of a sample [48, 49]. Dyes that have absorption peaks that are
off-centered from the center wavelength of the OCT light source are chosen. Their
presence causes a regional shift in the spectrum of the backscattered light where
they are located. This shift can be detected using spectroscopic OCT, where the
concentration of the dye may be determined by the amount of spectral shift from the
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center wavelength of the light source. This has been successfully applied to the
imaging of the vascular bundles of a celery stalk [50].

Microbubbles and microspheres are another type of contrast agent, relying on
scattering alterations, that could potentially be utilized for vascular detection using
OCT. Gas-filled microbubbles are highly scattering due to the large index of
refraction mismatches that they create in tissue. They may also find applications
for combined OCT and ultrasound imaging. Barton et al. demonstrated the OCT
detection of phospholipid-coated perfluorobutane microbubbles in the femoral
vessels of a mouse hind limb [51]. Other scatterers with refractive indices that are
significantly different from tissue, such as gold and iron oxides, have also been
encapsulated in microspheres for use as contrast agent in OCT [52]. However, an
inherent difficulty with using either strong absorbers or high scatterers as contrast
agent for OCT is that the biological tissues themselves generate a large range of
backscattered signal. Combined with the presence of speckle, this makes differen-
tiation of intrinsic contrast from an exogenous probe difficult, based on intensity
alone. This may help explain the rather subtle improvements in vascular detection
using microbubbles reported by Barton et al. [51].

To enhance the separation of contrast agents from the tissue background signal,
it is possible to use a dynamic modulation method by observing the changes
between a pair of images (B-mode) or between adjacent depth profiles (A-scans),
while the absorbing or scattering properties of the contrast agent are altered. That is,
a baseline acquisition is performed, the properties of the contrast agent are modi-
fied, and then a second acquisition is taken. The difference between the two B-mode
images (or two A-scans) can be used to identify the location of the contrast agents.
For example, methylene blue has a modifiable absorption peak that can be changed
from 650 nm at ground state to 830 nm at an excited state by optical pumping.
Difference images can be obtained by turning the pump on and off, as has been
demonstrated by Rao et al. in what they termed “pump-probe OCT” [53]. The main
difficulty with using methylene blue is its short excitation lifetime, requiring high
pumping light intensity to allow a sufficient time window for image acquisition.
Other molecules with longer transition times, such as phytochrome A, have also
been explored [54]. Another modulated contrast agent is that of ferromagnetic
particles. In magnetomotive optical coherence tomography [55], magnetic
nanoparticles are mechanically modulated with an external magnetic field during
OCT imaging. Background rejection is accomplished by performing an additional
scan when the magnetic field is off. In principle, these modifiable contrast agents
could be encapsulated within engineered microspheres to remain within vascula-
ture. Alternatively, surface modifications could be performed on the microspheres
to label diseased blood vessels as markers for arthrosclerosis or tumor angiogenesis
[52]. These exogenous contrast agents for OCT have yet to become widely used or
widely available to the OCT research community. Although signal improvement
has been demonstrated, the inherent physiological implications and associated
toxicities of these contrast agents remain unknown. Extensive preclinical testing
is required prior to their acceptance as a technique to improve the viability of
contrast-enhanced vascular OCT.
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22.5 Representative Applications
22.5.1 Vascular OCT for Retinal Assessment

Mutation in the vascular network of the retina has been associated with various
diseases including vascular occlusion disease, diabetic retinopathy, and glaucoma.
Therefore, an opportunity exists to quantify the relative or absolute blood flow pattern
of the retina as a way to gain a physiologically relevant understanding of these retinal
diseases. Quantitative imaging of blood vessels, via color Doppler OCT, was first
reported in 1997 [56, 57] and extended to retinal imaging by Yazdanfar et al. [58] in
2000. This concept of using the inherent blood flow as a contrast mechanism was
employed to differentiate the stationary tissue from the moving red blood cells and to
visualize the morphology of the blood vessels in the ocular fundus and is now termed
optical coherence angiography (OCA) [59]. With recent advances in computer
hardware and an increase in the A-scan rate of OCT systems, three-dimensional
(3D) scans can now occur at multiple times per second, where the vascular informa-
tion can be used to differentiate between retinal and choroidal vascular networks.
Although fluorescein angiography (FA) is still the gold standard for vascular detec-
tion in the eye, recently developed inherent-contrast OCT blood detection techniques
such as speckle variance, phase variance, and optical microangiography have the
potential to replace FA as the accepted standard of care in the near future.

