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This thesis explores the potential of developing functional Optical Coherence Tomography

(OCT) in structural and microangiographic applications for heart and skin tissues. OCT,

as a noninvasive imaging technique, has revolutionized fields such as ophthalmology, car-

diology, and dermatology by offering high-resolution visualization of biological structures

and microvasculature. However, its capacity to capture physiological characterization, both

qualitative and quantitatively, remains limited. This research seeks to bridge the gap by ad-

vancing functional OCT techniques to provide novel insights into tissue and vascular behavior

in complex vascularized areas like coronary microcirculation and skin.

In Chapter 1, the thesis introduces OCT principles and their clinical significance for

noninvasive imaging. Chapter 2 delves into advanced OCT techniques for assessing mi-

crovascular networks and tissue composition. Methods such as Optical Microangiography

(OMAG) and OCT velocimetry are presented to demonstrate OCT’s ability to visualize

capillary morphology and blood flow without contrast agents and to characterize hemo-

dynamic properties and microvascular health quantitatively. Additionally, OCT structural

imaging technique, such as calibrated optical attenuation coefficient (OAC), is presented to

differentiate tissue compositions in distinct skin layers based on scattering properties.

In Chapter 3, OCT Angiography (OCTA) is applied to assess microvascular damage



in infarcted hearts, uncovering structural and functional changes post-myocardial infarction

(MI), such as capillary loss, vessel enlargement, and altered blood flow— insights for under-

standing coronary network remodeling. Chapter 4 investigates OCTA’s ability to detect

depth-resolved distinct blood flow signals and pulse patterns across different skin layers,

which offers potential applications in non-invasive cardiovascular monitoring.

Chapter 5 explores OCT’s dermatological applications in monitoring skin aging, UV-

induced changes, and light-tissue interactive behaviors. It demonstrates OCT’s ability to

detect subclinical changes—such as vessel dilation, epidermal thickening, and structural or-

ganization differences—before clinically visible signs appear, supporting early intervention.
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1 INTRODUCTION

OCT is revolutionizing biomedical imaging for diagnostics and research,

bridging the gap by delivering high-resolution insights into tissue and mi-

crovasculature.

This thesis explores innovative methodologies for functional Optical Coherence Tomography

(OCT) with applications across heart and skin imaging. The primary objective is to demonstrate

new functional OCT’s capabilities in visualizing and quantifying microvascular structures, such

as providing assessments of vessel remodeling in ischemic heart disease or diving deep into opti-

cal attenuation coefficient (OAC) for measuring tissue properties quantitatively in characterizing

tissue nanostructure and composition.

1.1 Optical Coherence Tomography

Optical Coherence Tomography (OCT) is a non-invasive imaging technique that has revolution-

ized biomedical imaging since its introduction in 1991. It enables high-resolution, three-dimensional

imaging of biological tissues without the need for contrast agents, making it particularly well-

suited for in vivo applications. OCT is especially effective for imaging the human eye, which has

relatively transparent optical properties. Over the past decade, OCT has transformed ophthal-

mology by enabling detailed structural and functional imaging, significantly benefiting clinical

practice and research.

OCT operates on the principle of low-coherence interferometry, using a near-infrared light

source directed into tissue. Different tissue layers partially reflect light, and the backscattered light
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is compared to light reflected from a reference mirror within an interferometer, creating an in-

terference pattern that encodes depth information. This allows for depth-resolved imaging with

micrometer-scale resolution by measuring the time delay of backscattered light, corresponding to

its path length in the tissue.

Advancements in OCT technology include the shift from Time-Domain OCT (TD-OCT) to

Fourier-Domain OCT (FD-OCT), which encompasses Spectral-Domain OCT (SD-OCT) and

Swept-Source OCT (SS-OCT). SD-OCT captures a full spectrum of light simultaneously, en-

abling faster image acquisition but with limited depth penetration. In contrast, SS-OCT employs

a tunable laser that sweeps through wavelengths, allowing for deeper tissue penetration, faster ac-

quisition, and improved sensitivity, which is particularly beneficial for imaging deeper structures

like the choroid and sclera in the eye.

OCT’s applications extend beyond ophthalmology, including endoscopic imaging for internal

organs, dermatology for high-precision skin lesion assessment, and cardiac imaging for visualizing

coronary arteries and cardiovascular conditions. OCT continues establishing itself as an essential

tool in clinical and research environments. The evolution of its technology, particularly through

advancements in FD-OCT and SS-OCT, has significantly expanded its capabilities, offering valu-

able insights into a wide range of biological tissues and promising further breakthroughs in imag-

ing.

1.1.1 Technical Background: Principles of OCT

Optical Coherence Tomography (OCT) is a pivotal imaging modality in biomedical applications,

particularly in ophthalmology. The foundational principle of OCT is Michelson interferometry,

a concept that has existed for over a century. The technology can be classified into two primary

categories: Time-Domain OCT (TD-OCT) and Fourier-Domain OCT (FD-OCT). The initial

suggestions for utilizing OCT in imaging applications emerged in the 1990s, but it was the devel-

opment of FD-OCT that catalyzed the rapid development of OCT applications. FD-OCT lever-

ages the Fourier transformation of spectral interference data to generate depth-resolved images
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efficiently. This technique allows for the simultaneous acquisition of depth information with-

out the need for mechanical movement of the reference mirror, which is a notable advantage over

TD-OCT.

The interference signal I(k) in FD-OCT can be mathematically expressed as:

I(k) = S(k)
(
r2R + r2S + 2rRrS cos(2k∆z)

)

Where S(k) is the source spectral intensity as a function of wavenumber k = 2π
λ , rR and

rS are the reflectivities of the reference and sample arms, respectively, and ∆z is the optical path

length difference between the reference arm and a specific depth in the sample. The cosine term

encodes depth information, producing a fringe pattern that varies with depth. Structures located

deeper within the sample generate higher-frequency components in the interferogram, which are

essential for reconstructing the depth profile.

To retrieve the depth profile from the interference signal, an inverse Fourier transform is per-

formed:

I(z) = F−1{I(k)}

This operation transforms the frequency-domain signal into the spatial (depth) domain, yield-

ing a depth-resolved reflectivity profile I(z), commonly referred to as an A-scan. z is related to

the optical path length difference ∆z. This profile reveals the reflectivity of structures at various

depths within the sample, effectively mapping the internal architecture of the tissue.

FD-OCT is primarily implemented in two modalities: Spectral-Domain OCT (SD-OCT) and

Swept-Source OCT (SS-OCT). Both techniques utilize the principles of low-coherence interfer-

ometry but differ in their operational mechanisms. SD-OCT employs a broadband light source

and a spectrometer equipped with a CCD or line-scan camera to capture all wavelengths simul-

taneously. The spectrometer splits the interference pattern into its constituent wavelengths, al-

lowing for the simultaneous recording of the spectral interferogram. This parallel acquisition of
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spectral data enables faster imaging speeds and improved sensitivity compared to TD-OCT. How-

ever, SD-OCT is limited by its depth penetration due to the spectral resolution of the light source.

SS-OCT uses a tunable laser that sweeps across a range of wavelengths sequentially. A single

photodiode detects the interference pattern over time as the wavelength sweeps, creating a spec-

tral interferogram. This technique offers deeper tissue penetration and faster acquisition times

compared to SD-OCT. Sequentially acquiring spectral data allows for enhanced sensitivity and

the ability to visualize structures that are challenging to image with SD-OCT.

In summary, Optical Coherence Tomography has evolved significantly from its initial concepts

to become a cornerstone of biomedical imaging. The transition from Time-Domain to Fourier-

Domain techniques, particularly the advancements in Spectral-Domain and Swept-Source OCT,

has enhanced the capabilities of OCT, allowing for high-speed, high-resolution imaging of biolog-

ical tissues. As research continues exploring new applications and refining existing technologies,

OCT is poised to remain a vital tool in clinical and research settings.

Figure 1.1: Schematic representation of spectrometer-based and swept-source-based Fourier-domain Opti-
cal Coherence Tomography (FD-OCT) systems. Figure adapted from [29]
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1.1.2 Axial and Lateral Resolution in Fourier-Domain OCT

While the axial resolution in Fourier-Domain OCT (FD-OCT) is primarily determined by the

spectral bandwidth of the light source, the lateral resolution depends on the focusing optics used

in the system. Lateral resolution refers to the ability of the OCT system to distinguish fine details

in the plane perpendicular to the imaging depth (x-y plane). It is influenced by the numerical

aperture (NA) of the objective lens and the wavelength of the light source.

In OCT, there is often a trade-off between lateral and axial resolution: Increasing the NA im-

proves lateral resolution but reduces the depth of field, resulting in a more limited range over

which high lateral resolution is maintained. The axial resolution is not affected by NA but is de-

termined by the light source’s spectral bandwidth.

As a result, OCT systems must balance axial and lateral resolution requirements depending on

the imaging application. For example, retinal imaging often prioritizes high axial resolution to

resolve retinal layers, while skin imaging may require high lateral resolution for cellular-level detail

over a large depth range.

The axial resolution in FD-OCT depends on the spectral bandwidth of the source and is given

by:

Axial Resolution ≈ 2 ln(2)

π
· λ2

0

∆λ
(1.1)

Where λ0 is the central wavelength of the light source, ∆λ is the full width at half maximum

(FWHM) of the source spectrum. A broader bandwidth ∆λ results in a narrower point spread

function (PSF) along the depth axis, improving the axial resolution. The axial PSF in FD-OCT is

primarily determined by the source’s coherence length, which limits the system’s ability to resolve

structures along the depth axis.

The lateral resolution in OCT is approximated by:

Lateral Resolution ≈ 0.61λ0

NA
(1.2)
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Where λ0 is the central wavelength of the light source, NA and is the numerical aperture of the

objective lens. A higher NA results in better lateral resolution, allowing the light beam to be

focused more tightly in the lateral dimension.

Unlike axial resolution, which remains nearly constant throughout the imaging depth, the lat-

eral resolution in OCT is depth-dependent. OCT systems have a focal plane where the lateral

PSF is narrowest, providing the best lateral resolution. As you move away from this focal plane,

either above or below, the lateral PSF broadens due to the divergence of the Gaussian beam. This

effect, known as depth-dependent lateral resolution or lateral roll-off, reduces lateral resolution

for structures farther from the focal plane.

The confocal parameter b, also called the depth of field, defines the depth range over which

good lateral resolution is maintained. It is given by:

b =
2λ0

NA2 (1.3)

This parameter indicates the range along the depth axis over which the lateral PSF remains rela-

tively focused. Structures outside this range will appear blurred in the lateral direction due to the

defocusing effect.

1.1.3 Signal Roll-Off and Sensitivity

In FD-OCT, roll-off occurs, where signal sensitivity decreases with increasing depth. This roll-off

is due to the detector or spectrometer’s limited spectral resolution, which affects the ability to de-

tect high-frequency components corresponding to deeper structures. A Gaussian decay model ef-

fectively represents the signal attenuation with depth. As depth increases, the interference fringes

in the spectral interferogram produce higher spatial frequencies. However, the finite spectral reso-

lution of the detector limits its ability to distinguish these high-frequency components, resulting

in a progressive loss of sensitivity. This inability to resolve fine spectral details causes a decay in
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signal intensity that resembles a Gaussian function. The Gaussian decay model can be expressed

as:

I(z) ∝ e−(γz)2 (1.4)

where I(z) is the intensity at depth z, and γ is a parameter reflecting the system’s spectral reso-

lution. This model captures how unresolved high frequencies blur together, creating a Gaussian-

shaped attenuation of signal strength as depth increases. The Gaussian decay profile is thus partic-

ularly suitable for describing roll-off in OCT systems where spectral resolution constraints, rather

than intrinsic absorption or scattering, dominate the sensitivity loss with depth.

1.1.4 Geometric Factor of Numerical Aperture (NA)

In OCT, the Geometric Factor G is used to quantify the impact of numerical aperture (NA)

on the light collection efficiency and focusing properties of the system. G is often defined as an

integral over the angular distribution of light, which considers both the Gaussian beam profile

and the angular spread created by the NA.

The geometric factor G can be expressed as:

GNA ≈ 1/cos(thetac) (1.5)

where θ is the angle from the optical axis; the Gaussian term represents the Gaussian intensity

profile of the light beam cos θ and sin θ accounts for the projection and angular distribution of

the light collection area in the system.

The cos θ term accounts for this projection effect. When light is collected at an angle θ, the

effective collection area along the direction of propagation is proportional cos θ, indicating that

light collected at larger angles contributes less to the total detected signal. Additionally, as θ in-

creases, the path length for light to reach the detector also increases, causing a natural drop-off

in signal strength. The cos θ term models this combined effect, representing the reduction in

effective collection efficiency at higher angles.
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The geometric factor G plays a crucial role in OCT system design, particularly in determining

the appropriate NA for different imaging applications. A higher G is typically associated with

high-NA objectives that maximize lateral resolution but may reduce depth of field. For shallow,

high-resolution imaging tasks (e.g., retinal imaging), a higher NA and, consequently, a higher G

are advantageous. Conversely, for applications requiring a larger depth of field (e.g., tissue imag-

ing), a lower NA and a lower G are chosen to maintain consistent resolution over greater depths.

1.2 Modeling Tissue Scattering in OCT

Light scattering in biological tissues provides valuable information about the nanoarchitecture

and organization of cells and subcellular structures. When light interacts with tissues, it encoun-

ters structures of various sizes, some larger and others smaller than the wavelength of light. The

scattering properties depend on these structural dimensions relative to the wavelength, allowing

OCT to probe and characterize cellular and tissue microstructure.

The scattering of light by tissue can be broadly divided into two categories. Mie scattering oc-

curs when the scattering structures (e.g., organelles, cell nuclei, collagen fibers) are comparable in

size toor less than the wavelength of light (typically 300–1300 nm). Rayleigh scattering occurs

when the scattering structures are significantly smaller than the wavelength, producing a scatter-

ing intensity that decreases rapidly with increasing wavelength.

1.2.1 Scattering coefficient and anisotropy

In OCT applications, the scattering coefficientµs and anisotropy factor g are key parameters that

describe the light-scattering properties of tissue. Based on the size distribution of tissue structures,

these parameters can be modeled using Mie and Rayleigh scattering theories.

The scattering cross-section σ (in µm2) represents the effective "shadow" area cast by a scatter-

ing particle, quantifying how much light is scattered by a single particle. The scattering coefficient

µs (in µm−1) is then given by:

µs = ρ · σ (1.6)

12



where ρ is the number density of scatterers (in µm−3). This coefficient indicates the probability

of scattering per unit distance and is essential for quantifying tissue scattering. The anisotropy

factor g describes the average cosine of the scattering angle θ, where:

g = ⟨cos(θ)⟩ (1.7)

A value of g ≈ 1 indicates highly forward-scattered light, while g ≈ 0 indicates equal forward

and backward scattering; isotropic scattering is a special case of g = 0. Biological tissues typically

have g values between 0.7 and 0.9, meaning light tends to scatter predominantly in the forward

direction.

Mie theory is commonly used to model light scattering by larger tissue structures, such as mi-

tochondria and collagen fibers. The Mie scattering intensity decreases approximately as λ−1 with

increasing wavelength. This theory is suitable for structures with sizes on the order of the light

wavelength (e.g., 1–10 μm in diameter). The scattering amplitude for a Mie scatterer depends on

the relative refractive index and size of the scattering particle. For example, for a spherical particle

of radius r and refractive indexn, the Mie scattering cross-sectionσ is derived from Mie solutions

to Maxwell’s equations and varies with particle size and wavelength.

Rayleigh scattering, relevant for smaller structures (sub-wavelength scale, much smaller than

the light wavelength), produces an intensity that decreases as λ−4. This type of scattering occurs

in tissues with nanoscale structures, such as small organelles or fine filaments. Rayleigh scattering

is important for understanding the background scattering in tissue, as small-scale refractive index

fluctuations contribute to the overall OCT signal.

In biological tissues, structures often exhibit a wide range of sizes, leading to both Mie and

Rayleigh scattering contributions. Tissues can be modeled as a distribution of scatterers with vary-

ing sizes, each contributing to the overall scattering coefficient µs. The sum of Mie and Rayleigh

scattering components can represent this combined scattering model. µs,Mie accounts for the scat-

tering contribution of larger structures using Mie’s theory. µs,Rayleigh accounts for scattering by
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smaller structures using Rayleigh theory. This approach provides a more realistic representation

of tissue scattering by capturing the contributions from large and small tissue structures.

1.2.2 Tissue BackscatteringModeling

Biological tissues are highly scattering media with structures that reflect and scatter light at varying

angles. To effectively capture the scattering behavior of tissues, a phase function is employed to

describe the angular distribution of scattered light. A commonly used model in OCT for this

purpose is the Henyey-Greenstein phase function, which provides an efficient approximation for

scattering in biological tissues, including skin, retina, and other highly scattering structures.

The Henyey-Greenstein phase function is defined by:

p(cos θ) =
1− g2

(1 + g2 − 2g cos θ)3/2
(1.8)

where θ represents the scattering angle, and g is the anisotropy factor. The anisotropy factor g

is a dimensionless parameter that characterizes the directionality of scattering. In most biological

tissues, g is typically close to 1, as scattering events tend to be strongly forward-directed due to the

refractive index variations of cellular structures and extracellular matrix components.

The backscatter factor is critical in OCT as it quantifies the fraction of light scattered back to-

ward the detector, which is crucial for generating depth-resolved images. The Henyey-Greenstein

phase function allows for modeling this backscattering behavior by considering the angular de-

pendence of scattered light. In OCT, only the light that is backscattered within the acceptance

angle of the detection system contributes to the image signal. Light backscattered within the de-

tection system’s acceptance angle will return to the detector and depend on the directional scat-

tering probabilities of the tissue.

Modeling tissue scattering with the Henyey-Greenstein phase function enhances our ability to

approximate how much light is scattered in the backward direction relative to the predominant

forward direction. This backscatter component is essential in OCT because it directly impacts

the achievable contrast and imaging depth. A higher proportion of backscattered light improves
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image brightness and allows for better visualization of deeper structures. However, because bio-

logical tissues generally have high anisotropy values (i.e., g ≈ 0.8 − 0.9), most light is scattered

in the forward direction, meaning only a fraction of the initial light returns to the detector.

The Henyey-Greenstein phase function is widely used in OCT and other biomedical imag-

ing modalities as it provides a simple yet effective model of tissue scattering. By adjusting the

anisotropy factor g, the function can be tuned to match the scattering characteristics of different

types of tissue. This flexibility makes the Henyey-Greenstein phase function a valuable tool for

modeling scattering in both homogeneous and heterogeneous tissues. Furthermore, it enables

quantitative analyses that can improve the interpretation of OCT images, particularly in appli-

cations requiring accurate tissue microstructure characterization, such as in ophthalmology and

dermatology.

1.3 Significance andMotivation

Optical Coherence Tomography (OCT) has emerged as a non-invasive imaging modality. Ini-

tially developed for ophthalmology, OCT’s high-resolution imaging capabilities have broadened

its adoption in cardiology, dermatology, and oncology, where it is utilized for more disease diagno-

sis, monitoring progression, and evaluating subclinical changes. The non-invasive nature of OCT

allows for repeated imaging without the risks associated with traditional invasive procedures.