OCT is in fact becoming a standard of care for many ophthalmic diseases, and
many ocular OCT studies have been reported. This has translated to and increased
use of microvascular OCT imaging in the eye [60, 61]. For example, a recent
Doppler OCT pilot study by Wang et al. [62] has demonstrated how ocular blood
flow characteristics in retinal and optic nerve diseases could be used to stratify
patients with and without disease. Subjects were subdivided into five groups —
normal, glaucoma, nonarteritic ischemic optic neuropathy (NAION), diabetic ret-
inopathy (PDR), and branch retinal vein occlusion (BRVO) — and their blood flow
was detected and quantified, via the Doppler OCT velocity profiles, in a regions
around the optic nerve head. It was found that the total retinal blood flow in normal
patients averaged 47.6 £ 5.4 pL./min, whereas eyes with glaucoma (34.1 +4.9 pL/
min), NAION (28.2 £ 8.2 pL/min), or PDR (15.8 + 10.1 pL/min) had
a significantly decreased blood supply (P < 0.001). In addition, there was
a statistically significant correlation between the loss of normal blood flow in the
eye and visual field loss in glaucoma patients (P = 0.003). This is but one example
demonstrating how Doppler OCT retinal blood flow imaging can help identify and
quantify diseases of the posterior chamber of the eye.

As OCT blood flow detection algorithms and techniques continue to be validated
by preclinical and clinical research, several imaging and workflow advantages may
allow these techniques to assume routine use in the clinic. These advantages include
inherent (endogenous) vascular contrast without the need for exogenous contrast
agent injection (e.g., fluorescein), no need for surface contact (cf. ultrasound), and
OCT’s ability to yield coregistered high-resolution morphological information and
sensitive blood flow detection maps simultaneously.
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22.5.2 Vascular OCT Monitoring of Photodynamic Therapy

Photodynamic therapy (PDT) is a non- or minimally invasive treatment that
combines the effect of three nontoxic agents — photosensitizer, oxygen, and
light — to produce a cytotoxic photochemical reaction. PDT is approved for treating
a variety of solid tumors, dysplasias, and other oncologic and nononcologic pathol-
ogies [63, 64]. Several advantages of PDT as an oncotherapy include ability to
preferentially target tumor while sparing adjacent normal tissues (owing to selective
accumulation of photosensitizer and focal light irradiation strategies), reduced sys-
temic phototoxicity using recently developed photosensitizers, ability to target either
cellular or vascular tumor compartments, good cosmesis outcome (owing to sparing
of the connective tissue and stroma), and lack of treatment resistance buildup
(allowing for retreatments as necessary to improve response). Some disadvantages
of PDT include systemic photosensitivity with previous generation of photosensi-
tizers, inability to treat large tumors (related to limitations imposed by light propa-
gation in tissue), overall complexity of the treatment (correct mixture of light, drug,
and oxygen “doses”), and the need for a viable blood supply to ensure continuous
oxygenation (which can prove difficult in a hypoxic tumor environment [65]).

When the photosensitizer is excited to a higher energy state by the PDT
treatment light source, it can return to its ground energy level via nonradiative
relaxation, fluorescence, or through an intermediate triplet state. It is this triplet
state which is of most interest to the PDT effect, as the photosensitizer can undergo
a type 1 or type 2 reaction. The type 2 reaction is considered to be the main
cytotoxic PDT path leading to cell death [66], where the photosensitizer reacts
with molecular oxygen to produce singlet oxygen [67]. As the singlet oxygen reacts
with the tissue, cell destruction can occur via plasma membrane damage [68], bleb
formation [68], reduction of active transport [69], depolarization of the plasma
membrane [70], and cell lysis [65]. DNA damage has also been implicated in PDT,
often mitochondrial and not nuclear, owing to the details of photosensitizer sub-
cellular localization; unlike the mode of damage of ionizing radiation, however, the
induced DNA base oxidative damage, strand breaks, and cross-links may be such
that the damage is sublethal [71, 72].