OCT’s three-dimensional imaging capabilities enable volumetric reconstructions of complex

tissue structures. For example, 3D OCT is employed in dermatology to evaluate the depth and

extent of skin lesions, providing critical insights that inform treatment decisions. In addition to

structural imaging, OCT has evolved to include functional imaging capabilities, such as OCT an-

giography (OCTA), which visualizes blood flow without needing contrast agents. This advance-

ment significantly broadens its application, particularly in assessing vascular health in the retina

or other tissues.

Moreover, OCT’s non-contact and noninvasive nature makes it ideal for longitudinal imaging,

particularly for chronic disease management. This allows for effective long-term monitoring that
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may improve patient outcomes. The ability to scan sensitive areas without direct contact min-

imizes patient discomfort and reduces the risk of infection, further enhancing OCT’s utility in

clinical settings.

OCT’s strength in early detection is particularly beneficial for identifying minor changes at the

onset of diseases, often before clinical symptoms appear. This capability is important for detect-

ing conditions such as microvasculature damage in the heart after heart infarction, which will be

presented in Chapter 3. OCT also enables the assessment of UV-induced skin damage, inflamma-

tion, and structural changes, which will be discussed in Chapter 5.

In conclusion, OCT has played a key role in non-invasive medical imaging through its unique

value. It is widely applied across medical fields, particularly for early detection and ongoing disease

management. As the technology of functional OCT advances, the potential for OCT to further

enhance patient care remains significant.

1.3.1 Application of OCT in CoronaryMicrocirculation Imaging

Coronary microcirculation plays a crucial role in maintaining the function of the heart. My-

ocardial infarction (MI), a condition that occurs when a major coronary artery becomes blocked,

would lead to tissue ischemia and necrosis. The phenomenon of "no-reflow," where blood flow

is not adequately restored despite the successful reopening of larger coronary arteries, can lead to

further myocardial injury and adverse outcomes. Notably, smaller capillaries within the microcir-

culation are the first to be damaged during ischemic events. Understanding the mechanisms and

implications of coronary microvascular dysfunction is essential for improving patient prognosis

after MI.

To understand and mitigate the risks associated with MI and reperfusion injury, direct imaging

of the coronary microcirculation may be helpful but is challenging. The coronary microvascula-

ture, with vessels typically smaller than 200µm in diameter, is particularly challenging to observe

in clinical settings due to its size and the limitations of conventional imaging techniques. Modal-

ities like cardiac MRI and PET lack the spatial resolution required to visualize these small vessels
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or capture their dynamic responses during ischemic and reperfusion events. This limitation often

leaves clinicians reliant on indirect assessments of epicardial flow, overlooking crucial microvascu-

lar disruptions.

While foundational data exists on the anatomy of coronary microcirculation under normal

conditions, the quantitative and detailed characterization of dynamic microvascular changes fol-

lowing MI remains limited. OCT offers a promising solution to these limitations. OCT angiogra-

phy (OCTA) enables high-resolution, cross-sectional imaging of microvasculature interferometry

using a motion-sensitive algorithm at a microscopic scale. While foundational data exist on the

anatomy of coronary microcirculation under normal conditions, OCT holds unique potential for

quantitatively characterizing microvascular changes. OCT’s ability to generate three-dimensional

images of the coronary microvasculature allows for precise mapping and analysis of its complex

architecture, capturing data on capillary density, vessel diameter, and perfusion dynamics.

One of the primary benefits of using OCT to image heart surface microvasculature is its non-

invasive nature, allowing for real-time imaging of microvascular changes during ischemia and

reperfusion without introducing contrast agents that could potentially harm the tissue. This ca-

pability is particularly important in ex vivo models, such as the Langendorff-perfused heart, where

maintaining tissue integrity is crucial for accurately assessing microvascular function and pathol-

ogy. By providing high-resolution images of capillary diameter, morphology, and resistance, OCT

enables researchers to investigate how these parameters affect circulatory functioning and oxygen

extraction efficiency.

The Langendorff model serves as an effective ex vivo system to replicate the microfluidic behav-

ior of the heart under conditions of ischemia and reperfusion. In this model, OCT can visualize

the heterogeneity of blood flow properties, which is essential for understanding the mechanisms

behind the "no-reflow" phenomenon. According to Poiseuille’s law, flow rate is proportional to

r4, where r is the capillary radius. Similarly, resistance is proportional to 1/r4, meaning that any

changes in capillary diameter or morphology can significantly impact overall blood flow and oxy-

gen delivery to myocardial tissues. Using OCT, the changes can be quantified and correlated with
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functional outcomes, providing insights into how microvascular dysfunction contributes to my-

ocardial injury.

The significance of using OCT lies in its ability to provide high-resolution, quantitative insights

into microvascular abnormalities and perfusion dynamics, which are not adequately captured by

traditional imaging methods. OCT can directly visualize disruptions in myocardial perfusion at

the capillary and microcirculatory level, offering a detailed assessment of structural and functional

changes in vessels smaller than 200 μm in diameter.

By applying quantitative parameters, OCTA goes beyond the limitations of qualitative assess-

ments, allowing for precise measurement of blood flow changes within the heart’s microvascular

system. This provides a more comprehensive understanding of how ischemia and reperfusion

injuries affect microcirculation, enabling researchers to quantify the extent of blood flow disrup-

tions. Such advancements are critical for translating this technique into in vivo heart studies,

bridging the gap between preclinical research and clinical applications. Ultimately, this approach

could lead to better monitoring of tissue engernering interventions and a deeper understanding

of cardiovascular diseases at the microvascular level.

1.3.2 Application of OCT in Skin Angiography and micro-structural

imaging

The need for in-depth, non-invasive imaging techniques has become increasingly evident in der-

matology assessments. The skin’s microstructure reveals details of layers such as the epidermis

and dermis, allowing for the detection of abnormalities, including lesions, scars, and signs of ag-

ing. Examining the skin capillaries—the network of small blood vessels within the skin—yields

insights into blood flow dynamics and helps detect vascular changes associated with inflammation

and wound healing. These structural and vascular insights support more sub-clinical assessments,

improving diagnostics, treatment planning, and skin health monitoring.

Traditional diagnostic methods, like biopsies and blood tests, provide valuable information but

are invasive and limited to isolated time points. Confocal microscopy offers high-resolution, 3D
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imaging but often requires biopsy and has limited repeatability. VivascopeTMasanexampleof3D−

confocalmicroscopythatisdoneinvivo(depthresolution = 200µm), but with very good

lateral resolution. Similarly, dermoscopy allows detailed two-dimensional surface imaging but

lacks the depth needed for comprehensive analysis. High-resolution ultrasound can penetrate

deeper into tissues than dermoscopy but often lacks the precision required for microstructural and

microvascular assessment. Despite advancements, there remains a need for imaging that combines

high resolution with adequate depth penetration for detailed functional analysis of skin tissue.

OCT has emerged as a promising solution to these limitations. As a high-resolution, cross-

sectional imaging method, OCT allows visualization of the internal microstructure of the skin

and has been effectively applied to study conditions like actinic keratosis, wound healing, and

basal cell carcinoma. Its ability to visualize the layered structure of the skin supports more precise

and non-invasive assessment of abnormalities. Initially developed for ophthalmology, OCT has

been adapted for skin imaging by addressing the challenges of highly scattered skin tissue. Achiev-

ing adequate penetration depth has been essential for OCT in dermatology. Standard OCT can

visualize up to 1.5 mm beneath the skin surface, covering the epidermis and upper dermis.

A significant gap in dermatology lies in the ability to quantitatively assess tissue properties such

as attenuation, anisotropy, and reflectivity, which are critical for understanding skin structure

and composition. Optical Coherence Tomography (OCT) addresses this gap by providing high-

resolution, non-invasive imaging to identify microstructural and compositional changes. OCT’s

sensitivity to attenuation and reflectivity reveals abnormalities in cellular architecture and tissue

integrity, while its ability to measure anisotropy highlights directional organization, such as col-

lagen alignment, crucial for evaluating conditions like fibrosis, skin aging, and wound healing.

By quantifying these properties, OCT offers a powerful tool to detect early pathology, monitor

disease progression, and assess treatment response, significantly advancing the understanding and

management of skin health.

Although cutaneous blood flow accounts for approximately 4% of the body’s total blood vol-

ume, it is critical for maintaining skin health and supporting physiological processes such as ther-
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moregulation and immune defense. Capillaries within the skin play a pivotal role in this circu-

lation, but subtle changes in their structure and perfusion often occur before clinical symptoms

become apparent, signaling the early stages of conditions like inflammation, wound healing dis-

ruptions, or vascular disorders.

Despite its potential, the application of Optical Coherence Tomography (OCT) in dermatol-

ogy faces notable gaps that limit its broader adoption and impact. Unlike ophthalmology, where

OCT is highly standardized and calibrated, dermatological OCT lacks established protocols and

functional extensions to reliably interpret key metrics such as tissue attenuation and blood flow

speed. This lack of standardization and functional imaging capabilities results in inconsistencies

in diagnosis and limits its clinical utility. Additionally, qualitative and quantitative biomarkers

are limited for pathology detection, such as identifying changes in blood vessels or delineating

tissue abnormalities like cancer boundaries. This gap underscores the need for enhanced meth-

ods to extract and interpret meaningful information from OCT images for accurate pathology

assessment.

In summary, while OCT has evolved from its origins in ophthalmology into a valuable imag-

ing modality for dermatology, it is critical to address these challenges through standardization,

functional imaging developments, and biomarker integration. These advancements would en-

able consistent diagnosis, improved tissue and vascular change interpretation, and more effective

detection of skin pathologies, significantly advancing dermatological care.

1.4 Summary of OCTApplication and Limitation

Optical Coherence Tomography (OCT) has established itself as a micrometer-scale-resolution

noninvasive imaging modality with broad applications across various medical fields. Its high-

resolution, three-dimensional imaging ability has made it invaluable for detecting subclinical changes

and assessing disease across multiple fields. This thesis is motivated to research OCT’s unique

strengths and the gaps in current imaging methodologies, particularly in heart and skin imaging

applications.
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Figure 1.2: 1 Comparison of epidermis imaging techniques based on resolution, penetration depth, and
capability for in vivo imaging. The figure displays four methods: dermoscopy, histology (H&E
staining), OCT, and ultrasound. Figure adapted from [3, 157].

In cardiovascular applications (Chapter 3), OCT is uniquely positioned to overcome the limita-

tions of conventional imaging techniques like MRI and PET, which lack the resolution to capture

microvascular dynamics. The study demonstrated the critical role of OCT in imaging coronary

microcirculation, especially in the context of ischemia and reperfusion injuries. The Langendorff

model assists OCT’s capability to map microvascular changes and quantify capillary morphology,

flow dynamics, and perfusion. This research addresses the pressing need for non-invasive methods

to evaluate and manage coronary microvascular dysfunction.

In dermatology applications (Chapters 4 and 5), OCT’s ability to visualize skin microstructure

and vasculature non-invasively offers significant advantages over traditional diagnostic methods

such as biopsies and dermoscopy. The study explores OCT’s potential to detect subtle structural

and vascular changes in skin tissue, particularly in the context of wound healing, UV exposure,

and aging assessment. The quantitative analysis of tissue properties like attenuation, anisotropy,

and reflectivity further broadened OCT’s ability to reveal microstructural properties of the dif-

ferent layers of skin (epidermis, papillary dermis and reticular dermis).
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Despite its expanding applications, several limitations prevent the broader adoption of OCT

across diverse fields. One major challenge is the limited information provided by conventional

structural OCT scans, which primarily offer micro-level 3D scans of tissue morphology but do

not provide extra insights into the physiological or functional aspects of the condition of the skin

and heart. This limitation restricts its utility in applications, for example, understanding tissue

dynamics such as capillary blood flow, tissue characteristics, or collagen conditions.

This study aims to address these gaps by leveraging OCT’s capabilities in imaging coronary

microcirculation and skin angiography while driving the development of functional OCT tech-

niques. Approaches such as OCT velocimetry for blood flow measurement, OCT angiography

for microvascular visualization, OAC for tissue attenuation and anisotropy, and polarization-

sensitive OCT for tissue composition analysis could provide complementary information and

expand the diagnostic scope of OCT. By introducing these functional capabilities, OCT could

deliver more comprehensive diagnostic information, facilitate early disease detection, and enable

effective monitoring of disease progression before any clinical significance. Ultimately, this work

seeks to refine OCT’s utility for broader research applications, advancing our understanding of

tissue microstructure and vascular dynamics.

In summary, while OCT has established itself as a valuable tool for noninvasive imaging, fur-

ther advancements in functional OCT could broaden its application across diverse clinical and

research fields.
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2 FUNCTIONAL EXTENSIONSOFOCT

Functional OCT enhances its diagnostic power by providing structural

imaging and valuable insights into tissue physiology and microvascular

health, broadening its applications in clinical and research settings.

Optical Coherence Tomography (OCT) offers a range of techniques for both qualitative and

quantitative imaging, enabling a comprehensive assessment of (1) microvascular information and

(2) tissue composition. As introduced in Chapter 1, OCT combines high-resolution imaging

with non-invasive capabilities, making it a versatile tool for diverse clinical and research applica-

tions. Building on the foundational principles outlined in Chapter 1, this chapter delves into the

application of advanced OCT techniques.

OCT Angiography (OCTA), is a powerful modality for visualizing microvascular networks

and assessing blood flow without requiring contrast agents. Methods like Optical Microangiog-

raphy (OMAG) and OCT velocimetry, which were briefly introduced earlier, are employed in this

chapter to provide detailed insights into capillary morphology and blood flow velocity. These ca-

pabilities allow for precise analysis of hemodynamic properties and microvascular health, which

are critical for understanding disease progression through the microvasculature damages.

In addition to OCTA, OCT Structural Imaging Techniques support quantitative assessments

such as measuring epidermal thickness and optical attenuation coefficients. These methods enable

the identification of tissue compositions based on scattering properties and provide complemen-

tary information to enhance the interpretation of OCT signals.

Together, the techniques described in this chapter will be extensively utilized throughout this

chapter to address specific research questions and challenges. By integrating these advanced OCT
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methods, this chapter aims to extend the broader applicability of OCT discussed in Chapters 3-6

into focused studies on assessing tissue structure and microvascular health.

2.1 Optical Coherence Tomography Angiography

Optical Coherence Tomography Angiography (OCTA) is an advanced imaging technique that

utilizes the movement of red blood cells (RBCs) within blood vessels to create high-contrast maps

of blood flow without the need for invasive dye injections. OCTA’s fundamental principle relies

on tracking changes in the OCT signal at the same location over time (M-scan) to differentiate

moving particles, like RBCs, from static tissue structures. This time-dependent fluctuation in

backscattered signals allows for the clear visualization of vascular networks, aiding research and

clinical applications across a variety of biological tissues.

OCTA technology leverages the complex nature of OCT signals, which contain both ampli-

tude and phase information, enabling a range of algorithms to analyze blood flow dynamics.

These algorithms can be categorized based on which component they emphasize: phase-signal-

based, intensity-signal-based, or complex-signal-based OCTA.

Optical Microangiography (OMAG), initially proposed by Wang et al. in 2007 and refined in

subsequent years, utilizes both amplitude and phase information to enhance sensitivity in detect-

ing blood flow. This algorithm calculates blood flow by averaging differences in complex signals

across repeated B-scans at the same location. The OMAG algorithm computes the flow signal by

subtracting consecutive complex OCT signals at the same spatial location. The complex OCT

signal C(x, z, t) at a given location (x, z) and time t can be represented as:

C(x, z, t) = I(x, z, t)eiΦ(x,z,t) (2.1)
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where I(x, z, t) is the amplitude component andΦ(x, z, t) is the phase component. The OMAG

flow signal, FlowOMAG(x, z), is calculated by averaging the absolute differences between consec-

utive complex signals across N repeated B-scans:

FlowOMAG(x, z) =
1

N − 1

N−1∑

i=0

|Ci+1(x, z)− Ci(x, z)| (2.2)

where Ci(x, z) is the complex signal at the i-th B-scan.

OMAG is a highly sensitive OCTA technique that detects microcirculation in human tissues,

including the mouse brain, human skin, and retina. Its ability to visualize fine vascular structures,

such as retinal capillaries, choriocapillaries, and radial retinal capillaries, has proven valuable in

distinguishing diseased eyes from normal ones and detecting disease development and progres-

sion.

OCTA’s clutter rejection capabilities further enhance its reliability in detecting flow. Advanced

filtering techniques address clutter from static tissues and motion artifacts, which is more suitable

for small vessels. Overall, OCTA represents a powerful and non-invasive approach for imaging

vascular structures, with versatile algorithms like OMAG driving its applicability in visualizing

dynamic microcirculatory systems in the body.

Figure 2.1: Illustration of an OCT A-scan along a blood vessel showing static and dynamic regions. Posi-
tions 1 and 2 represent static tissue above the vessel, while positions 3 and 4 indicate blood flow
within the vessel. Position 5 represents static tissue below the vessel. The plot on the right shows
the OCT signal over time for each position, with the central region corresponding to blood flow
marked in red, displaying higher fluctuations than the static regions.[52]
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2.1.1 Eigendecomposition-based OpticalMicroangiography (ED-OMAG)

The interference signal of one OCT scan can be expressed as:

I(t, k) = S(t, k)·E2
R+2S(t, k)·ER

∫
a(z, t) cos(2kn(t)z) dz+2S(t, k)·ERa(zl) cos[2kn(t)(zl − vt)]

(2.3)

where I(t, k) is the detected light intensity at time t and wavenumber k, ER is the light reflected

from the reference mirror, S(k) is the spectral density of the light source at k, n is the refractive

index of the tissue, z is the depth coordinate, a(z) is the amplitude of the backscattered light, zl

is the depth from which the light is backscattered, and v is the velocity of moving particles, such

as blood cells, at depth zl.or can be written as the simplified version:

I(k) = IDC + IAC cos(2knz) (2.4)

In this simplified expression, the DC term IDC corresponds to the signal from static tissue struc-

tures, and the oscillating term IAC cos(2knz) represents the interference from the backscattered

light. The AC term encodes depth information and is sensitive to moving particles, like red blood

cells.

To analyze blood flow and distinguish it from clutter (static tissue signals), we look at the com-

plex OCT signal X formed by repeated A-line acquisitions at a specific depth. Each sample X

contains information about the amplitude and phase, which are sensitive to motion (e.g., blood

flow). SinceX is Gaussian, it is characterized by its correlation matrixRx ofX characterizes these

signals and is defined as:

Rx = E[XXH ] (2.5)

Where E is the expectation, and XH is the Hermitian transposed X . In practice, the expectation

E is approximated by averaging across multiple depth locations or repeated measurements.
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Assuming that clutter is the dominant signal and that its characteristics are similar along the

depth, we can estimate the clutter correlation matrix R̂c by spatially averaging the correlation of

the received signals along the axial direction:

R̂c =
1

M

M∑

i=1

XiX
H
i (2.6)

Where Xi the complex OCT signal from the i-th depth location M is, the number of depth

locations used for averaging is ()H denoted by the Hermitian transpose. This spatial averaging

helps estimate the clutter component by capturing stable signal characteristics across the depth,

effectively filtering out the dynamic blood flow component.