In addition to (or perhaps instead of) cellular damage, tumor vasculature is also
an attractive target during PDT, as the tumor environment requires a functional
vascular system for the delivery of nutrients and for removal of toxic wastes
associated with cellular metabolism of its rapidly proliferating cells. The tumor
vasculature is significantly different from normal vasculature in both vessel archi-
tecture (tortuosity, irregular branching, lack of basement membrane in endothelial
cells) and function (e.g., blood pooling, increased vessel permeability, perfusion)
[73]. These differences provide a potential framework for preferentially targeting
tumorous vasculature to disrupt or modulate vessel architecture/function, while
limiting damage to normal vascular tree. An important benefit of vascular targeting,
when compared to cellular targeting, is that not all endothelial cells need to be
affected to disrupt tumor vascular function. Instead, damaging a single endothelial
cell or small section of a blood vessel may induce catastrophic results, as thousands
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of tumor cells may die since they were dependent on that single vessel section for
their blood supply [74].

These PDT vascular impairment effects are complex and dynamic, but poten-
tially useful; as such, they may be monitored, quantified, and perhaps optimized in
real time via OCT. The vascular changes, if measurable, can offer a metric for
quantifying the biological response of PDT, further elucidating its mechanisms of
action and providing an early assessment of therapeutic efficacy. This may over-
come some of the PDT dosimetry challenges and provide potential feedback
information for therapy improvement and individualization.

OCT’s ability to simultaneously image tissue structure and blood flow informa-
tion is very promising for biomedical applications and is well suited for monitoring
the vascular changes associated with PDT treatments. Doppler OCT (DOCT) is
capable of producing high-resolution structural images while also acquiring blood
flow characteristics at the microcirculation level. However, due to the shallow
penetration depth of OCT (1-3 mm in scattering tissues), new technologies are
needed to obtain DOCT images of deeply situated tissue for clinical applications
such as prostate or brain cancer.

Yang et al. [75] first demonstrated the feasibility of using a needle-based OCT
probe to minimally invasively image the microstructure and microvasculature of
hamster leg muscle. Note that this approach does not improve the OCT imaging
depth of 1-3 mm per se but rather enables its placement anywhere in 3D space (via
a minimally invasive high-gauge needle, under radiologic guidance). This design
was miniaturized (~400 pm diameter OCT probe) and used in several follow-up
studies to monitor and quantify PDT in preclinical animal studies under varying
treatment conditions. Standish et al. [76] demonstrated that interstitial (IS) DOCT
was able to detect and monitor microvascular changes during and post-PDT, deep
within the tumor in real time, by providing quantitative differences in the vascular
response to varying irradiance rates. This study monitored dynamic changes in
vascular blood flow and defined a new quantitative metric called the vascular
shutdown rates. This IS-DOCT metric was then used by Standish et al. [77] to
predict the biological endpoint of tumor necrosis after PDT treatment in a Dunning
prostate tumor rat model. Figure 22.8 demonstrates typical blood flow detection
images throughout a PDT treatment and corresponding changes in the vascular
index. Note only a couple of vessels have been highlighted in Fig. 22.8a for ease of
displaying the detected blood flow.

Figure 22.9 demonstrates the PDT-induced vascular shutdown within the
treatment region of multiple rats. A resonable correlation (R? = 0.72) between the
percent tumor necrosis at 24 h post treatment and the vascular shutdown rate was
observed slower vascular shutdown rate corresponded to higher treatment efficacy
(larger volume of tumor necrosis).

These results demonstrate the potential for clinical measurements of the vascular
effects of PDT via Doppler OCT, laying the groundwork for further work to
improve vascular detection along with new imaging protocols and platforms for
detecting and quantifying tissue microvascular network including the capillary bed
[32, 34, 42].
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Fig. 22.8 Photofrin-mediated PDT, treatment time = 25 min. (a) IS-DOCT imaging sequence of
color Doppler blood detection overlaid onto structural OCT images before, during, and post-PDT
treatment. The inserts are 2x magnifications showing aliasing (0 min) and counterpropagating
flows (10 min). (b) Vascular index VI as a function of time in a single animal showing the vascular
shutdown during PDT light exposure and the definitions of VI, and VI;,. (¢) Control animal
(light, no photosensitizer). Fluence rates and fluence listed in (b) and (c) are subsurface values at
the depth of the IS-DOCT probe
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22.5.3 Vascular OCT in a Murine Window Chamber Model