The resulting correlation matrix R̂c represents the clutter, which can then be decomposed

through eigendecomposition to further isolate and remove these static components from the sig-

nal. The estimated correlation matrix R̂c is then decomposed into its eigenvalues and eigenvectors:

R̂c = EΛEH (2.7)

whereE = [e1, e2, . . . , eN ] is theN×N unitary matrix of eigenvectors, andΛ = diag{λ1, λ2, . . . , λN}

is the diagonal matrix of eigenvalues with λ1 ≥ λ2 ≥ · · · ≥ λN = σ2
n.

To retrieve flow information, multiple A-lines are acquired from the same location. The obser-

vationX can be modeled as the sum of three independent zero-mean complex Gaussian processes:

a clutter component c, a blood component b, and additive white noise n:

X = c+ b+ n (2.8)

Since X is Gaussian, it is characterized by its correlation matrix Rx:

Rx = Rc +Rb + σ2
nI (2.9)
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where Rc is the clutter correlation matrix, Rb is the blood correlation matrix, σ2
n is the noise

variance, and I is the identity matrix. Assuming that the clutter space is spanned by the first K

eigenvectors, an eigenregression filter is applied to the received signal to remove the clutter com-

ponents:

FlowOMAG =

(
I −

K∑

i=1

eie
H
i

)
X (2.10)

FlowOMAG is the signal obtained after removing the clutter through eigendecomposition-based

filtering, which now predominantly contains flow information from moving particles, such as red

blood cells, while minimizing interference from stationary tissue structures. The term
∑K

i=1 eie
H
i

represents the projection matrix onto the subspace spanned by the first or second K eigenvectors

associated with the clutter, depending on the number of repeats collected and the quality of the

data.

2.2 Optical Coherence Tomography Velocimetry

2.2.1 Combining ED-based Statistics with the Autocorrelation

Function

The fluctuation of flow frequency in the OCT complex signal is influenced by flow vectors, such

as flow direction and speed. The power spectrum of the OCT complex signal detected from vessel

flow can be obtained by applying the Fourier transform to the autocorrelation function. Accord-

ing to Wiener-Khinchine’s theorem, the relationship between the autocorrelation functionR(τ)

and the power spectrum P (ω) is given by:

P (ω) =

∫ ∞

−∞
Rx(τ)e

−iωτ dτ (2.11)

where τ represents the correlation time in the autocorrelation function. The maximum and mini-

mum range for velocity measurement depends on the integration of the scan time and the interval
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between each B-frame scan. The mean angular frequency of the frequency spectrum can be esti-

mated from the autocorrelation values at τ = 0 and τ = T as follows:

ω̄ = ϕ̇(0) =
ϕ(T )

T
(2.12)

Since the eigendecomposition of flow fluctuation is analogous to the Fourier transform, each

eigen component carries a specific mean frequency. The lag-one autocorrelation value for each

eigenvector can be used to estimate the center frequency for the k-th eigenvector. The estimated

central frequency f̂c is calculated as:

f̂c =
1

2π
ϕ(T ) =

1

2π
arg(Ry(1)) (2.13)

where f̂c is the central frequency associated with each eigen component k, and Ry(1) is the lag-

one autocorrelation value for the k-th eigenvector. For ND eigenvectors, Ry(1) is defined as:

Ry(1) =
1

ND − 1

ND−2∑

m=0

e∗k(m)ek(m+ 1) (2.14)

Thus, the central Doppler frequency ω̄ can be obtained by taking the weighted average of each

frequency with its corresponding spectral band information:

ω̄ =
1

P

∫ π

−π
ωG(ω) dω (2.15)

where G(ω) is the spectral band information of each eigenvector, which is also represented by its

eigenvalue.

2.2.2 Phantom Studies

2.2 illustrates the spectral band information and the estimated mean frequency for each eigen-

decomposed component relative to the selected signal. For static tissue, the first principal compo-

nent typically shows high spectral band energy but has a low central frequency estimation ( 2.2)d.
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Subsequent components from static signals may reflect noise artifacts, leading to non-zero cen-

tral frequency estimations but with minimal spectral band energy. For low signals, the central

Doppler frequency estimated for the first to third components aligns closely with the actual mean

flow frequency, with most of the eigen spectral energy concentrated along these eigenvectors, cor-

responding to Doppler shifts indicative of motion ( 2.2). In contrast, the spectral band energy for

noise signals tends to spread across other eigenvalues, resulting in a randomly distributed eigen

spectral power across components ( 2.2). This random phase shift due to time variation can cause

noise signals to resemble flow signals due to the rate of phase change.

Figure 2.2: "Analysis of central doppler frequency and power distribution across different signal types in
OCT imaging. (a) OCT structural intensity image, (b) mean frequency map. The highlighted
red boxes in (a) and (b) indicate regions of interest for different signal types. The measured
central Doppler frequency (left) and corresponding power (right) of voxels related to different
types of signals: (c) flow signal, (d) static structure, and (e) noise.

In this study, we evaluated the capability of OMAG velocimetry with Doppler in detecting

flow characteristics within a microfluidic phantom perfused with a 1% Intralipid solution. The

microfluidic phantom consisted of three distinct channels, representing various flow conditions

that mimic microvascular structures.

Figure 2.3 provides a detailed comparison of structural OCT, OCTA flow signal, Doppler ve-

locity, and OMAG velocimetry images. Panel (a) shows the structural OCT image, which high-

lights the physical layout of the microfluidic channels, with clear boundaries of each channel.
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Panel (b) displays the OCTA flow signal, which indicates the presence and distribution of flow

within the channels, providing an overview of flow-related intensity across the microfluidic struc-

ture.

In panel (c), the Doppler velocity signal reveals the absolute velocity within the channels, offer-

ing quantitative information about flow speed. However, phase-wrapping artifacts are evident,

especially in regions with high flow velocity, which complicates precise velocity measurements.

Panel (d) shows the OMAG velocimetry signal, which enhances flow detection by compensat-

ing for phase-wrapping issues observed in Doppler imaging, allowing for clearer differentiation

between low and high flow areas.

The normalized signal profiles of OMAG flow intensity, velocimetry, and Doppler velocity

are presented in panel (e). The profiles demonstrate a consistent pattern across the three chan-

nels, with the velocimetry signal showing a smoother and more continuous profile compared to

Doppler velocity, which exhibits fluctuations due to phase-wrapping artifacts (highlighted by yel-

low arrows). These artifacts are likely caused by the limitations of Doppler imaging in handling

high-flow velocities, which velocimetry mitigates through enhanced signal processing.

Overall, the results indicate that OMAG velocimetry provides a reliable and artifact-free repre-

sentation of flow in microfluidic channels, effectively differentiating between various flow veloc-

ities across the channels. The findings support the utility of OMAG velocimetry in applications

requiring precise flow visualization, particularly in complex microvascular environments.

The ability of OMAG velocimetry to quantify flow velocity was evaluated using a plastic tube

phantom perfused with 1% Intralipid solution and whole blood. The cross-sectional OMAG im-

age in Figure 2.4(a) shows the structure of the plastic tube, with concentric circles indicating the

center for radial averaging measurements.

Figures 2.4(b) and 2.4(c) present the velocity cross-sectional images of the tube perfused with

1% Intralipid at two different flow rates, 0 µm/s and 200 µm/s, respectively. The color-coded

images illustrate a clear difference in velocity distributions across the tube, with higher flow rates
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Figure 2.3: Representation of the OCT, OCTA, velocimetry, and Doppler images of microfluidic channels
perfused with a 1% Intralipid solution. The cross-sectional images show (a) structural OCT,
(b) OCTA flow signal, (c) Doppler velocity signal, and (d) OMAG velocimetry signal of the
microfluidic flow phantom in the same cross-section. The three tube channels from right to
left represent the microfluidic channels’ first, second, and third inner branches. (e) Normalized
signal profile for OMAG flow intensity, OMAG velocimetry, and Doppler velocity, respectively.
The yellow arrows indicate suspected phase-wrapping artifacts from Doppler imaging.

resulting in a broader range of detected velocities. The OMAG velocimetry signal effectively cap-

tures the spatial distribution of flow within the phantom.

Figure 2.4(d) shows the normalized profile of OMAG vs. velocimetry signals along the central

depth of the tube. The observed data points were fitted using a parabolic (least square) fit, indi-

cated by the solid line. This parabolic profile demonstrates the characteristic flow velocity distri-

bution across the tube’s cross-section, with higher velocities near the center and lower velocities

near the edges, consistent with laminar flow behavior in a confined channel.

Finally, Figure 2.4(e) provides quantitative analysis by plotting the mean radial frequency against

the perfusion velocity for Intralipid and whole blood. The linear trend observed in both cases in-

dicates a strong correlation between mean frequency and flow velocity, demonstrating the effec-

tiveness of OMAG velocimetry in quantifying flow rates. The comparison between Intralipid and

whole blood also highlights the consistency of OMAG measurements across different perfusates,

with slightly higher frequencies observed for whole blood at comparable flow rates.

2.2.3 In vivo Studies: Skin Blood FlowRecovery

Additionally, a skin temperature recovery experiment tested the feasibility of OMAG velocime-

try. Capillary flow plays a crucial role in maintaining tissue metabolism. The suppression of lo-
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Figure 2.4: (a) OMAG cross-sectional image of a plastic tube perfused with 1% Intralipid, with a concentric
circle indicating the center for radial averaging measurements. The scale bar represents 25 µm.
(b) Velocity cross-sectional image of the plastic tube perfused with 1% Intralipid at 0 µm/s and
(c) at 200 µm/s. (d) Normalized profile of the OMAG and velocimetry signals along the depth
passing through the center of the plastic tube, with results fitted by a parabolic (least square)
fit, shown as a solid line. (e) Quantification of the mean radial frequency when the plastic tube
is perfused with Intralipid and whole blood at different perfusion rates, showing a linear rela-
tionship between mean frequency and perfusion velocity.

cal forearm temperature was observed in human tissue following cold stimulation applied with

imaging gel (Figure 2.5(a)). A local temperature recovery response was also observed over time

(Figure 2.5(b)).

The OCTA projection images before and during recovery are shown in Figure ??. Quantitative

analysis was conducted to assess vessel area density (VAD) throughout the recovery process. From

the OMAG maximum intensity projection, an increase in observable vessels correlating with skin

temperature recovery is evident, with the VAD showing an 85% increase from the cooled condi-

tion (16% ± 9%) to baseline (27%± 8%). A consistent trend of increasing cutaneous flow response

was observed across all volunteers (Figures 2.5(i) and 2.5(j)).

A map of the mean frequency (MF) of cutaneous flow on forearm skin was demonstrated for

the condition after cold gel stimulation and following a two-minute recovery. From the maximum

projection of the MF 3D volume, the capillary’s mean frequency before and after a four-minute
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recovery was visualized. MF quantification revealed a significant 52% increase in cutaneous blood

flow velocity between the cold gel-stimulated condition (18 ± 8 Hz) and recovery (25 ± 6 Hz).

Additionally, more vessels with lower MF values appeared in the recovered state, and a clear shift

in flow velocity distribution toward faster flow was observed (Figure 2.5(k)).

Figure 2.5: Demonstration of changes in forearm skin tissue after the application of imaging gel, visual-
ized through vasculature maps and quantified metrics. Panels (a) and (b) show representative
thermal images of the forearm color-coded by temperature, with (a) captured after application
of cold gel and (b) after a 4-minute recovery. OCTA projection images and OMAG velocime-
try projections of cutaneous blood flow are displayed in (c) and (e) following cold stimulation,
and in (d) and (f) after a 2-minute recovery, respectively. Panels (g) and (h) present mean and
standard deviation values for vessel area density (VAD) and mean frequency in the cooled and
recovered conditions, with statistical significance indicated by * (p < 0.05) and ** (p < 0.01).
Panels (i) and (j) show paired t-test plots illustrating individual differences in VAD and mean
frequency across cooling and recovery states for each participant. Panel (k) depicts the mean
frequency trend over time during the recovery period, highlighting dynamic changes in cuta-
neous blood flow.
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2.3 OCTOptical Attenuation Coefficient

The optical attenuation coefficient (OAC) is commonly used in various dermatologic applica-

tions, such as skin layer segmentation, assessing wound healing, and differentiating pathological

tissue [12, 50]. The attenuation of light in tissue can be described by the following equations:

I(z) = I0e
−2µz (2.16)

where I(z) is the OCT signal intensity as a function of depth z, I0 is the initial intensity at the

surface, andµ is the attenuation coefficient. Taking the natural logarithm of both sides, we obtain:

ln(I(z)) = ln(I0)− µz (2.17)

Letting ρ = ln(I0), we can express the equation in a linear form:

ln(I(z)) = ρ− µz (2.18)

where ρ represents the logarithmic initial intensity, and the attenuation coefficient µ can be cal-

culated as the derivative of I(z) with respect to z:

µ = −d ln(I(z))

dz
(2.19)

The primary challenge in calculating optical attenuation in Optical Coherence Tomography (OCT)

for dermatology, particularly in skin imaging, lies in accurately estimating the optical attenuation

coefficient (OAC) from OCT data.

2.3.1 Correcting for Focus Function and System Roll-Off

While several studies have focused on estimating the attenuation coefficient using different models

[12], the calculation of the attenuation coefficient in skin imaging, often neglects the influence of
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the focus function and system roll-off. This distortion can lead to either an overestimation or

underestimation of the attenuation coefficient, depending on the depth and characteristics of the

sample 2.6.

In an ideal scenario, the OCT signal would decay exponentially with depth due to the tissue’s

attenuation coefficient. However, the focus function introduces additional loss, causing the sig-

nal to decay more rapidly than the expected tissue attenuation. The focus function follows a

Gaussian-like profile due to light distribution at focusing optics. As light travels beyond the focal

plane, it diverges and reduces the system’s ability to collect backscattered photons. Focus function

would cause a substantial drop in signal strength after the focus region, resulting in a rapid fall off

of the OCT signal beyond this point.

Figure 2.6: The relationship between the focus function and diffusion theory, showing deviations at depths
where optical properties differ from theoretical assumptions. Figure adapted from [73]

To account for the focus function in OCT measurements, we define F (z) it as the confocal

point spread function, which describes the intensity distribution of a Gaussian beam as it propa-

gates through tissue. The CPSF can be expressed as:

F (z − zf ) =
1√(

z−zf
2nzR

)2
+ 1

(2.20)

where z is the geometrical distance from the tissue boundary, zf is the depth location of the

focus relative to the tissue boundary, zR is the Rayleigh length of the Gaussian beam incident on
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the sample, and n is the average refractive index of the medium along the beam path. This ex-

pression captures the beam divergence correction factor, ensuring that the attenuation coefficient

measurements are adjusted according to the focal properties of the OCT system. The factor 2

in the denominator, 2nzR, accounts for the increased Rayleigh length zR for a diffuse reflector

compared to a specular reflector.

As the beam penetrates deeper into the tissue, the signal intensity decreases due to the beam

divergence, which can lead to inaccuracies in the measured attenuation coefficient if not corrected.

The sensitivity roll-off, which describes how the system’s sensitivity decreases with depth, is also

an important factor to consider. This roll-off function, denoted as h(z − z0), is given by:

h(z − z0) = sinc

(
π(z − z0)

2zD

)
(2.21)

where z0 is the zero-delay position of the interferometer, zD = λ2

4n∆λ is the maximum imaging

depth, λ is the center wavelength, n is the average group refractive index, s is the ratio of spectral

resolution to sampling pitch, and∆λ is the spectral width. This roll-off model combines both the

finite sampling density of interference fringes and the finite spectral resolution, which together

affect the OCT signal as depth increases.

Incorporating the CPSF and sensitivity roll-off corrections allows for more accurate OCT mea-

surements by compensating for depth-related distortions in signal intensity. This correction is

essential for reliably estimating the attenuation coefficient across different tissue depths.

However, accurately mapping and correcting the focus function presents several challenges.

One major challenge is the depth dependency ofF (z); as the focal plane shifts deeper into the tis-

sue, the signal intensity decreases, introducing complexities in estimating F (z) accurately across

various depths. This depth dependency means that a single F (z) model may not be universally

applicable and may require adjustments depending on the tissue’s depth and optical properties.

Another challenge is the variability in sample properties, such as scattering and absorption, which

affect the beam profile differently across different types of tissues. This variability complicates the

development of a universal focus correction model that can be applied to diverse tissue types.
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2.3.2 Focus Function Correction Using Standard Correction

Using standards, such as polystyrene spheres with accurately known optical properties, can correct

the OCT signal using Beer’s law:

ln

(
i2(z)

i20(z)

)
= −2(µt − µt0)z + a (2.22)

where i2(z) is the OCT signal intensity as a function of depth z for the sample, i20(z) is the

OCT signal intensity as a function of depth z for the calibration suspension, a is a constant for

each A-scan dependent on the ratio of the OCT measurement between the sample and calibra-

tion suspension, and µt and µt0 are the attenuation coefficients of the sample and the calibration

suspension, respectively. This calibration process involves adjusting the OCT signal based on the

known optical properties of the samples, allowing for a more accurate estimation of the attenu-

ation coefficient. Using a calibration measurement in OCT measurements can ensure that the

attenuation coefficient is reliable and comparable between studies. Chapter 5 will include more

discussions.
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3 OCTAAssessment ofMicrovascular

Remodeling and Perfusion

Impairment inMyocardial

InfarctedHearts

Optical Coherence Tomography Angiography (OCTA) enables high-resolution,

non-invasive imaging of cardiac microcirculation without dyes or genetic labeling, of-

fering a novel approach to understanding microvascular responses for ischemic heart

disease.

Capillary on the heart is responsible for 75% of myocardial blood flow. Measuring heart mi-

crocirculation is critical despite the many challenges involved because it plays a vital role in un-

derstanding and addressing myocardial infarction (MI) and post-MI recovery. Microcirculatory

dysfunction remains a significant barrier to full recovery. Even with successful revascularization

of the larger coronary arteries, inadequate perfusion at the microvascular level can lead to per-

sistent ischemic damage, heart failure, and, ultimately, increased morbidity and mortality. This

"no-reflow" phenomenon and subsequent microvascular impairment underscore the necessity of

measuring and understanding microcirculation to improve patient outcomes and develop new

therapeutic strategies for limiting ischemic-reperfusion (IR) injury.

The journey to effectively image the heart’s microcirculation has evolved through several pi-

oneering phases, each marked by technological advancements and an increasing understanding
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of the heart’s microvascular dynamics. Initial studies in the late 1960s and 1970s focused on the

anatomical and physiological aspects of coronary microvasculature, with researchers employing

crude and labor-intensive techniques to capture static images of the beating heart. These early

efforts were limited by the heart’s deep anatomical location, high motion, and low transparency,

making real-time imaging challenging [91].

In recent years, high-resolution imaging tools like laser scanning confocal microscopy, spinning

disk confocal microscopy, and multiphoton microscopy have enabled real-time observatiocoro-

nary microcirculation observation in diseased states. These techniques allow for precise visual-

ization of red blood cell velocities, immune cell infiltration, and microvascular perturbations in

response to ischemia and reperfusion. Despite these advancements, current imaging tools still face

limitations, such as the inability to directly visualize capillaries smaller than 200μm and accurately

quantify microvascular flow in clinical settings.