Window chamber models for visualizing tissue development in vivo have been
established since the 1920s [78]. In this approach, surgery is performed at the site of
interest to implant an optically transparent window that allows for direct intravital
imaging of otherwise inaccessible regions. The rabbit ear chamber, cranial cham-
ber, dorsal skinfold chamber (DSWC), and other body organ windows (such as the
kidney) have been demonstrated for different research areas [79]. All these models
provide long-term (days, weeks, months) intravital observation of the organ of
interest using high-resolution optical microscopy. The advantages of repeated
longitudinal imaging studies in a well-controlled in vivo environment are beneficial
to tumor implantation and development, controlled manipulation, disease treat-
ments, and multimodality assessments and are highly beneficial for preclinical
studies. The DSWC in particular has been used to study the microvasculature,
with applications ranging from the studies of perfusion to monitoring various
transplanted cells or tissues in the chamber to spatio/temporal quantification of
responses to various treatments.

Figure 22.10a shows an example of a DSWC Swiss nude mouse commonly used
for preclinical research. The model is convenient for DSWC implantation as the
mouse is nude, avoiding the need for hair removal and skin irritation; its suppressed
immune system permits the growth of various human xenografts tumor cell lines. The
DSWC allows for direct observation of the cells, connective tissues and blood vessels
of the normal dorsal skin environment, and, importantly, implanted tumor.
Figure 22.10b demonstrates the different components of the window chamber frame.

Typically, the tissue thickness ranges from 500 pm to ~1 mm; for tumor exper-
imentation, a bolus of tumor cells is implanted through the underside of the dorsal
skinfold. The lifetime of the DSWC is approximately 2—4 weeks, depending on its
implantation details and postsurgery care. Figure 22.10 shows typical OCT structural
images of the DSWC with and without tumor implantation. The glass cover slip
appears transparent, apart from the glass to air/tissue interfaces. The thickness of the
dorsal skin tissue can vary significantly, as exemplified in Fig. 22.11a—d. When
investigating tumor growth, the cells are left to grow for approximately 1 week
before imaging and appear as a tissue mass that bulges out toward the back side of
the DSWC, away from the imaging surface (Fig. 22.11c). Proper segmentation of
structural OCT images may allow quantitative evaluation of the tumor volume. Some
blood vessels may be observed from structural images. Figure 22.11d (arrows)
displays large blood vessels whose texture is clearly distinct from the surrounding
tissue. The contrast is based on the time-varying speckle pattern of fluids, which
causes the region to be smeared out when averaged, whereas static features (solid
tissue) would not. When speckle variance signal processing is performed on the 3D
data set (22.9), vascular detection down to the capillary level can be observed in the
dorsal skin of the window chamber animal model, as seen in Fig. 22.11e.

As such, the DSWC animal model has proven an invaluable tool to allow for an
in vivo imaging environment that provides the direct observation of cells, connective
tissues, and vascular network. It also provides a continuous longitudinal testing
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Fig. 22.10 (a) A Swiss nude mouse whose dorsal skin had been implanted with a titanium
window chamber. (b) The titanium chamber, glass cover slip (diameter = 0.8 cm), and plastic
fastener are shown. Scale bar = 1 cm
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Fig. 22.11 Structural optical coherence tomography images of the dorsal skinfold window
chamber from different mice. Each image has a depth of view of 3 mm in air or approximately
2 mm in tissue. (a, b) Two examples of normal nude mouse skin. (¢, d) Two examples of tumor-
bearing nude mouse skin, 1 week posttumor cell implantation. (a) Dorsal skin of a nude mouse.
The fat cells are visible (labeled). (b) Dorsal skin with visible vessel. (¢) Mouse implanted with
ME-180 tumor cells. A tumor mass is present, which manifests as a protrusion on the dermal side
of the tissue. (d) In another location of the same mouse, prominent blood vessels are seen. (e)
Speckle variance OCT en face projection image of the mouse dorsal skin, where the colored map
indicates the relative depth of the vessels (cf. Fig. 22.7)

environment to optically track and quantify disease progression, cancer therapies,
and vascular network development. However, there are several areas of improve-
ment that could further increase the utility of this optical imaging platform. Tech-
nically, WC is difficult to implant, requiring specialized surgical tools and frames,
and the resulting limited lifetime (1-3 weeks) precluded longer-term observations.