The importance of measuring heart microcirculation builds directly on the foundational con-

cepts of Optical Coherence Tomography (OCT) and its applications discussed in previous chap-

ters. Earlier, this thesis explored how OCT and its advanced modalities, such as OCT Angiog-

raphy (OCTA), offer high-resolution imaging and quantitative assessments of microvascular net-

works. This chapter addresses the critical role of heart microcirculation in understanding and

managing MI and its consequences. As previously discussed, OCTA’s capability to visualize cap-

illary networks and measure blood flow velocity provides an essential tool for examining microvas-

cular health. This chapter expands the understanding the "no-reflow" phenomenon and ischemia-

reperfusion injury with OCTA as a novel imaging modality.
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3.1 QuantifyingMicrovascular Structure in Healthy and

Infarcted RatHearts Using Optical Coherence

Tomography Angiography

Myocardial infarction (MI) is a life-threatening medical emergency resulting in coronary microvas-

cular dysregulation and heart muscle damage. One of the primary characteristics of MI is capillary

loss, which plays a significant role in the progression of this cardiovascular condition. In this study,

we utilized optical coherence tomography angiography (OCTA) to image coronary microcircu-

lation in fixed rat hearts, aiming to analyze coronary microvascular impairment post-infarction.

Various angiographic metrics are presented to quantify vascular features, including the vessel area

density, vessel complexity index, vessel tortuosity index, and flow impairment. Pathological differ-

ences identified from OCTA analysis are corroborated with histological analysis. The quantitative

assessments reveal a significant decrease in microvascular density in the capillary-sized vessels and

an enlargement for the arteriole/venule-sized vessels. Further, microvascular tortuosity and com-

plexity exhibit an increase after myocardial infarction. The results underscore the feasibility of us-

ing OCTA to offer qualitative microvascular details and quantitative metrics, providing insights

into coronary vascular network remodeling during disease progression and response to therapy.

3.1.1 Introduction

Heart diseases remain as the leading cause of death worldwide [66],[6]. A single myocardial in-

farction can kill 25% of the left ventricle’s cardiomyocytes in a few hours, leading to scar tissue

formation and a decline in cardiac function with very limited regeneration [104] –[18].

The microvasculature in the heart microcirculation, comprising capillaries, arterioles, and venules,

plays a fundamental role in coronary blood flow, oxygen transfer, and microvessel pressure distri-

bution [8]. Microvascular morphology mirrors the demand of myocardial tissue and infarction

triggers substantial structural changes in vascular architecture and the surrounding myocardium

[15],[19],[183]. Post-ischemic recovery necessitates re-establishing coronary blood flow via angio-
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genesis and arteriogenesis to replenish nutrients and oxygen to the myocardium [19],[18],[183],[42],

but the remodeled coronary vessels exhibit enlargement and tortuosity [15],[44].

Ex vivo imaging in rat heart models offers insight into the critical anatomical and functional

characteristics of coronary circulation remodeling post-ischemic injury, which cannot be achieved

through in vivo organ imaging. Challenges persist in characterizing the complex hierarchical ar-

chitecture of the coronary vasculature and changes in vessel morphology (e.g., diameters, lengths,

curvatures, and branching) and perfusion. Currently, a robust angiographic imaging method is

needed to reveal changes in vascular structures at various scales and provide essential hemody-

namic and perfusion information after acute myocardial infarction.

Histology examination via microscope is considered the gold standard for identifying patho-

logical morphology changes. Light-based imaging techniques such as confocal microscopy, multi-

photon microscopy, and light sheet fluorescent imaging allow for 3D visualization of microvas-

culature with capillary scale resolution (0.3∼1 μm) but come with numerous drawbacks. Confo-

cal microscopy and light sheet fluorescent imaging have limited light penetration depth in tissue,

relying on laborious preparation involving complex tissue-clearing protocols [9]. Moreover, arti-

facts are often introduced during tissue sectioning, fixation, processing, embedding, staining, and

mounting procedures [166]. Tissue sectioning also increases difficulties in maintaining vascular

integrity in a relatively large field of view. Additionally, multiphoton microscopy faces a signifi-

cant challenge due to its slow imaging speed and limited field of view. Consequently, acquiring

accurate localized images of functional microvascular and quantifying their characteristics can be

challenging using microscope-based imaging techniques.

Optical coherence tomography-based angiography (OCTA) has emerged as a non-invasive optical-

based imaging tool capable of generating blood flow images with capillary-level resolution [173],[209].

While OCTA was originally developed for and is primarily used in ophthalmic applications [27],[51],

recent efforts have demonstrated its potential as a valuable tool for studying biological processes

across various organs. This is attributed to its fast imaging speed (typically between ∼30 seconds

per 3D scan for a clinical system) [188], user-friendly operation, relatively wide field of view (mil-
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limeter scales) [163], high resolution (μm-order), and high penetration depth (millimeter scale).

OCTA maintains sample and vessel integrity, eliminating potential artifacts during sample prepa-

ration, ensuring the generation of reliable microvascular images, and facilitating accurate quan-

tification.

Despite the existing research on cardiac tissue morphology, there are very few quantitative eval-

uations of the microvasculature, primarily due to limitations in required spatial resolution, depth

information, and the necessity for vascular network integrity. In this study, we employed a com-

prehensive OCTA analysis to visualize and quantify the coronary microvascular morphology in-

formation of both healthy and infarcted rat hearts, fixed in diastole with retrograde perfusion. We

present a framework for image processing and establish several quantitative metrics with high re-

peatability related to vessel morphology and structure enabling a quantitative comparison among

three distinct conditions: healthy (sham) hearts, infarct regions of hearts with induced ischemia,

and unaffected regions in infarcted hearts. Specifically, we utilized vessel area density of the cap-

illary (V ADC ) or arteriole/venule networks (V ADL), vessel complexity index (VCI), vessel tor-

tuosity index (VTI), and flow impairment density (FID), and we demonstrated the consistency

between OCTA imaging and histological analysis. The repeatability of these metrics was exam-

ined with OCTA scans from the same heart. This approach obviates the need for physically sec-

tioning the heart tissue or utilizing tissue-clearing techniques, which are standard requirements

in existing microscopic imaging methods. Overall, our work demonstrates the feasibility of com-

bining OCTA with retrograde heart perfusion to identify quantifiable differences in microscale

morphological shifts induced by infarction. This approach may become critical when considering

the application of this methodology in assessing therapeutic tissue-engineered vascular constructs.
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3.1.2 Methods

Heart Preparation

All animal procedures were approved by the University of Washington Institutional Animal Care

and Use Committee (IACUC, protocol #2225-04) and performed in accordance with US NIH

Policy on Humane Care and Use of Laboratory Animals.

Eight-week-old male Sprague-Dawley rats (approximately 250-300 g, n=6) were randomly cho-

sen to undergo surgery to induce a myocardial infarction as previously described [143], [14]. Briefly,

rats were anesthetized, intubated, and mechanically ventilated. The heart was exposed via a tho-

racotomy, then the left anterior descending coronary artery (LAD) was temporarily occluded for

60 minutes to cause ischemia by threading a suture around the LAD and tying the suture around

flexible tubing. At 60 minutes, the artery was reperfused by cutting the suture. For anesthesia,

two intraperitoneal injections of 68.2 mg/kg ketamine and 4.4 mg/kg xylazine were given, one

before the surgery and another after ischemia was induced.

Infarcted hearts (n=6) were then harvested four weeks after the ischemia/reperfusion surgery,

along with n=6 hearts from an age-matched control group that did not undergo surgery prior to

tissue harvest. For euthanasia, an intraperitoneal injection of 1.5 mL Euthasol was administered.

Once the rats were no longer breathing and were not responsive to a toe pinch, the heart was ex-

posed by opening the chest. Before removing the heart, two solutions were circulated through the

heart by injecting the solutions into the inferior vena cava while the heart was still beating. First,

50 U heparin was injected to prevent thrombosis, and then supersaturated potassium chloride

was injected to arrest the heart in diastole. After excision, a blunt tip needle was used to cannulate

the aorta and allow for retrograde perfusion. Then, the heart was perfused with PBS containing

4 mg/L Papaverin and 1 g/L adenosine to dilate the vasculature. Immediately following, the heart

was perfused with 4% paraformaldehyde at a constant pressure of 100 mm Hg for 10 minutes. The

hearts were further fixed in 4% paraformaldehyde overnight before being rinsed with and stored

in PBS until imaging.
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Figure 3.1: Experimental setup and imaging processing. (a) A representative rat heart fixed to a 3D printed
mount with retrograde perfusion of Intralipid solution. (b) Representative white light image
overlaid with a corresponding en face OCTA image. (c, d) Representative B-scan images of
OCT structure and OCTA blood flow were acquired from the position marked by the dotted
line in (e), where penetrating vessels can be appreciated. (e) Pseudo-color-coded OCTA projec-
tion image indicating the depth of vessel information. (f – i), Demonstrations of en face OCTA
projection slices obtained from depth-resolved slabs defined by (f) 1-50 μm, (g) 51-100 μm, (h)
101-150 μm, and (i) 151-200 μm, respectively.

During imaging, 10% Intralipid solution (diluted in PBS by volume) was perfused through the

coronary vasculature via retrograde perfusion through the cannulated aorta to provide a light-

scattering contrast mechanism [14]. The Intralipid in the heart was allowed to flow under a stable

pressure (100 mmHg) for 10 minutes prior to imaging to ensure microvascular perfusion and

the pressure was maintained at 100 mmHg throughout the imaging process. A 50 μL drop of

glycerol was applied to the tissue surface 10 minutes prior to imaging as an index-matching agent to

minimize the effect of surface specular reflection on the final results [189] –[190]. During imaging,
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each sample was placed at the center of a Petri dish using a 3-D printed mount to prevent sample

motion (Fig. 1a).

Swept-Source Optical Coherence Tomography and Imaging Protocol

An SS-OCT imaging system that provided flexible focus alignment was used in this study, which

has been described in detail elsewhere [163]. Briefly, the system used a vertical-cavity surface-

emitting (VCSEL) swept laser source (SL1310V1-10048, Thorlabs Inc., Newton, NJ) with an

A-scan speed of 200 kHz, a central wavelength of 1310 nm, and a spectral bandwidth of 100 nm,

providing an axial resolution of ∼10 μm. The imaging probe incorporated a 5× objective lens

(LSM03, Thorlabs Inc., NJ, USA) delivering a lateral resolution of ∼20 μm and a depth of fo-

cus of ∼130 μm (defined by the Rayleigh length). The sample arm included a built-in camera

to provide a concurrent white-light image co-aligned with the OCT field of view (FOV) for ease

of imaging. The imaging probe was fixed on a stable support stand with 3 degrees of freedom to

allow for crude and fine (micrometer-level) focus alignment during imaging. This flexible focus-

ing approach was specifically adopted to address and compensate for the challenges posed by the

heart’s curved surface geometry.

For the infarcted hearts, we selected and scanned four regions of interest near the left anterior

descending coronary artery (area local to the infarct event) and four remote regions on the poste-

rior side of the heart. The purpose of selecting remote regions in our study was to identify whether

alterations in microvasculature are primarily localized or if there are systemic responses affecting

multiple regions of the heart. For the healthy hearts, we selected and scanned four regions simi-

lar to those corresponding to the infarct and remote regions of the infarcted hearts. Each session

consisted of a co-aligned white light image (∼12 mm × 12 mm) followed by a 4 mm × 4 mm × 1

mm (x, y, and z direction) OCTA 3D scan (Fig. 1b). The white-light image from each scan session

provided anatomical markers used to verify regions for comparison of OCTA images between

groups.
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In all acquisitions, a B-M mode scanning protocol was performed where 800 A-scans were ac-

quired along the X-direction (fast-scan axis) to compose a single B-scan and then repeated at the

same location to create an MB-scan at 200 fps. Eight repeat B-scans were taken at each location to

facilitate the reconstruction of OCTA microvascular and OCT structural images [51]. This B-M

scan protocol was consecutively performed at 800 equal-spaced locations along the Y-direction

(slow-scan axis) to complete a 3D scan, which took a total of ∼32 seconds.

OCTA Imaging Processing

The mean OCT intensity B-scan image was taken for each 8-repeated B-frames and then log-

compressed to reconstruct a tissue structural image based on light scattering (Fig. 1c). Due to the

scattering and absorption property of light in the cardiac tissue, the light was nearly attenuated to

below the noise floor at depths greater than 400 μm in all samples (Fig. 1c).

Temporal changes across the eight repeated B-scans were used to reconstruct vascular struc-

tures using the eigen decomposition-based optical microangiography (ED-OMAG) method to

create OCTA images [197]. ED-OMAG uses eigen decomposition statistical analysis as a high-

pass frequency filter to remove the static signal that is related to motionless tissue. Fig. 1d is a

representative OCTA B-scan image corresponding to 5.1c.

To quantify the vascular features, we followed a strategy commonly used in clinical ophthalmol-

ogy, where en face images generated from 3D scans were often used to quantify retinal vascular

networks ( 5.2). To generate the OCTA en face image, a user-guided semi-automated segmenta-

tion software was applied to the 3D OCT structural data to identify the tissue surface [194]. The

en face image was generated from the 3D vascular image using the maximum-intensity projec-

tion of the flow signals. Depth-resolved mapping of microvasculature relative to the tissue surface

within 200 μm depth is shown using a pseudo-color-coded projection image ( 5.1e), where the

superficial vessels are colored in orange and the deeper vessels are colored in blue.

The capillary networks are substantially dense in the myocardium, requiring the use of thin

segmentation layers (or slabs) to separately visualize them. Figs. 1 f-i shows representative depth-

47



Figure 3.2: Illustration of the framework for quantification assessment, consisting of 4 blocks, i.e. “input”,
“image processing”, “quantification of vessels 20 μm”, and “capillary quantification”, respec-
tively, to derive the quantitative vessel area density (VAD), vessel complexity index (VCI), vessel
tortuosity index (VTI), and flow impairment density (FID) according to the processing steps
described in section II.D. (a) The input en face vascular image that is quantified. (b) binary
map representing the vessels of 20 μm. (c) binary map representing capillary vessels. (d) vessel
skeleton map from (d), and (e) vessel perimeter map from (d).

Figure 3.3: Visual demonstration of capillary loss in the 3D rendered OCTA images obtained from (a)
infarct region, and (b) healthy region.

resolved en face projection images for depth slabs of 1-50 μm, 51-100 μm, 101-150 μm, and 151-

200 μm below the heart tissue surface. A dense capillary bed could be well-appreciated across

different depths. The en face image projected from 50 μm below the surface of the tissue was used

for further quantification (Fig. 1f) due to the limited depth of focus in the system as well as the
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surface curvature of the tissue. The relatively small axial range for producing projection images

ensures most vessels remain within or close to the focal plane of the objective lens and provides

consistent SNR and lateral resolution between scans [17].

Vascular Quantification

In this study, we employed a 20 μm cut off to distinguish capillaries (or small vessels) from rela-

tively larger vessels. This choice was empirical and considered reasonable for the following reasons:

1) it encompasses the typical size range of capillaries, which generally falls between 5 and 10 μm,

while excluding larger vessels, and 2) the lateral resolution of the imaging system is approximately

20 μm. This distinction is crucial for analyzing microvascular networks and understanding the

perfusion dynamics within myocardium tissue. It is important to note that the specific cutoff

value may vary depending on the context, the imaging system, and the characteristics of the tissue

under investigation. With this consideration, we proposed to use five vascular metrics:V ADC ,

V ADL, VCI, VTI, and FID to quantify vessel morphological structures based on an automated

processing scheme that was clinically validated in ophthalmic imaging ( 5.2) [20],[5]. The quan-

tification workflow is shown in 5.2.

Briefly, the en face image generated from a superficial 50 μm thickness slab ( 5.2a) was passed

through an image processing block, as shown in 5.2, to generate a series of binary images repre-

senting different characteristics of the vessel appearance for the later quantifications. To achieve

this, the original image ( 5.2a) was first normalized/scaled to a dynamic range from 0 to 1 (0 to 255

digital depth). Subsequently, a combination of Otsu’s thresholding method and Hessian-based

Frangi vesselness filtering [65] was applied to generate a first binary image, representing the vessels

with diameters greater than 20 μm (binarized larger vessel map, 5.2b). From this binary map, two

additional binary maps of vessel skeleton ( 5.2d) and vessel perimeter ( 5.2e) were generated fol-

lowing the methods described in [181], where the vessel skeleton map represents the vessel lengths

and vessel perimeter map indicates the perimeters of the vessels larger than 20 μm within the slab.
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Lastly, a binary map that represents all the capillary vessels ( 5.2c) was generated from the bina-

rized image of the original image (i.e., 5.2a) with the larger vessels ( 5.2b) removed.

The vessel area density of capillaries (V ADC , e.g., from 5.2c) and of vessels with a diameter

greater than 20 μm (V ADL, e.g. from 5.2b) was calculated by the ratio between discrete pixels

occupied by vessels to all pixels in the binary OCTA image.

The vessel tortuosity index (VTI) was determined from the skeletonized vessel map of large

vessels ( 5.2d), where the skeletonized vessels were separated into multiple segments by each node

and endpoint for VTI calculation. The skeletonization process and endpoints and branch point

extraction were obtained with the built-in MATLAB function “bwmorph.” The VTI value was

calculated using a simple arc-to-chord ratio method, where the length of the curve between two

endpoints of vessel branches was divided by the length of the curvature of each vessel between

subsequent nodes or endpoints. The ‘arc’ to ‘chord’ ratio was quantified for each vessel segment

separately. Finally, the global average VTI from all segments was calculated from the average of the

local curve length of the nth vessel segment between two endpoints (representing the arc length),

and the Euclidean distances between the ends of the nth vessel branch using the discrete locations

of each node or endpoint of the vessel in the X- and Y- coordinate space. The vessel complexity

index (VCI) was calculated by the ratio of vessel perimeter ( 5.2e) to vessel area ( 5.2b) of each

vessel greater than 20 μm. The VCI is a unitless index that estimates the vessel structures’ additive

perimetric complexity. Additive means that the complexity of the shape is equal to the sum of

the single shape complexities measured separately, where a single circle is the simplest shape that

has a complexity of 1. This method has been demonstrated to show complexity characteristics

in retinal vasculatures [181]. The flow impairment density (FID) was evaluated where the pixels

without OCTA flow signal (Qij) were used to calculate the total no-flow regions. As such, the

FID was calculated by the percentage of discrete pixels that do not have vessels in the binary OCTA

image.

These five quantitative metrics above were quantified from the 4 mm × 4 mm OCTA en face

images captured from each group. The mean and standard error of the mean (SEM) were cal-
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culated for each condition: healthy, ischemic, and remote regions of the hearts. The differences

between infarct and control regions were estimated using a nested one-way ANOVA to quantify

variations in the mean values among each group (alpha<0.05). The null hypothesis for the nested

one-way ANOVA test is defined as there is no difference in the mean value between the four hearts

across the three groups. It is noteworthy for the healthy hearts that there was no significant dif-

ference in any of the metrics assessed above between the regions similar to those corresponding to

the infarct sites and the remote regions, as expected.

Repeatability Testing

A repeatability study was conducted to determine each metric’s reliability regarding imaging and

focusing variations, using a series of scans from the same heart around similar regions. To perform

the test, the scans were taken after removing the sample from the scanning probe and re-aligning

it with the probe to explore how readjusting the sample may affect the quantification. The entire

realignment procedure was repeated three times, resulting in 3 individual scans, each performed

by the same user, to examine scanning and experimental variability. The coefficient of variation

between the 3 scans was then calculated to express the repeatability of the quantification algo-

rithm.

A small coefficient of variance (<5%) was determined for each metric when tested over multiple

scans with overlapping FOV and slightly different focus positions. As such, quantitative metrics

compared between samples and different imaging regions with coefficients of variances represent

morphological changes independent of user setup.

Histology

Following OCTA imaging, each heart was sliced into 2 mm-thick sections from the apex and

processed for paraffin embedding. Further, 4 μm sections were cut and stained for picrosirius

red/fast green to visualize the infarcted regions or for Griffonia simplicifolia lectin (GSL) to vi-

sualize vascular lumens. For GSL staining, slides were blocked with 1.5% normal donkey serum
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Figure 3.4: Representative white light and en face OCTA images of the cardiac microvasculature in (a-c)
healthy, (d-f) infarct and (g-i) remote regions. (a, d, g) The regions marked with yellow boxes
in the white light images indicate the scanned regions. (b, e, h) Depth-resolved en face OCTA
images with depth information coded with colors shown in the color bar. (c, f, i) Represen-
tative cross-section OCTA images at the positions marked as dashed white lines in (b, e, h),
respectively.

followed by sequential staining with GSL (Vector L-1100-5, 8 μg/mL), goat Ab to GSL (Vector

AS-2104, 1:100), and a fluorescent secondary antibody. The infarct size was assessed from picrosir-

ius red/fast green staining. The histological vessel area, density, and size were quantified with a

custom MATLAB code that analyzes confocal microscopic images of GSL-stained slides. Statis-

tical analysis (ANOVA) was used to determine the significance (alpha< 0.05) between groups.
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Figure 3.5: Quantification of vessel density. (a, b, c) Representative en face OCTA images of (a) healthy, (b)
infarct, and (c) remote regions, respectively. (d, e) Quantification of vessel area density of (d)
capillaries (<20μm) and (e) arteriole/venule-sized vessels (>20μm) as a percentage of total scan
area. (f) Quantification of FID as a percentage of total area. The mean (± SEM) of each group
was shown in black. The mean (± SEM) for each individual animal was shown in color with
infarct and remote regions on the same heart shown in the same color. *, **, and **** represents
statistical significance of p <0.05, 0.01, and 0.0001 correspondingly.

3.1.3 Results

OCTA ofHealthy and InfarctedHearts

3.13 demonstrates the visualization of the vascular information of an infarct ( 5.3a) and a healthy

( 5.3b) region from the 3D volume rendering, respectively. The left part of the 3D volume in

the infarct region ( 5.3a) shows a dramatic loss in capillary vessels exposing the vessels, with rela-

tively larger diameters in the tissue. To assess the differences in microvasculature between healthy

and infarcted rat hearts, we created 2D en face 4 mm × 4 mm OCTA images for visualization
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Figure 3.6: Quantification of the vessel structure. (a, b) Representative en face OCTA images from infarct
regions from 2 different hearts. Scale bar represents 1 mm. (d) Quantification of vessel tortuos-
ity index for larger vessels (< 20 μm). The mean (± SEM) of each group was shown in black.
The mean (± SEM) for each animal was shown in color with infarct and remote regions on the
same heart shown in the same color. *, **, and *** represents statistical significance of p <0.05,
0.01, and 0.001, respectively.

and quantification of coronary vasculature ( 5.4). For quantitative analysis, the en face image was

used to characterize vasculature morphology in each region in terms of its density and vessel size.

Qualitatively, the healthy-heart region ( 5.4b) and remote region of the infarcted heart ( 5.4h) were

not obviously different in microvascular structure, however, the infarct region showed a dramatic

reduction in microvascular density ( 5.4e).

We quantified the vascular density of both capillary (< 20 μm) and arteriole/venule-sized ves-

sels (> 20 μm) using VAD ( 5.5). The capillary VAD (V ADC , 5.5d) was approximately 19∼28%

lower in the infarct region (37% ± 2%) (mean ± SEM) than in both healthy (56% ± 3%) and re-

mote regions (65% ± 2%), however, VAD for arteriole/venule sized vessels (V ADL, 5.5e) was

4∼12% greater in the infarct region (37% ± 2%) than in healthy (29% ± 1%) and remote regions

(25% ± 1%). This indicates that post-infarct remodeling caused a shift towards larger-sized vessels,
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Figure 3.7: Demonstration of repeatability of OCTA imaging on an infarcted heart. (a-c) en face MIP
covering a scan area of 4 mm× 4 mm (d-f) cropped area that contains a common region in each
scan.

agreeing well with the observations described in the histological studies ( 3.10 b and d). In com-

bination, the total VAD (comprising of both V ADC and V ADL) was also 12∼17% lower in the

infarct regions (74% ± 4%) than in healthy (86% ± 3%) and remote regions (91% ± 2%). Addi-

tionally, we assessed the flow impairment (i.e., FID, 5.5f), which is the converse of the total VAD.

The FID was 6∼20% significantly larger, in the infarct region (23% ± 2%) relative to both healthy

(9% ± 1%) and remote regions (3% ± 1%). These results show that vascular remodeling following

myocardial infarction leads to more sparse vascularization with a shift towards larger vessels.

Next, we assessed vascular morphology after myocardial infarction using two metrics: VCI and

VTI. Visually, the vessels appeared more complex and tortuous in the infarct region than in the

healthy region. Figs. 6 a, and b. are two extreme examples of infarction regions with increased

microvasculature complexity and tortuosity. Quantitatively, the vessels within the infarct region

were more complex with VCI being significantly greater in the infarct region (828 ± 61.1) relative

to both healthy (469 ± 33.0) and remote regions (490 ± 61.5). Similarly, the vessels within the

infarct region (1.15 ± 0.002) were more tortuous, however, not significantly different compared

to the healthy (1.1 ± 0.003) and remote regions (1.1 ± 0.002). Interestingly, three of the six infarct

hearts showed an increase in vessel tortuosity. These two metrics quantitatively showed that the

microvascular morphology in the infarct region was generally more complex and more tortuous

compared to the undamaged and controlled region.
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It is noteworthy for the healthy hearts that there was no significant difference in any of the met-

rics assessed above between the regions similar to those corresponding to the infarct sites and the

remote regions, as expected. Taken together, these results indicates that OCTA quantification can

be used as an informative tool to assess differences in vascular density and morphology between

infarcted and healthy hearts.

Figure 3.8: Demonstration of repeatability of OCTA imaging on a healthy heart. (a-c) en face MIP cov-
ering a scan area of 4 mm × 4 mm. (d-f) en face image from the cropped area that contains an
overlapping region in each scan.

Repeatability Testing

The vessel quantification algorithm repeatability was tested using three scans from the same heart

that were cropped according to the local overlap ( 5.7 and 3.7). The testing results are tabulated

in Tables I and II, showing high repeatability of the quantification values with relatively small

coefficients of variance (with CV <% 5) within the three scans. The global quantitative OCTA

parameters have shown low variance regardless of different scans. The results also showed that

quantifications for both healthy and infarct hearts were relatively insensitive to differences in user

variability from scan to scan.

Histological Analysis

To validate OCTA, histology was performed on healthy and infarcted hearts following OCT

imaging. Picrosirius red/fast green staining was used to visualize healthy (stained green) and in-
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Table 3.1: Repeatability test on one infarct heart

V ADC V ADL VCI CTI FID
Scan 1 0.27 0.22 351.15 1.09 0.324
Scan 2 0.29 0.24 319.63 1.09 0.299
Scan 3 0.28 0.23 321.87 1.09 0.299
CV 0.027 0.035 0.053 0.004 0.048

farcted tissue (stained red for collagenous scar) in all hearts to ensure that imaged regions were ap-

propriately characterized. No scars (labeled in picrosirius red) in all hearts to ensure that imaged

regions were appropriately characterized. No scars are found in healthy hearts ( 3.9a). Infarcted

hearts contain large regions of picrosirius red+ stains, indicating infarcts were successfully gen-

erated by the ischemia/reperfusion surgery ( 3.9b). Additionally, histological analysis confirmed

that the infarcts reached the surface of the heart, the region imaged via OCTA, for all infarcted

hearts in this study. All infarcts were appreciable and similar in size (22.96 ± 2.54 % of the left

ventricle area). This staining confirms the state of the tissue and that infarcts were present where

imaged.

To visualize vascular patterns, histological sections were also stained for Griffonia simplicifo-

lia lectin (GSL), which labels the endothelium. The healthy and remote regions displayed many

small, dense lumens, whereas the vasculature in the infarct region appeared highly irregular and

void of many small capillaries ( 3.10a, b). Histological analysis confirmed that the blood vessels oc-

cupied a greater portion of the total area in healthy (15.13% ± 0.66%) and remote regions (14.37%

± 0.50%) when compared to infarct regions (7.46% ± 0.58%) ( 3.10c). There were 300% more

vessels per mm2 in the healthy (1122.64 ± 110.15 mm2) and remote (1027.13 ± 44.21 mm2) re-

gions compared to the infarct region (275.75 ± 14.48 mm2) ( 3.10d). Additionally, infarct regions

(281.83 ± 31.4 mm2) had greater average vessel sizes than in healthy (140.73 ± 5.69 mm2) and

remote regions (143.14 ± 4.65 mm2) ( 3.10e). These results confirm the trends of lower vascu-

lar density and larger vessel sizes demonstrated in the OCTA imaging, reaffirming the ability of

OCTA to capture relevant differences between infarcted and healthy vasculature.
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Figure 3.9: Histological analysis of vasculature by Griffonia simplicifolia Lectin (GSL) staining. (a, b) Con-
focal images of (a) healthy and (b) infarct regions stained for GSL in green. A dashed white line
marks the surface of the heart. Scale bar = 200 μm. (c-e) Quantification of (c) vessel area as a
percentage of total area, (d) vascular density, and (e) average vessel size per region. * represents
statistical significance of p <0.05 using ANOVA.

3.1.4 DISCUSSION

Myocardial infarction leads to deleterious vascular remodeling and is a risk factor for heart failure

[139],[165]. In this study, we have demonstrated the use of the OCTA technique to image vascu-

lar structural changes in ex vivo fixed rat hearts post-infarction. In comparison to other imaging

approaches, OCTA offers a user-friendly and fast imaging approach with high repeatability for

capturing complex 3D microvascular architecture with high resolution and a relatively wide field

of view. This makes it a valuable imaging tool for studying vascular remodeling. Importantly, the

technique provides detailed vascular maps with minimal damage to the cardiovascular networks,

preserving the heart’s condition for further quantitative analysis. In addition, OCTA also avoids

artifacts from tissue sectioning, staining, or clearing that other light-based imaging techniques

require.
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Figure 3.10: Histological analysis of healthy (a) and infarcted (b) hearts by picrosirius red/fast green.
Healthy tissue stains green, and infarcted tissue stains red. (c) Quantification of infarct size
as a percentage of left ventricle area.

Table 3.2: Repeatability test on one healthy heart

V ADC V ADL VCI CTI FID
Scan 1 0.65 0.18 129.86 1.10 -
Scan 2 0.60 0.19 126.52 1.09 -
Scan 3 0.63 0.20 131.52 1.09 -
CV 0.040 0.042 0.020 0.006 -

Histological analysis was employed to complement the OCTA measurements, confirming cap-

illary loss and increased remodeling in larger-sized vessels in infarct regions. Although histology

has been considered the gold standard for assessing pathological changes in various diseases, tradi-

tional 2D histology falls short of providing sufficient information to study the tortuosity and com-

plexity of the vasculature, leading to an incomplete understanding of vascular changes. OCTA,

on the other hand, maintains sample integrity while providing valuable morphologic informa-

tion about the vasculature, enabling a greater understanding of vascular architecture compared

to histology.

This study represents the first instance in which both capillary-sized vessels and larger vessels

were measured and analyzed separately using wide-field imaging with capillary-level resolution.

The quantification framework could offer valuable insights into microvascular remodeling during

the development and progression of ischemic heart disease.

Capillary loss is well-recognized in ischemic heart disease, resulting in reduced blood flow to

the infarct zone, including its residual heart muscle[68]. In the acute phase of infarction, many
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capillary endothelial and perivascular cells are killed by ischemic injury, contributing to the “no-

reflow phenomenon” of incomplete reperfusion [128]. In the chronic post-infarct phase, there is

a slow loss of microvessels through the poorly understood process of rarefaction [44], which can

contribute to the progression of heart failure. Such loss of microvasculature results in a longer dif-

fusion distance to nearby tissue and reduced accessibility for oxygen and nutrients in the infarcted

myocardium [10] –[47]. Our quantification matrices yielded measures of the massive capillary loss

and vascular remodeling in the infarct region. The decrease in capillary VAD and the increase in

FID both indicate severe structural damage to local coronary capillaries as a result of myocardial

infarction.

Microvascular remodeling also involves changes in the structure and function of the small

blood vessels that supply blood to the heart muscle. These changes can include the formation

of new blood vessels (angiogenesis), the dilatory growth of existing blood vessels (arteriogene-

sis), and the formation of collateral circulation (the development of new pathways for blood flow

around blocked or damaged blood vessels). The increase in V ADL for arteriole/venule-sized ves-

sels within the infarct region observed in this study suggested potential vessel expansion, consis-

tent with other studies [15].

Additionally, newly formed vessels within an infarct region may involve the growth and branch-

ing of blood vessels in a more random or tortuous manner. Coronary artery tortuosity has been

associated in clinical research with myocardial perfusion defects, impaired relaxation of the left

ventricle, hypertension, and chronic pressure overload hypertrophy; It is crucial to analyze this

tortuosity at the capillary level, as opposed to the level of larger arteries, due to its direct impli-

cations for nutrient exchange, oxygen provision, and angiogenesis about blood flow [123]. Re-

ducing capillaries elevates blood flow resistance in the upstream arterioles and arteries. Increased

resistance necessitates greater pressure to maintain blood flow, leading to arterial wall stress [16].

Over time, this resistance can result in arterial remodeling and the formation of tortuous vessels,

especially at turning points or bifurcations where hemodynamic forces are most irregular and pro-

nounced [117]. These tortuous vessels are less efficiently perfused and may contribute to ongoing
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myocardial ischemia. Vessel tortuosity remains one of the most common pathological biomarkers

in impaired myocardial hemodynamics and may be crucial to comprehending the development

mechanism of heart failure [74].

The findings from this study revealed a statistically significant increase in VCI within the infarct

region, suggesting that this metric holds promise as a reliable indicator for capturing alterations in

the geometric characteristics of coronary vasculature following myocardial infarction. In contrast,

noticeable morphological changes in the vasculature patterns would be challenging to distinguish

with tissue sectioning or without the large field of view provided by OCT imaging.

While the VTI metric is less sensitive to differences between the infarct region and healthy or

remote regions, three out of six hearts investigated in this study showed an increase in VTI in

the infarct region. This result may suggest that tortuous vessel reconstruction after myocardial

infarction might not occur consistently. Indeed, even in the animals where it occurred, tortuosity

was spatially quite variable ( 5.6d). Additionally, VTI might not be sensitive to the en face OCTA

image because the projection view conceals tortuosity in the z-dimension, and VTI would not be

sensitive to infarct regions with a significant lack of vasculature. 3D vessel tracing could be more

suitable for case studies on tortuosity quantification on single vessels and should be addressed in

future studies.

In addition to identifying quantitative and qualitative differences from the OCTA image be-

tween different pathological conditions of the heart, we have demonstrated high consistency of

OCTA imaging and our processing framework through a repeatability test. The low CV values

in this test indicate that our quantification method was relatively repeatable between scans (CV<

5%). This suggests that most of the variability detected between samples reflected biological vari-

ability in microvascular structure. Although the microvasculature patterns vary between different

spatial locations, a quantitative assessment performed over the wide field projection image would

avoid an inaccurate local quantitative characterization of the microvasculature.

Nonetheless, our research holds promise in advancing the detection and potential prediction

of myocardial infarction moving beyond the primarily observational role of quantitative analysis.

61



The study can be directed toward a more precise and predictive methodology as we expand our

dataset and refine clinical profiles. While the feasibility of OCTA to identify differences in vessel

morphology between healthy and infarcted hearts has been demonstrated, limitations exist in this

study. The uneven surface of the heart and the current transverse resolution of the system impact

the sensitivity to capillary visualization near the heart tissue surface, causing slight non-uniformity

and blurring of vessels located outside the depth of focus (DOF) region. For this reason, we chose

a relatively shallow depth of 50 μm for a more accurate quantitative evaluation of microvascular

structures in our study. Mitigating this issue could involve improving the confocal function so

that the microvascular features across the whole imaging depth can be quantified, i.e. to increase

the DOF, by employing an extended-focus configuration at the sample arm where the illumina-

tion and detection beams are engineered to increase the DOF while maintaining a constant trans-

verse resolution[163]. Another solution would be to employ a variable focusing mechanism with

an electrically tunable lens in the system [1]. While these alternative solutions are plausible, they

would inevitably increase the system complexity and reduce overall imaging speed.

Although OCT imaging allows for imaging as thick as 2 mm within non-transparent biological

tissues while maintaining cellular resolution [188],[163], only a depth of 400 μm for OCT imaging

and 200μm for OCTA imaging (Fig. 1 f-i) were visualizable in myocardial tissue due to intralipid’s

high intrinsic scattering property that severely attenuates OCT light penetration. Imaging mi-

crovasculature located at tissue depths deeper than 200μm could be achieved using tissue-clearing

methods [9], or variable focusing with a tunable lens [117]. Improving depth-resolved imaging re-

mains an area of focus for OCTA imaging methods.

Note that VCI,V ADL, and VTI do not include signals from capillaries largely due to the limi-

tation of the transverse resolution of our imaging system (which was∼20μm), as well as the dense

nature of myocardial capillary networks where the inter-capillary spacing is often around 20 μm

in a healthy heart. In addition, the binary mask generated by a combination of Otsu’s threshold-

ing method and hessian-based Frangi vesselness filtering further limits our ability to accurately

quantify the capillary morphologies. For these reasons, the metric of V ADC should be viewed as
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an estimation. However, considering that capillaries generally have an average diameter of around

8 μm and larger vessels exceed this (20-200 μm), a 20 μm threshold provides a logical midpoint

to distinguish between the capillaries and the larger blood vessels.

A final limitation is that the current method requires the hearts to be fixed in diastole, which

limits the exploration of flow dynamics. To overcome this limitation and investigate microvascu-

lar patterns throughout the beating cycle for a detailed understanding of microvasculature remod-

eling post-ischemic injury, alternative approaches such as retrograde perfusion in beating hearts

e.g., with a Langendorff system, along with time-gated OCT, may be necessary. Time-gated OCT

canmay be either achieved by integrating advanced cardiac motion compensation algorithms or

high-speed imaging technologies such as the line scan OCT that counteracts the beating motion

of the beating heart [74],[121]. Exploring flow dynamics during the cardiac cycle would provide

valuable insights into microvasculature remodeling following ischemic injury.