22 Optical Coherence Tomography 967

Additionally implanted tumors take on a “pancake” shape, typically 2—4 mm in
diameter and ~1-1.5 mm thick. It could be argued that they may not fully represent
the physiology of larger tumors in terms of 3D effects, solute transport, and other
physiology [80]. Nevertheless, in many cases, the ability to serially image the
cellular/vascular/stromal tumor compartments in vivo over extended periods of
time (for monitoring disease progression, detailed spatiotemporal response patterns
to various types of therapies, etc.) outweighs these disadvantages.

22.5.4 Vascular OCT for Radiation Response Monitoring

Radiation therapy (RT) is one of the most common treatments for cancer. Over half
of all cancer patients are treated with RT, either alone or in combination with
chemotherapy or surgery [81]. The therapy involves the use of ionizing radiation to
kill cancer cells and shrink tumors by primarily damaging their genetic material,
which impairs their ability to grow and divide. The therapy is used to treat most
types of solid tumors. The radiation dose delivered to each site depends on the
location, type, and stage of the cancer, as well as the presence of nearby organs that
may be damaged by radiation [82].

RT plays a central role in cancer management. However, its efficacy is also highly
influenced by the tumor’s surrounding environment or the microenvironment.
A nonexhaustive list includes the interaction of tumors with the cells of the immune
system and the inflammatory response, oxygen deprivation, and associated signaling
molecules [80]. Of particular interest in this chapter is the role of blood vessels.

Development of a functional vascular supply is essential for the successful
growth of solid tumors. Typically, existing blood vessels can only support tumor
growth to a few millimeters in size before the neoplastic cell population exceeds the
nutritional needs [83]. What follows is the initiation of new vascular networks, in
a process called angiogenesis [84]. The new blood vessels play several roles for
tumor cells: (1) They provide them with nutrients and oxygen for survival, (2) they
allow removal of toxic waste from cellular metabolism, and (3) they are the
principal route for cancer metastasis [85].

As alluded to previously, tumor blood vessels are very different than that of
normal tissues. Structurally, they are chaotic, lack hierarchy, and have an abnormal
density. Compositionally, they are incomplete in nature, having missing layers such
as basement membranes, endothelial lining, as well as receptors. Tumor endothelial
cells also have different phenotypic properties than that of normal vasculature [4].
These characteristics result in vascular networks that are unable to supply sufficient
oxygen and nutrient to the tumor mass [86]. Using the window chamber model and
custom radiation delivery apparatus, the interplay between tumors and vessels after
radiation therapy may be studied with high spatial resolution using OCT.

Here, we present preliminary results that demonstrate the utility of vascular-
sensitive OCT in monitoring the vascular changes following a single dose of
radiation. The Swiss nude mouse was fitted with a dorsal skinfold window chamber,
and tumor cells (ME-180, human cervical carcinoma) were implanted. The tumor
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Fig.22.12 Pseudocolored intravital images demonstrating changes in tumor mass (cyan-colored)
and vascular architecture (color-coded for depth, see Figs. 22.7 and 22.11e) induced by radiation
exposure (30 Gy) using speckle variance OCT and fluorescence microscopy in vivo in the DSWC.
The circular treatment region is 4 mm in diameter centered on the tumor. Eight different imaging
time points (a—g) were performed over a period of 18 days. A dramatic decrease in vasculature
post-RT occurred within 2 days, followed by gradual revascularization

cells were stably transfected with the DsRed2 fluorescent protein to facilitate the
monitoring of in vivo cellular tumor growth by fluorescence microscopy. The nude
mouse was treated with single 30 Gy dose of ionizing radiation collimated to the
window chamber region and monitored over 18 days. A wide-field fluorescence
microscope observed the progression of the tumor, and the vasculature was imaged
with speckle variance OCT. Images from both modalities were coregistered to
produce the images shown in Fig. 22.12. By day 18, fluorescence signal from the
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tumor mass has completely vanished, indicating absence of tumor cells. Most large
vessels (arterioles, venules) remained present, but destruction of the majority of the
capillaries was observed in day 2, followed by a gradual reperfusion of the tissue.

These OCT vascular results may be used to provide initial feedback or may even
predict the long-term efficacy of the radiation therapy treatment as has been the case
for other cancer therapies such as PDT studies discussed above [77]. These images
may be further processed to obtain quantitative information, such as vascular area
or density after skeletonization [87]. With the identification of relevant vascular
imaging metrics, these vascular OCT techniques could be used as a feedback
mechanism to alter treatment regimes and have the potential to provide individu-
alized patient therapy, based on point-of-care vascular feedback measurements.
However, it is important to note that extensive preclinical and clinical testing is
required prior to the widespread adoption of OCT vascular monitoring as a means
to improve existing radiation therapy treatments.

22,6 Conclusion, Challenges, and Future Outlook

A variety of optical approaches have been developed for structural and functional
assessment of intact biological tissues. Of these, OCT is particularly promising
owing to its high-micron-scale spatial resolution approaching histological/
microscopic levels, portability, relative affordability, and fiber-optic compatibility
enabling a variety of clinical scenarios. Further, functional extensions of OCT —
spectroscopic, elastographic, polarimetric, textural, Doppler, speckle variance,
etc. — allow the acquisition of further useful biological information, often at levels
previous inaccessible by other techniques. The latter variants of these extensions, as
described in this chapter, are uniquely suited to visualize tissue vasculature at the
perfusion and microcirculation levels. Illustrative examples of the utility of micro-
vascular detection and quantification, in the contexts of disease diagnosis and
therapeutic monitoring, have been provided.

It is interesting to note that OCT is most often grouped under the “optical
diagnostics” rubric of biophotonics, implying its primary role in diagnosis and
detection of pathologies. While the important role of early detection and differential
diagnosis in oncology cannot be marginalized, there is a growing realization that
OCT (and other optical and nonoptical medical imaging techniques) may address
other unmet needs in modern medicine. One outstanding opportunity is to provide
adjunct information to compliment cancer treatments. Consider radiation therapy
and chemotherapy two of the three major weapons at an oncologist’s disposal (the
other one being surgery). These therapies are essentially blind, in the sense that the
success (or failure) of therapy is often not known for weeks or months following
their completions, typically assessed by a posttherapy CT or MRI scan. Yet by that
time, the delivery of the therapeutic agent, be it ionizing radiation or
a chemotherapeutic drug, is over. It would be ideal if some medical imaging or
tissue assessment modality could provide feedback on the progress of therapy
during the course of its delivery so that patient-specific optimization of the



970 B.A. Standish et al.

remaining therapeutic regimen could ensue. Such beneficial fusion of diagnostic
and therapeutic technologies will clearly benefit patient management (termed
“theragnostics” or alternatively “theranostics”) and may indeed bring us a step
closer to the elusive promise of personalized molecular medicine.

Research in this direction is on the rise. In radiation therapy, while imaging has
been widely used for advanced geometric targeting to ensure increased dose
conformity (the field of image-guided radiotherapy or IGRT), it is starting to be
used for tumor response monitoring as well. Specifically, changes in tumor volume
and quantification of tumor shrinkage are starting to be assessed between therapeu-
tic fractions, over the course of a multifractioned radiation delivery. This is a step in
the right direction, but clearly, gross anatomical volume changes in the cm® range
must be preceded by much earlier, more sensitive metrics of radiobiological
response. Functional PET studies in radiotherapy patients are also beginning to
appear, with the intent of evaluating the changes in the metabolic status of tumors as
a result of irradiation [8§8—90]. But the outstanding issues of resolution, complexity,
radiation damage and safety, practicality, and cost are still to be properly addressed.

It is in this context of therapeutic monitoring, feedback, optimization, and
“shedding light on therapy” that the vascular OCT techniques discussed in this
chapter may have a significant impact. As evidenced by illustrative examples, tissue
microvasculature is a sensitive, dynamic, and crucial functional tissue metric that is
readily detectable by OCT and may indeed be modulated by a variety of noninva-
sive therapies such as PDT, chemotherapy, and radiation therapy. The outstanding
challenges are many — improve microvascular detectability, quantify the resultant
microvascular metrics, test whether the detected blood flow changes are indeed
specific to the therapy, determine if these detected changes are indicative of the
eventual treatment outcome, and so forth. Some of these challenges have been
initially addressed as summarized in this chapter, but clearly much work remains to
be done in the exciting field of OCT microvascular imaging.
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