3.1.5 CONCLUSION

We have demonstrated capillary-level resolution reconstruction of heart microvasculature using

OCTA over a relatively large field of view with depth acquisition. A method for quantifying

microvessel morphology was presented to summarize unbiased microvascular characteristics in

healthy and infarcted rat hearts with high repeatability. Significant changes in vessel density and

morphology observed after myocardial infarction align with the histology analysis. These parame-

ters may serve as valuable pathological biomarkers for investigating infarct conditions in the heart.

Using OCTA to visualize the microvasculature down to the capillary level with a wide field of view

may provide a valuable means to further understand the microcirculation remodeling processes

in cardiac microvascular research.
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3.2 Quantification ofMicrocirculation in Infarcted Rat

Hearts Using Optical Coherence Tomography

Capillary Velocimetry

Myocardial microcirculation plays a critical role in sustaining the heart’s metabolic demands, sup-

plying oxygen and nutrients essential for cellular function, and supporting overall cardiac per-

formance. Following myocardial infarction (MI), effective microcirculation is pivotal for tissue

repair and remodeling; however, disruptions in microvascular integrity and flow dynamics can

lead to inadequate perfusion, exacerbating tissue damage and impairing recovery. However, mi-

crovascular hemodynamic dysfunction post-MI remains poorly characterized, largely due to the

limitations of existing imaging methodologies, which fall short in accurately quantifying capillary

velocities in cardiac tissue. In this study, we employ Optical Coherence Tomography Angiogra-

phy (OCTA) within a Langendorff-perfused rat heart model to assess microvascular velocity and

hemodynamic alterations following infarction. Using Eigen Decomposition-based optical mi-

croangiography (ED-OMAG) and capillary velocimetry (ED-velocimetry), we are able to visualize

and quantify capillary velocities to examine the infarct-induced changes in both the microvascular

architecture and flow dynamics. Our analysis revealed a 30.4% reduction in vessel area density, a

72% decrease in average capillary velocity, and a 79% decline in perfusion index in infarcted zones

relative to healthy myocardium. Additionally, vasculature projection images indicated elevated

vessel tortuosity, which was inversely correlated with mean capillary velocity in infarcted regions.

These results underscore substantial myocardial microvascular deterioration and remodeling at

4 weeks post-infarction, highlighting a compromised capacity for restoring adequate perfusion.

This study establishes the utility of ED-based velocimetry for detailed myocardial hemodynamic

assessment and demonstrates the potential of OCTA for detecting coronary microvascular im-

pairment and related perfusion deficits.
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3.2.1 Introduction

Myocardial infarction leads to significant structural dysfunction within the coronary microcir-

culation [56, 64, 77, 141, 164]. Even after successful restoration of blood flow in larger coronary

arteries, microcirculatory dysfunction is irreversible and leads to chronic ischemic damages [46,

141]. Approximately 50% of patients fail to recover optimal myocardial perfusion[134]. While

coronary microcirculation is responsible for 75% of myocardial blood flow, it is primarily influ-

enced by capillary flow disturbances following myocardial infarction (MI)[159].

Recent studies have shown insights into heart capillaries’ structural and functional alterations

following MI, including a significant drop in capillary blood volume as well as tortuous and en-

larged vessels [135, 136]. The characterization of myocardial perfusion often uses capillary mor-

phology, structural integrity, and RBC passage speed to demonstrate the ischemic damage [70,

135, 136, 146, 186]. Microvascular abnormalities, such as capillary occlusions, endothelial swelling,

pericyte constriction, and capillary compression, impede the normal function of the capillaries,

leading to irregular perfusion patterns and uneven capillary flow that affect the overall circulation

[137].

Dysfunction in myocardial perfusion has been widely reported, with ischemic regions often

exhibiting reductions in capillary flow that are accompanied by changes in capillary flow resis-

tance and speed, thereby increasing heterogeneity in microvascular blood passage [90, 100]. This

heterogeneity has been identified as a critical factor influencing microcirculation function in the

myocardium and is essential for sustaining the heart’s metabolic demands [137]. Therefore, alter-

ations in capillary velocity within the infarcted area emerge as key indicators for characterizing

perfusion properties post-MI, providing valuable insights into the state of cardiac microvascular

function.

However, measuring the capillary velocity requires high spatial and temporal resolution to cap-

ture the fine-scale and rapid changes in blood flow within the microvasculature. To spatially re-

solve blood vessels less than 200m in diameter and to measure velocities in capillaries, OCT is

introduced in this study for its ability to provide high-resolution, real-time measurements of cap-
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illary velocity in a controlled ex vivo environment. Unlike microscope imaging, which requires

tissue clearing or sectioning [132, 167], OCT has demonstrated its capability for intact tissue imag-

ing with its depth penetration, prolonged focusing range, fast imaging speed, and reasonable axial

and lateral resolution [161, 187].

The functional OCT, OCT microangiography (OMAG) uses the intrinsic optical signal from

the capillary flow fluctuation to obtain the hemodynamic fluctuation [177, 178, 201] and has shown

its potential for myocardial microvascular imaging [142, 186]. Further, ED-capillary velocimetry

(ED-velocimetry) is a more advanced method that enables the precise measurement of capillary

velocities by statistically analyzing dynamic blood flow fluctuation within the microvascular net-

works. With Eigen decomposition, fluctuations of the OCT complex signal induced by blood

flow motion are decomposed in the eigenspace, which is then used for estimation of the frequency

of flow. Experimentally, it has been shown that there is a linear relationship between the estimated

frequency and the flow velocity for detecting capillary red blood cell velocity to provide detailed

hemodynamic information [115, 179]. Both methods allow for accurately resolving capillary mor-

phology, measuring flow velocity, and understanding the myocardial perfusion property.

In our study, we investigated the dynamics of coronary microcirculation and the myocardial

perfusion changes in ex vivo rat heart models that follow infarction reperfusion. This study uti-

lizes ex vivo Langendorff retrograde perfused heart models to investigate capillary velocity. Lan-

gendorff models allow for the isolated examination of myocardial function, free from periph-

eral influences, as an ideal solution for studying ischemia-reperfusion injury without non-cardiac

stress or arrhythmias [119, 171]. The infarction events were recreated in rat heart models and im-

aged using OCT while fixed in the diastole phase and perfused in a Langendorff setup. We uti-

lized both the Eigen Decomposition-based optical microangiography (ED-OMAG) [177, 201] and

ED- capillary velocimetry (ED-velocimetry) [178] to visualize the vasculature map and measure

capillary velocities simultaneously for investigating the alterations in microvascular structure and

microcirculatory perfusion from ischemic heart disease [145, 204]. Both angiographic methods

demonstrated the potential of OCTA for understanding the myocardial perfusion change of the
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heart microcirculation post-infarction and for developing tissue engineering therapies for restor-

ing proper perfusion and preventing further myocardial injury.

3.2.2 Method

Animal preparation

All animal treatments were approved by the University of Washington IACUC (protocol 2225-

04) and followed NIH guidelines. Twelve male Sprague-Dawley rats (250–300 g, N=4 per group)

were randomly selected to undergo myocardial infarction surgery, with a 60-minute occlusion and

reperfusion of the left anterior descending coronary artery. Anesthesia was provided using in-

traperitoneal ketamine and xylazine, with postoperative analgesia given via buprenorphine. Four

weeks post-ischemia, infarcted hearts were harvested, while control hearts (N=4) were collected

without surgery. Hearts were perfused with anticoagulants and fixed with paraformaldehyde be-

fore imaging. The hearts were fixed overnight in 4% paraformaldehyde before being rinsed and

stored in PBS until imaging. Detailed information can be found in our previous study [145].

Optical coherence tomography imaging system

The swept-source OCT (SSOCT) system utilized a vertical-cavity surface-emitting (VCSEL) swept

laser source with a 200 kHz sweeping rate at a central wavelength of 1060 nm and a 100 nm spec-

tral bandwidth[58, 161]. The sampling rate of the k-clock is between 200 and 400 MHz. The

a-scan rate is at 200 kHz. The imaging probe was installed with a 5x Thorlabs LSM03 objective

lens with a 22 μm lateral resolution. The axial resolution is 10 m, and the roll-off is 6 dB over a

3.75mm range. When tested repeatedly with an a-scan using a mirror, the system’s phase stability

is roughly 50 mrad. The SNR is approximately 45 dB. In this study, a portable imaging probe was

mounted on a translational stage to ensure the imaging plane remained stable and properly aligned

with the heart’s surface. The stage allowed for three-directional (horizontal, vertical, depth-axis)

movement. This setup allows real-time adjustments, which compensates for the out-of-focus is-

sues caused by the heart’s inherent curvature.
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Optical coherence tomography imaging system

The swept-source OCT (SSOCT) system utilized a vertical-cavity surface-emitting (VCSEL) swept

laser source with a 200 kHz sweeping rate at a central wavelength of 1060 nm and a 100 nm spec-

tral bandwidth[58, 161]. The sampling rate of the k-clock is between 200 and 400 MHz. The

a-scan rate is at 200 kHz. The imaging probe was installed with a 5x Thorlabs LSM03 objective

lens with a 22 μm lateral resolution. The axial resolution is 10 m, and the roll-off is 6 dB over a

3.75mm range. When tested repeatedly with an a-scan using a mirror, the system’s phase stability

is roughly 50 mrad. The SNR is approximately 45 dB. In this study, a portable imaging probe was

mounted on a translational stage to ensure the imaging plane remained stable and properly aligned

with the heart’s surface. The stage allowed for three-directional (horizontal, vertical, depth-axis)

movement. This setup allows real-time adjustments, which compensates for the out-of-focus is-

sues caused by the heart’s inherent curvature.

Microscope imaging for the microfluidic channel

A syringe pump was used to perfuse fluorescent beads through multilayer microfluidic channels

at flow rates of 0, 5, 10, 20, and 30μL/min, corresponding to inlet velocities of 0, 0.2, 0.4, 0.6, and

0.9 mm/s. Fluorescent videos were captured using a Nikon TiE Inverted Widefield Fluorescence

Microscope, focusing on a 2x2 square section containing the first bifurcation. Bead movement

was tracked, and flow rate was calculated by dividing the distance traveled by the elapsed time.

The same microfluidic channel was imaged using OCT with 1% intralipid at identical flow rates.

OCT scanning covered a 1 mm x 1 mm x 3.75 mm volume. The 3D volume was scanned at 1000

frames per second. The OCTA and ED-velocimetry signals were generated simultaneously, and

mean velocities in each branch were averaged using the same regions of interest (ROIs) as the

microscope imaging for consistency.
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OCTA imaging protocol for ex vivo rat heart

After heart fixation, 1% Intralipid (diluted in PBS) was perfused to the coronary arteries during

imaging via retrograde perfusion through an aortic cannula. To avoid sample movement dur-

ing imaging, a 3-D printed mount was used to hold each heart in the center of a Petri dish. Be-

fore imaging, the Intralipid was allowed to flow under the constant pressure of 100 mmHg for

10 minutes, and this pressure was maintained throughout the imaging procedure to ensure con-

sistent microvascular perfusion[142]. A drop of glycerol was injected into the surface of the tis-

sue 10 minutes before imaging as an optical cleaning agent [160, 186]. The scan covers a voxel of

1mm×1mm×1mm. Four locations of interest adjacent to the left anterior descending coronary

artery (the area closest to the infarct event) and four remote regions on the heart’s posterior side

were chosen and scanned for the infarcted hearts. Four locations corresponding to the infarct and

remote regions of the infarcted hearts were selected from the healthy heart scans. A co-aligned

white-light image (12mm×12mm) and wide-field OCTA (4mm×4mm) were captured simulta-

neously.

OCTA imaging method

Eigen-decomposed optical microangiography (ED-OMAG) is one of the functional OCTA al-

gorithms that can provide detailed microvasculature projection maps for qualitative or quantita-

tive interpretation. It is a three-dimensional blood vessel visualization algorithm that has been

extensively used in imaging applications for [26], brain [54, 115], and skin vasculature[25, 36].

ED-OMAG reconstructs the angiographic information by using an Eigen-decomposed filter to

isolate the temporal changes from the static components within the OCT scan [177, 201]. ED-

velocimetry builds on ED-OMAG by using an advanced statistical approach to quantify capillary

velocity. A detailed description can be found in our previous study [178]. It analyzes the fluc-

tuation frequency in the OCT signal, weighted and averaged with the Eigen spectral energy, to

estimate mean capillary velocity. This method provides frequency measurement of capillary flow

dynamics and is not impacted by imaging angles like Doppler. The linear relationship between
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mean angular frequency from ED-velocimetry and mean velocity from microscope measurement

is calibrated for this study by using deliberately designed microfluidic channels ( 3.11d).

Post-imaging processing and quantifications

To visualize the microvasculature map, we used a method commonly adopted in clinical oph-

thalmology, where en-face images from 3D scans are often used to measure retinal blood vessel

networks. The en-face ED-OMAG microvasculature map was generated from the 3D vascular

image using the maximum-intensity projection of flow signals; ED-velocimetry maps were pro-

jected from the 3D dataset using the averaged capillary velocity along the depth. Both vessel maps

were projected across a 50 μm ( 10 pixels) slab measured from the tissue surface for further quan-

tification. To measure the effects on the capillaries, vessels that are greater than 20 were removed

from the vascular map ( 3.13e). A detailed description was given in our previous study [186]. From

the capillary vascular map, five metrics were quantified from the OCTA vascular map and the

velocimetry map combined: the vascular area density, vessel tortuosity index, mean velocity, per-

fusion index, and capillary transit time heterogeneity. All quantifications were performed and

developed in MATLAB (MathWorks, Natick, MA). The vascular area density (VAD) and vessel

tortuosity index were quantified from the ED-OMAG vascular map. VAD is calculated from the

ratio of pixels occupied by vessels in the binary vessel mask to the total number of pixels in the

image[186]. Specifically, a binary vessel mask was generated from the projection image, which was

150×150 pixels in size. The VAD was then determined by dividing the number of vessel pixels by

the total number of pixels in the image, providing a measure of the proportion of the image area

covered by vessels.

The vessel tortuosity index (VTI) was calculated from the skeletonized vessel map of large ves-

sels [186]. The skeletonized vessels were separated into multiple segments by each node and end-

points for VTI calculation. The VTI value was calculated for each vessel using a simple arc-to-

chord ratio method. Finally, the global average VTI from all segments was calculated by averaging

the local curve lengths.
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Capillary mean velocity, perfusion index, and capillary transit time heterogeneity were quan-

tified from the ED-velocimetry map. The mean capillary velocity was calculated by the average

velocity of all capillaries present in the velocimetry map ( 3.13e). The capillary transit time het-

erogeneity (CTTH) was calculated from the velocity distribution obtained from all imaging sites

within the same area of the same heart. First, a histogram was created to measure the velocity dis-

tribution across all the imaging sites. The gamma distribution was fitted to the velocity data in

the histogram to model the heterogeneity of the flow speed distribution [137]. The probability

density function for the gamma distribution is given by:

f(τ ;α, β) =
1

βαΓ(α)
τα−1e−τ/β

where τ represents the capillary velocity, α is the shape parameter, β is the scale parameter, and

Γ(α) is the gamma function. The CTTH is derived from the shape of the constructed gamma

distribution and is defined by its standard deviation:

CTTH =
√
αβ.

The perfusion index was calculated to quantify the microvascular perfusion within the imaging

region by integrating the mean velocity with the vascular area (measured in mm3/s). The multi-

plication of the mean velocity and vessel area was then summed across the entire image to yield the

perfusion index. This estimation assumes the microvascular flow in the healthy heart is consistent

and uniform:

Perfusion Index =

∫
(mean velocity) × (vessel area).

Additionally, the perfusion index was compared with the Langendorff inflow perfusion under

healthy conditions ( 3.16a). The Langendorff inflow was obtained by measuring the volume of

intralipid perfused through isolated hearts in units of mL/min.
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Figure 3.11: Illustration of the microfluidic chip design and the ED-velocimetry calibration result. (a) De-
sign of the microfluidic channel. Velocity distribution was simulated from the shape of the
channel network using COMSOL and (b) zoom-in flow distribution of the inlet. (c) Repre-
sentations of the OCTA of the microfluidic channel showing the design. (d) ED-velocimetry
perfused with a 1% Intralipid solution. (e) Microscope images of the microfluidic channels
perfused with lectin beads. The white box covers the first branches of the channels, and the
yellow boxes cover the second branches. (f) the calibration curve between the frequency mea-
sured from velocimetry and microscope based on three different microfluidic channels. All
channels was simulated or measured at the perfusion rate of 10 uL/min at the inlet.

To assess the statistical differences between each condition—healthy, ischemic, and remote re-

gions of the hearts—a nested one-way analysis of variance (ANOVA) was conducted to quantify

the variations in mean values across the different groups, with statistical significance determined

at an alpha level of 0.05. The null hypothesis for the nested one-way ANOVA posits that there is

no significant difference in the mean values among the four hearts across the three experimental

groups.

3.2.3 Results

Our study utilized a capillary flow phantom to calibrate and validate the capabilities of our ED ve-

locimetry tools for capillary velocity measurements. 3.11a illustrates the design of the microfluidic

channel, which branches 12 times in a cross-weave pattern. The flow rate is highest at the inlets

of the two proximal branches and is reduced by half in the subsequent second-order branches
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Figure 3.12: Calibration of Microfluidic Device Using Mean Frequency Analysis. (a) Mean frequency map
of the microfluidic device, showcasing four distinct layers (Layer 1 to Layer 4). Each layer is
outlined by dashed red lines. (b-e) Zoomed-in views of individual layers (Layer 1 to Layer 4)
showing detailed frequency distribution. Red boxes indicate regions of interest (ROI) used for
quantitative analysis. (f) Box plot of mean velocity (mm/s) for within the ROI. Data shows
variation in mean frequency across different layers, with Layer 2 exhibiting the highest mean
frequency and Layer 1 the lowest. Color bar in panels (b-e) represents the mean frequency scale
from 0 Hz (blue) to 100 Hz (red).

( 3.11b). The actual microchannel has four channels overlapping together, sharing the same inlet

and outlet, demonstrated by the pseudo-color coding in 3.11c from surface (yellow) to bottom

(blue). En-face ED-velocimetry maps and one frame out of the microscope video (3.11d and e)

demonstrate the regions of interest (ROI) where flow speeds were measured from the first two

primary branches. The velocimetry projection map ( 3.11d) uses pseudo-color to indicate faster

flow in red and slower flow in darker blue. The calibrated linear relationship between the mean fre-

quency (MF) estimated from OCT velocimetry and microscopy measurements ( 3.11f) validates

the feasibility and reliability of the ED velocimetry tools.

The result shown in 3.12 validates the effectiveness of our ED-velocimetry measurement with

overlapping microchannels along the depth. The depth-resolved cross-section map ( 3.12a) shows

the four layers of the microfluidic channels. The en face projection from each layer (3.12b to 2e)

reveals a slight difference in flow dynamics between each layer due to the variation of the channel

morphology, yet most channels show a uniform distribution of flow speed in each branch. The

consistent mean velocity observed in the second branch further confirms that the ED-velocimetry

measurement accurately measures flow speed regardless of depth or overlapping channels ( 3.12f).
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Figure 3.13: Demonstration of the ED-OMAG and Velocimetry map for a healthy rat heart. (a) Represen-
tative while a light image overlayed with an en-face OMAG image with matched image size
indicating the region of OMAG scans. The scale bar in (a) represents 1 mm. The (b) en-face
OMAG image and its (c) cross-section. (e) En-face velocimetry map for the capillary network
with the larger vessels removed. Cross-section images (c) of the OMAG and (f) velocimetry
scan. The yellow dashed line indicates the location of the cross-section. The scale bar in (b and
c) represents 0.25 mm.

3.13 demonstrates en-face OMAG vasculature maps and the associated velocimetry map from

a healthy heart. 3.13 b is a traditional OCTA vessel projection map demonstrating the vessel mor-

phology and the same image was stacked on top of the conventional white-light image ( 3.13a).

The capillary was not visible from the white light image. The cross-sectional OMAG and ve-

locimetry images from 3D data sets show the dense capillary and their velocity in deeper tissue

layers (Figures 3c and 3f). To evaluate the spatial distribution of the capillary flow, we used a

vessel mask to filter larger vessels ( 3.13e) for the following quantification. From the velocimetry

projection maps, heterogeneous flow speeds were observed within different vessels, where larger
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Figure 3.14: Demonstration of the OCTA en face image from infarcted rat hearts. Representative (a, d)
white light image, (b, e) en-face ED-OMAG image, and (c, f) en face ED-velocimetry map for
the infarcted region, and the remote region, correspondingly. (g) Quantification of the capil-
lary vessel area density (VAD) as a percentage of the total area. Each dot indicates the average
VAD measurement from each heart under each condition. ns and **** represent statistical sig-
nificance of non-significant and p < 0.0001, respectively.

vessels distinctly showed higher flow velocities ( 3.13d), and smaller capillaries showed slower but

consistent flow speeds ( 3.13e).

The same method was also used to demonstrate the microvasculature map and velocity maps

for infarct and remote from a post-infarction heart ( 3.14). Both ED-OMAG and velocimetry

projection maps show a significant decline in the capillary distribution ( 3.14b and c). Contrast-

ingly, no significant difference in the VAD was observed in the remote region of the same infarct

heart compared to the healthy hearts ( 3.14 e-f). The VAD in the infarct region (32.9% ± 2%) is

significantly lower compared to the healthy region (47.3% ± 4%) by 30.4% and the remote region

(52.9% ± 8%) by 37.8% ( 3.14g).

The infarct region showed that the capillary’s velocity shifted towards a slower flow rate, con-

trasting with the faster flow speeds observed in the remote and healthy regions ( 3.15a). The aver-

age velocity in the infarct area (0.07 ± 0.03 mm/s) was 72% lower than in the healthy region (0.25

± 0.09 mm/s) and 50% lower than in the remote region (0.14 ± 0.06 mm/s). We observed a pos-

itive correlation between capillary vascular area density (VAD) and mean velocity across healthy,
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Figure 3.15: Analysis of capillary transit time distribution in infarct and comparison with remote and
healthy regions. (a) The mean velocity across three different conditions. (b) Capillary VAD vs
mean velocity for three different conditions. (c) Histogram depicting the distribution of Mean
velocities measured from one heart to represent the three different conditions. (d) Gamma
fitting applied to the histogram distributions. (e) Capillary transit time heterogeneity across
the three different conditions. Each dot represents the average measurement of the parameter
from each heart. **, ****, and ns represent statistical significance levels of p<0.01, p<0.0001,
and non-significance, respectively.Analysis of capillary transit time distribution in infarct and
comparison with remote and healthy regions. (a) The mean velocity across three different con-
ditions. (b) Capillary VAD vs mean velocity for three different conditions. (c) Histogram
depicting the distribution of Mean velocities measured from one heart to represent the three
different conditions. (d) Gamma fitting applied to the histogram distributions. (e) Capillary
transit time heterogeneity across the three different conditions. Each dot represents the average
measurement of the parameter from each heart. **, ****, and ns represent statistical significance
levels of p<0.01, p<0.0001, and non-significance, respectively.

infarcted, and remote tissues ( 3.15b), with healthy tissues displaying higher VAD and higher ve-

locities.

The heterogeneity of velocity distribution in the infarcted region was further calculated us-

ing the histogram plots ( 3.15c). Each histogram represents the combined velocity measurements

from the capillaries in four OCT scans of one heart under the same condition. To quantify

the hematocrit distribution, a gamma-fitting methodology was employed. 3.15d represents the

gamma fitting results applied to the hematocrit distribution. Using this method, we observed a

20.3% increase in the mean capillary transit time heterogeneity in the infarct area (0.71 ± 0.08)

compared to the remote region of the infarct heart (0.59 ± 0.03), and a 61.4% increase compared

to the healthy region of the healthy heart (0.44 ± 0.06) ( 3.15e). The results in 3.16 showed the

relationship between vascular tortuosity and flow dynamics in healthy, infarcted, and remote re-

gions of heart tissue. The OCTA intensity projection image ( 3.16a) represents one example of

the tortuous vessel structure, with color coding to represent depth. The zoomed-in OCTA image
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Figure 3.16: Demonstration of Vascular Tortuosity and Flow in Healthy, Infarcted, and Remote Heart Re-
gions. (a) Surface-to-bottom OCTA intensity projection image of heart tissue, with pseudo-
color-coding representing depth (surface in yellow/red and bottom in blue). (b) Magnified
OCTA image of the region outlined in (a), showing detailed vascular structure. (c) Mean ve-
locity map overlaid on the same region, color-coded from low (blue) to high (red) mean veloc-
ity values. (d) Box plot of tortuosity index (arbitrary units) for healthy, infarcted, and remote
heart regions. (**p < 0.01; ***p < 0.001). Each dot represents the average tortuosity index mea-
sured from one OCTA scan. (e) Scatter plot depicting the relationship between the tortuosity
index and mean velocity (mm/s) across the samples. The linear regression line indicates a posi-
tive correlation (R = 0.63, p = 0.0051). Each dot represents the average of the index measured
from each heart.

( 3.16b) shows the details of the intricate tortuous vascular network matching the region of ED-

velocimetry imaging. The mean velocity map ( 3.16c) illustrates the spatial distribution of capil-

lary velocity, with higher velocities indicated in red. 3.16d quantitatively compares the tortuosity

index across different tissue regions, revealing significantly higher tortuosity in the infarcted area

(1.15 ± 0.05), which is on average 3.6% higher than in the healthy region (1.11 ± 0.02) and 4.5%

higher than in the remote region (1.10 ± 0.01) (p < 0.001).

Furthermore, the scatter plot ( 3.16e) demonstrates a positive correlation between the tortuos-

ity index and mean velocity (R = 0.63, p = 0.0051). The results presented in 3.16 demonstrated
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the correlation between the perfusion index obtained through the ED-velocimetry technique and

whole-heart perfusion measurement measured from the Langendorff perfusion. The scatter plot

in 3.16a shows a positive correlation (R=0.8) between the perfusion index and histological mea-

surements (mL/min) measured from the six healthy hearts (p < 0.051). Additionally, the bar graph

in 3.16b compares the perfusion index across healthy, infarcted, and remote heart regions. The

healthy region (599 ± 35 a.u.) exhibits a 79.3% higher perfusion index compared to the infarcted

region (334 ± 20 a.u.) and a 61.9% higher perfusion index compared to the remote region (370

± 25 a.u.). However, there is no significant difference observed between the infarcted and remote

regions in the perfusion index.

3.2.4 Discussion

In this study, we demonstrated the potential of using OCT to visualize and characterize myocar-

dial capillary myocardial perfusion degeneration, using ED-OMAG and ED-velocimetry to reflect

the impact of ischemic events on the heart. Overall, we have seen significant damage in both the

microvasculature morphology and velocity in the myocardial microcirculation post-infarction.

The ischemia-reperfusion injured hearts were used to investigate how changes in the capillary

area, morphology, and resistance affect overall circulatory performance and are relevant for un-

derstanding the heterogeneity in flow properties and the resulting impaired oxygen extraction

efficiency[70, 135, 186]. Since the flow rate is proportional to the capillary size and inversely related

to resistance (as described by Poiseuille’s law) validated by mathematical and computational sim-

ulations, the ex vivo heart can replicate flow disturbances followed by the microfluidic behavior

[137]. This model demonstrates how disruptions in myocardial perfusion due to abnormalities at

the capillary and microcirculatory levels can impair capillary flow patterns and disrupt circulatory

function.

The findings of this study demonstrate a significant reduction in vessel area density (VAD),

capillary velocity, and perfusion index in infarcted myocardial tissue. Specifically, a 30.4% de-

crease in VAD, a 72% reduction in average velocity, and a 79.3% decline in perfusion index were
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observed compared to healthy tissue. The positive VAD and mean velocity correlation suggests

that capillary density directly influences blood flow efficiency. The reduction in the perfusion-

related parameter suggests a substantial impairment in microvascular perfusion in the infarct re-

gions, suggesting the failure to re-establish adequate blood flow to a previously ischemic region of

tissue, which could lead to continued tissue ischemia and chronic damage [46].

3.15 employs the gamma-fitting probability method to quantitatively assess changes in cap-

illary velocity distribution by analyzing flow transit time heterogeneity. In 3.15d, the infarcted

region shows a broader distribution of flow heterogeneity, with the majority of flow occurring at

lower velocities and a long tail extending to higher velocities. This distribution indicates a wider

range of capillary flow speeds in the infarcted tissue compared to healthy regions According to

Ostergaard et al., the observed decrease in mean velocity in the infarcted region results in longer

capillary transit times, which may lead to oxygen shunting. This phenomenon occurs when the

flow transit time exceeds the oxygen release time, reducing the efficiency of oxygen off-loading to

downstream cardiomyocytes[87, 137]. Consequently, the extended transit time in capillaries can

extend oxygen delivery to the myocardial tissue, exacerbating hypoxic conditions and potentially

leading to further tissue damage. This finding suggests compromised blood flow dynamics and

extended capillary transit time in the infarcted region could exacerbate hypoxic conditions in the

downstream myocardial tissue, potentially leading to further myocardial damage [80].

The OCTA vasculature projection images showed increased vessel tortuosity in the infarcted

region ( 3.16a), indicating morphological remodeling of the capillary network as a response to

myocardial ischemia. The observed changes in vessel tortuosity are likely a result of vessel enlarge-

ment due to increased downstream resistance, as well as compensatory vasodilation mechanisms

aimed at maintaining adequate blood flow. These irreversible changes to the circulation system

lead to altered flow dynamics, with tortuous vessels often demonstrating higher perfusion rates

[123]. The increased resistance downstream causes vessels to dilate in an effort to reduce pressure

and facilitate blood flow, which can result in a higher flow rate through these enlarged, tortuous

vessels [g41-g43]. This compensatory response, although aimed at preserving circulation, can cre-
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ate conditions of hyper-perfusion, as indicated by the positive correlation between the tortuosity

index and mean velocity (correlation coefficient = 0.63, p = 0.0051) [48, 123, 129]. These find-

ings suggest that while vessel tortuosity represents an adaptive mechanism, it also reflects lasting

alterations in the microcirculatory system that may contribute to dysregulated perfusion.

The combination use of en-face OCTA vasculature maps and velocimetry maps effectively pro-

vides more information regarding the microvasculature degeneration within the microvasculature

of the heart. The strong correlation (R = 0.8) between the perfusion index and the histological

perfusion measured in the healthy heart suggests that the OCTA can estimate local tissue and

microvascular perfusion in the imaging region ( 3.16a). The result demonstrated the potential

of OCTA perfusion assessments as a non-invasive tool for evaluating microvascular health and

detecting perfusion abnormalities in cardiac tissue.

Given the findings of our study, there are several limitations related to the experimental setup

that should be acknowledged. The velocity measurements obtained using ED-velocimetry are

based on a linear calibration from microfluidic channel models, which do not fully replicate the

complexities of capillary flow in biological tissue, particularly the discontinuous passage of red

blood cells. Intralipid was used as a contrast agent, but its properties, including smaller particle

size, higher density, lower viscosity, and greater scattering, differ significantly from blood. Addi-

tionally, the Brownian motion of the intralipid droplets introduces noise and complicates decor-

relation estimations. These factors may result in overestimated velocity measurements, requiring

cautious interpretation of the data. However, the observed intralipid distribution in infarcted

tissue reflects expected disrupted myocardial perfusion patterns, providing useful insights into

hemodynamic changes and microvascular alterations in infarcted cardiac tissue.

Second, the study’s perfusion setup and fixation of hearts at diastole provide a controlled envi-

ronment for ex vivo imaging but do not fully replicate the dynamic nature of in vivo heart func-

tion, limiting the observation of flow behaviors and microvascular dynamics across the cardiac

cycle. Fixing the heart at the diastole restricts the ability to capture perfusion changes throughout

different cardiac cycle phases. However, despite this limitation, ex vivo characterization of capil-
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laries offers valuable insights by enabling high-resolution imaging of microvascular structures in a

controlled setting, free from the complexities of in vivo conditions. This approach is a critical pre-

liminary step, allowing researchers to understand capillary function and flow patterns that could

inform future clinical applications. The use of OCTA in this context represents a methodolog-

ical innovation, and while further study using time-gated or intravital techniques is necessary to

capture in vivo microvascular patterns fully, this ex vivo approach provides a foundational basis

for developing advanced imaging techniques with potential clinical relevance [4, 96, 109, 113, 156,

171].

Third, the tradeoff between system imaging resolution, focusing range, and field of view also

influences the choice of imaging lenses. The use of the LSM02 was chosen for a reasonable bal-

ance for its long focusing range, which helps to minimize the effect of the heart’s curvature and

ensure the imaged region remains in focus. However, the resolution of the OCT system fell short

of resolving the details at the capillary level. To resolve individual capillaries, a 10x lens can be used,

and the issue of capillaries going out of focus due to the heart’s curvature can be addressed with a

tunable lens [114, 124]. Although the resolution is insufficient to resolve individual capillaries and

interpapillary distances fully, the ED-based statistical method captures the overall fluctuations

of the intralipid. The fluctuation correlates with the larger-scale variations in blood flow char-

acteristics within the entire infarcted tissue, providing a reasonable estimation of the infarcted

hemodynamic properties that align with histological evidence.

In conclusion, this study demonstrated the capability of OMAG and ED-velocimetry to quan-

tify changes in myocardial capillary perfusion post-infarction, demonstrating significant reduc-

tions in vessel area density, capillary velocity, and perfusion index. These findings indicate mi-

crovascular degeneration and flow disturbances in response to ischemic injury, providing insights

into the relationship between capillary structure and impaired perfusion. The increased capillary

transit time and vessel tortuosity further suggest a role in continued myocardial damage. This

study builds a foundation for future research to translate these findings into in vivo settings, with

the application of time-gated registration methods or intravital techniques that could capture dy-
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namic perfusion patterns across the cardiac cycle. Moreover, the application of OCTA and ED-

velocimetry has demonstrated its capability to assess myocardial perfusion characteristics and ther-

apeutic strategies, especially for tissue engineering for assessing microvascular health in ischemic

heart disease.
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4 Optical Coherence Tomography

AngiographyMeasures Blood

PulsatileWaveforms at Variable

Tissue Depths

As discussed in previous chapters, Optical Coherence Tomography (OCT) and its angiographic

extension, OCT Angiography (OCTA), have demonstrated significant potential in providing

high-resolution, non-invasive imaging of microvascular networks and blood flow dynamics. While

much of the focus has been on applications in cardiac and dermatological imaging, this chapter

extends the utility of OCTA to explore its ability to detect pulsatile waveforms within skin mi-

crovascular plexuses, an area of clinical interest traditionally dominated by Photoplethysmogra-

phy (PPG).

PPG is routinely used to detect the blood pulse signal from skin tissue beds in clinics. However,

the origin of the PPG signal remains controversial. This study aims to explore OCTA to indicate

pulsatile waveforms in the papillary plexus and dermal plexus separately under different hand el-

evations. From the 3D OCTA signals, depth-resolved pulsatile blood flow signals were extracted

from different skin vascular plexus. The systolic amplitude, crest time, and delta T were measured

from the OCTA pulsatile signals when the hand was placed at the positions of 50 cm below, 0

cm, and 50 cm above the heart level.
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The pulse signal integrated from all the depths is more consistent and has a similar waveform

to that of the PPG. The pulsatile patterns from the papillary plexus and dermal plexus showed

distinct morphological changes at different local blood pressures. Less amplitude difference was

found from papillary plexus comparing to that of the dermal plexus. Crest time was found in an

increasing trend in the OCTA pulsatile waveform from both plexuses when the arm was raised

from the position below to above the heart level. In contrast, a decreasing trend of Delta T was

detected in the dermal pulsatile but was not observed from that of the papillary plexus, indicat-

ing that vascular resistance associated with the arm elevations does not necessarily have the same

effect on the two plexuses. This study demonstrated that OCTA can provide depth-resolved pul-

satile waveforms within different microvascular plexus within tissue skin beds. This technique

could open doors to understanding the mechanisms of how blood flow changes at different skin

circulatory plexus.

4.1 Introduction

Photoplethysmography (PPG) is a non-invasive optical technique that is often used to measure the

pulsatility of cutaneous blood flow by detecting subtle variations in tissue blood volume through

light absorption [21]. PPG signal is composed of a slowly varying DC signal associated with non-

pulsatile blood, tissue and bone, and a pulsatile AC waveform that is related to the increase/decrease

of blood volume within tissue beds due to each heartbeat. The AC component of the waveform

rises during the systolic phase and falls during the diastolic phase, periodically following the same

trend as the blood volume change during systolic and diastolic phases of each heartbeat.

PPG signal could be interpreted as a summation of the forward propagation wave generated

by vessel contraction and the backward reflective wave generated by vessel relaxation from the pe-

riphery [152]. The backward reflective wave is induced as blood travels through the vascular tree

and being reflected by the bifurcated vessels or the elastic arterial vessel walls. As pulsatile blood

propagates from the central arteries to the periphery vessels, the increased resistance in periph-

eral vessels would induce more reflection waves. The alternation in the PPG waveform has been
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reported to associate with aging or disease processes such as hypertension, diabetes, atherosclero-

sis, and large vessel stiffening [21], [7], [126]. Although extensive research and application of PPG

have shown potential in evaluating the cardiovascular system [131]–[75], hitherto, the origin of

the PPG waveform, however, remains elusive and controversial.

Optical coherence tomography (OCT) based angiography (OCTA) has demonstrated the ca-

pability to visualize cutaneous blood flow with depth-resolved information and in high resolu-

tion [169]–[198]. Blood flow information can be isolated from the static tissue utilizing a motion

contrast algorithm, optical microangiography (OMAG), based on an eigen decomposition (ED)

approach [198]–[174]. The high imaging resolution from OCT allows the technique to distin-

guish small blood vessels within capillary beds from relatively large blood vessels at deeper depth

locations. The light source of the OCT system is operated at near-infrared wavelength, which is

similar to the typical 940 nm PPG light source giving a similar penetration depth and function-

ality. In particular, ED-OMAG contrasts the moving blood flow with a signal strength propor-

tional to the blood cell flux, i.e., the volume of red blood cells passing through vessel cross-section

per unit area [196], [195]. Volumetric flux is in proportion to the volume change and is suggested

to be affected by similar vascular mechanisms [105]. Therefore, it would be reasonable to com-

pare the pulsatile blood flows measured by the two technologies. Moreover, benefiting from the

depth-resolved imaging, OCTA has the capability to separate pulsatile information from differ-

ent cutaneous circulatory plexuses. Thus, this capability would provide us with an opportunity

to extract and compare the property of blood flow pulsations from both the papillary and dermal

plexuses simultaneously.

In this paper, we report a new method that uses the OCTA signals to provide reliable depth-

resolved pulsatile blood waveforms within tissue beds. It was suggested that the PPG signal might

be associated with arteriole blood pressure not only due to its similarity in waveform but also

because of its proportional relationship between arterial blood pressure and blood volume [22],

[147]. Similar to the strategy used in PPG studies [35]–[24], we have conducted a hand-raising ex-

periment to understand better how local blood pressure and peripheral resistance affects the mor-
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phology of pulse waveforms in the different cutaneous circulatory plexuses. The force of gravity

could significantly alter local blood pressure and peripheral blood flow resistance due to cutaneous

vessel autoregulation adjustment [35]. When the hand is below the heart level, the increased capil-

lary pressure will induce vasoconstriction of the arterioles, resulting in increased pre-capillary flow

resistance and decreased post-capillary flow resistance. Conversely, when the hand is elevated, the

decreased capillary pressure would induce arteriole to dilate, resulting in a decrease of pre-capillary

flow resistance and increase of post-capillary flow resistance [133]. Such a simple experimental

strategy has been utilized by various research groups when developing PPG, Camera-based PPG,

laser doppler flowmetry, etc. [79]–[94] to test the validity of the measurements by examining the

change in flow resistance at different blood pressures. However, no technique can observe varia-

tion in the pulsatile waveform from different circulatory plexus under the effect of hand elevation.

Thus, this study could provide valuable clues for understanding the mechanical property of how

blood travels through different types of vasculature networks under the effect of flow resistance

and elucidate its potential applications in disease assessments.

4.2 Method

The OCTA pulsatile signals were measured in five young, healthy volunteers (n=5; 3 males, two

females). We used a hand-held swept-source OCT (SS-OCT) system [162] to collect OCTA sig-

nals from fingers in human subjects to represent pulsatile blood waveforms within skin tissue

beds. This system employed a 200kHz swept light source operated at a central wavelength of 1310

nm and a spectral bandwidth of 100 nm, providing 8̃ μm axial resolution. A laboratory-built

transmission mode PPG device was also used to collect the PPG signals from the finger to indi-

cate blood volume changes for reference. The imaging of subjects reported in this study using

a laboratory-built investigational device was conducted in accordance with a protocol approved

by the Institutional Review Board of the University of Washington, and informed consent was

obtained from all subjects. The study followed the tenets of the Declaration of Helsinki and was

conducted in compliance with the Health Insurance Portability and Accountability Act.
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In this study, OCT datasets were acquired on the index finger at three different hand elevation:

above (+50 cm), same (0 cm), and below (-50 cm) heart level ( 5.1A). The data was collected in

a sitting position, with regular breathing and minimal body movement. The OCT hand-held

probe was placed on an adjustable hand rest. The height of the chair was adjusted so that the

hand could be leveled with the vertical mid-point of the sternum when placed on the probe, which

was approximately the level of the heart. The probe could be adjusted to allow the hand placed

below or above the heart level, or to form a 45-degree angle between the trunk and arm to avoid

building unnecessary tension or stress on the arm. PPG signal was collected from the middle finger

on the same hand. We avoided measurement sites that may contain large arteries and asked the

volunteer to keep the finger still with minimal pressure applied to the detector to eliminate motion

artifacts caused by tissue deformation. Before data collection, the volunteers were asked to rest for

at least 5 minutes to accommodate the environment. Measurements were captured in a quiet and

controlled room temperature environment at the same hour each day. Two scanning protocols

were designed in this study. The first protocol was designed to provide 3D OCT structural and

OCTA blood flow images of scanned tissue volume, in which the scans contained 1000 × 5 B-

frames (i.e., 1000 scan locations with each position having five repeated B-scans), and each B-

frame was composed of 1000 A-scans. The field of view was 2.5 × 2.5 mm2. The resulted 3D

images ( 5.1 C) were used to guide the depth selection of the cutaneous plexus for the extraction

of pulse waveforms. Since the cutaneous vessels consist of horizontal microvascular networks with

interweaved arteriole and venules from which the nutritive capillary bed arises, the two plexuses

can be separated based on their relative depth and vessel structure from the 3D microvasculature

image (Figure.1B and E) [41].

The second protocol was designed to extract pulsatile waveforms from OCTA signals, in which

4000 repeated B-scans were continuously collected at one same position over a period of 1̃0 sec

( 5.1D). The B-scan consisted of 300 A-scans (covering 1.0 mm), which led to an imaging rate at

400 frames per second, providing sufficient temporal resolution to observe pulsatile blood flow

signals.
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Figure 4.1: Schematic of the experimental design. (A) The set-up of the collection procedure at different
hand elevations. The heights of the hand relative to the heart were +50 cm, 0 cm, -50cm, re-
spectively. (B) The relationship between the papillary plexus (capillary bed) and the dermal
plexus (arteriole and venous). (C) Representative 3D OCTA microvascular image color-coded
by depth information, where orange indicates the papillary capillary vessel networks and blue,
indicates the dermal plexus. (D) Time series of repeated OCT scans at the position shown as a
dashed line in (C), from which (E) OCTA blood flow signals were extracted. The green dotted
box is an illustration of the tissue layer that contains the papillary plexus. The red dotted box is
an illustration of the tissue layer that contains the dermal plexus.

All signals were processed and analyzed retrospectively in MATLAB (The MathWorks, Inc.,

USA). 3D OCTA blood flow image was generated by the OMAG algorithm using an eigen de-

composition (ED) approach ( 5.1C). OMAG contrasts the movement of blood flow from the

static tissues by comparing 5 repeated B-frames. The well-known projection artifacts within OCTA

blood flow images were removed using an algorithm previously published in [207], [208]. From

the 3D OCTA images, we identified approximate depths for proper segmentation of papillary

capillary plexus (1̃00 – 300 μm from the skin surface) and dermal plexus (3̃00 – 1500 μm from

the skin surface) for the time series of B-scans to evaluate the pulse waveforms ( 5.1E).

Time series OCTA images were obtained from the repeated B-scans using moving 5 repeated

B-scans (Figure D). We assumed the pulse signal from the papillary dermis layer was from the cap-

illary bed, and the pulse signals from the dermal plexus were primarily from the arterioles where
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Figure 4.2: Morphology parameters used to assess the pulse waveforms in this study.

the pulsation in the venules could be omitted [106]. The pulse signal from each microvascular

plexus was obtained by integrating the intensity signals, I(t), within the region of interest from

the temporal OCTA blood flow images, OCTA(x,y,t), and was plotted in a temporal relationship.

I(t) =

∫∫
OCTA(x, y, t) dx dy (4.1)

Where x and y indicate the pixel indices in the OCTA image. The pulse signal was also measured

by integrating the OCTA signals from both plexuses (papillary plexus and dermal plexus). The

obtained time-varying signal was then passed through a designed bandpass finite-duration impulse

response (FIR) Equiripple filter (0.7-10 Hz) with 40dB attenuation in the stopbands, to obtain

the final pulse waveform.

The repeatability of the measured pulse waveforms was assessed by calculating their coefficients

of variance. In this test, we conducted five imaging sessions at the same skin position to each collect

10-second temporal OCTA scans where each imaging session was resumed by re-positioning the

finger under the OCT probe after the prior session. The resulted pulse waveforms were analyzed

for their amplitude and peak to peak interval to demonstrate the repeatability of the technique.

To characterize the OCTA pulsatile waveforms, we followed the convention that is often used

in the field of PPG ( 5.2). The systolic peaks of each pulsatile waveform were found by an adap-

tive peak finder algorithm implemented in MATLAB (Findpeaks). The systolic foot and diastolic

peaks were obtained by the local maximum of the second derivatives. Three parameters (AC am-

plitude, crest time, and delta T) were measured from the OCTA pulsatile waveform for the assess-

ment of its morphology ( 5.2). The AC amplitude was measured by the difference in amplitude

89



between the systolic peak and foot of the waveform. Crest time was measured by the time interval

between the foot and systolic peak. This parameter indicates the flow resistance in the forward

wave. Delta T was measured by the time interval between the systolic and diastolic peaks. It is

associated with a relationship between the forward and reflected waves, which often indicates the

peripheral flow resistance. For ease of comparison, the AC amplitude from all plexus was normal-

ized to the geometric mean of the AC amplitudes from all plexus pulsatile measured at heart level.

The AC amplitude from the papillary and dermal plexus was normalized to the geometric mean

of the AC amplitudes from the dermal plexus at the heart level. The time differences in the mor-

phological values were normalized to the pulse interval of each heartbeat accordingly to eliminate

individual differences.

To compare the change in morphologies related to the hand positions, the geometric mean of

the morphological variables, and the 95% confidence interval (± 95% CI) were calculated. A one-

way ANOVA was used to test for the significance of the difference in mean of the morphological

values measured from all plexus. Two-way ANOVA was used to test for the significance of the

difference in the mean of the morphological values measured from the papillary plexus and dermal

plexus.

4.3 Result

5.3 shows the representative time series of OCTA blood flow and OCT structural signals from the

index finger at the heart level (h = 0 cm). In this example, the OCTA blood flow intensity signals

(Figs 3A and 3B) showed cycling periods at 0.8 Hz that matched well with that measured by a

heart rate monitor. Strong spectral power was observed at the harmonic frequencies produced

by Fourier transformation, which usually contains the most biological signals (Fig 3B). A weaker

periodical signal was found in the OCT structural signal, which included signals from the blood

flow and static tissues (Figs 3C and 3D). The change in temporal intensity signals from the OCTA

image (Fig 3E) indicates that blood flow in all vessels spikes with each heartbeat and gradually

decays. The repeatability study showed that the coefficients of variance of the amplitude and pulse
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Figure 4.3: Illustration of intensity signal and power spectrum from the OCT structure and OCTA blood
flow signals. The temporal intensity signal from (A) OCTA blood flow image, and (C) the OCT
structure image. The spectra in (B) and (D) show the frequency power of (A) and (C) corre-
spondingly (FFT). (E) temporal A-scan image extracted from 15-sec repeated B-scans, showing
the consistent changes in blood volume of all vessel plexus corresponding to each heartbeat.

interval were around 5%, demonstrating that the OCTA measurement of blood pulse signals is

repeatable (Table 1).

Table 4.1: Coefficient of variation of the pulse transit time and heart rate calculated from the processed
waveform

Pulsatile Amplitude Peak to Peak Interval
(CV) (CV)

Papillary 3.22% 4.71%
Dermal 1.34% 5.00%

All Plexus 1.47% 5.09%

5.4 illustrates the morphological difference of the representative OCTA pulsatile signals from

all plexus (i.e., the integration of all blood flow signals) comparing to PPG pulsatile signals at three

hand elevations. It is observed that the diastolic peak was more noticeable when the hand was

below the heart level and was less distinguishable from the systolic peak when the hand was above

the heart level, consistent with the previous observations described by the PPG measurement [78].
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Figure 4.4: 5-second demonstration of the pulsatile waveform from all plexus collected by (A) OCTA and
(B) PPG when the hand is below heart level (-50 cm), at heart level (0cm), and above heart level
(+50 cm). (C-E) Geometric mean (± 95% CI) of the morphological variables of AC ampli-
tude (C), crest time (D) and delta T (E) from the OCTA pulsatile waveform form. ** indicates
p<0.001, **** indicates p<0.0001

The normalized mean AC amplitude of the pulsatile waveform in all plexus changed in con-

formity with the position of the hand relative to the heart ( 5.4C). Mean AC pulsation was the

lowest when the hand was below the heart (h= -50 cm) and showed a trend of increase as the hand

elevated. Normalized mean crest time and delta T were found significantly different at different

hand positions relative to the heart ( 5.4D). Crest time showed an increasing trend, and delta T

showed a decreasing trend when the hand was raised from below heart level (h = -50 cm) to above

heart level (h = +50 cm). These observations are consistent with the results observed in the PPG

study [78].

5.5 demonstrates the differences in morphology of the pulsatile waveforms from the papillary

plexus ( 5.5A) and dermal plexus ( 5.5B) at different hand elevations. Similar to the results ob-

served from all plexus ( 5.4), AC pulsation in dermal plexus showed an increasing trend when the
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hand was changed to an elevated position ( 5.5C). AC pulsation was the greatest in the papillary

plexus when the hand was at the heart level, whereas it was decreased when the hand was above or

below the heart level. A significant difference in AC pulsation was found between the dermal and

papillary pulsatile when the hand was above the heart level (h = +50 cm), whereas no difference

was found in the AC pulsation between the papillary plexus and dermal plexus pulsatile when

the hand was at heart level and below heart level ( 5.5C). Approximately, a two-fold difference

was found in the AC pulsation from the dermal plexus compared to that of papillary plexus. A

longer crest time was observed in both papillary and dermal pulsatile when the hand was elevated

(Fig 5D), similar to that of all plexus. Dermal pulsatility showed a decreased trend in delta T as

the hand was raised to above the heart level ( 5.5E). No difference in delta T was observed in the

papillary pulsatility at different hand elevations.

4.4 Discussion and Conclusion

In this study, pulsatile signals in the cutaneous circulatory system were successfully extracted with

the support of OCTA through an Eigen-decomposition based OMAG approach. The results

demonstrated the potential of how OCTA could become a reliable, non-invasive imaging tool

measuring the pulsatile waveforms. Although PPG detects the changes based on the light ab-

sorption by blood volume, and OCTA detect the changes of the backscattering light due to the

difference in the blood volume. We found that OCTA pulsatile waveform has similar morpho-

logical changes to the PPG signals at different hand elevations [78] since they are both describ-

ing the property of blood volume change between each heartbeat. The PPG AC signal relies on

the volumetric change in the cutaneous vessels. In contrast, OCTA gave a measurement that is

proportional to the volumetric flux that is associated with the number of red blood cells passed

through vessels. The volumetric flux change is driven by the same fluid dynamic mechanism of

the source of the AC PPG signal.

Similar to the PPG results reported by Hickey et al. [78] we observed a consistent increase of

the AC pulsation derived by integrating all OCTA signals across all plexuses when the hand was
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Figure 4.5: 5-second demonstration of the pulsatile waveform from (A) the papillary plexus, and (B) dermal
plexus when the hand is below heart level (-50 cm), at heart level (0cm), and above heart level
(+50 cm). (C-E) Geometric mean (± 95% CI) of the morphological variables of AC amplitude
(C), crest time (D) and delta T (E) from the OCTA pulsatile waveform form from each plexus.
* indicates p<0.05, ** indicates p<0.001, **** indicates p<0.0001

raised from below heart level to above heart level. The change of AC pulsation is associated with

a change in pulsating blood volume in the cutaneous vessels due to the venoarterial reflex (VAR)

[35], [79], [88]. Autoregulation in the arterioles adjusts the blood vessel diameter in response to

the disruption in blood flow and perfusion pressure in the venues. When the hand is above the

heart level, the hydrostatic effect would cause the venous wall to collapse due to a drop in venous

pressure. This effect may cause vasodilation in the arterioles, so that blood volume in the arteriole

would increase. When the hand is below the heart level, venous vessels would distend, causing

vasoconstriction in the arteriole.
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AC pulsation from the papillary plexus and dermal plexus is regulated by the VAR at different

hand elevations [35]. But the AC pulsation across the plexus may have a distinct trend due to the

difference in the vessel function and mechanical properties. However, due to the nature of its

working principle, PPG is not able to track the change in volume trend from the dermal plexus

and papillary plexus separately [112].

Consistently, we observed the similar trend in the OCTA pulsatile directly measured from der-

mal plexus at changing hand elevations. In contrast, a distinct pattern was detected from papillary

AC amplitude, which may be induced by the change in pre-capillary blood pressure. When the

hand is at heart level and below heart level, the same volume of pulsating blood might be delivered

across the plexuses indicated by the same AC amplitude observed from both plexuses. When the

hand is above the heart level, reduced pre-capillary blood pressure may lead to a reduction of the

number of red blood cells being pushed into capillary vessels so that a decrease in AC pulsation is

detected [35].

Crest time, which is the time difference between the foot of the pulsatile signal and the systolic

peak, measures the time used for the rapid injection of blood during the systolic phase. Based on

previous studies, an increase in crest time is associated with increased blood flow resistance, aging,

or disease relative vascular changes [28]–[185]. Increased blood flow resistance would delay the

systolic phase. The trend of increasing crest time from all plexus detected by both PPG and OCTA

may indicate that there could be an increase in blood flow resistance as the hand changed from

below heart level to above heart level. The same trend was observed in the OCTA pulsatile signal

detected from both the papillary and dermal plexus, indicating that flow resistance has the same

influence on both plexuses. When the hand is changed into an elevated position, vasoconstrictions

in the arteriole may cause increased resistance resulted in an increasing trend in Crest time and vice

versa [45]. Capillary blood flow resistance is proportional to systemic hematocrit as red blood cells

being pushed into the bifurcated small capillary vessels. Hand elevation may induce a drop in local

blood pressure that induces flow resistance indicated by a decreased crest time.
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When the incident pulse wave moves from the heart to the peripheral vessels, it would come

across an impedance mismatch at vessel junctions and in small vessels that have high resistance

[152]. The impedance would influence the incoming blood flow generating a reflected pressure

wave, which is observed as the diastolic peak. Delta T, which is the time interval between the

systolic peak and diastolic peak, measures the time taken for the reflective wave from heart and

back. The trend of decrease in Delta T may be associated with the increased vascular tone, and

high pulse wave velocity occurred in the arteriole [78]. Both PPG and OCTA pulsatile waveforms

showed a decreasing trend in delta T as the hand was elevated above the heart. However, the same

pattern was detected in the dermal pulsatile but was not observed from that of the papillary plexus,

indicating that the vascular tone and wave velocity did not change in the capillary beds.

However, some morphology values were not significant when comparing under the condition

of different hand elevations. A couple of factors may induce high variation or noise. First, the

number of subjects tested in this study was limited. Even though geometric mean was used to

indicate the central tendency of the set of values, an insufficient sample size would limit the po-

tential to detect significant differences. A large cohort of subject study is warranted to increase

the statistical power for the current study. Second, the intensity signal measured at different sites

could be profoundly affected by local factors, including microvasculature density, local blood flow

activity, skin melanin, epidermal thickness, and so on [127].

In conclusion, we have demonstrated that OCTA is capable of generating pulse waveforms of

the blood volume change within the superficial skin tissue beds up to 1.5 mm in depth. OCTA

pulsatile waveforms showed similar morphological trend to that of the PPG studies at three dif-

ferent hand elevations. Benefiting from the depth-resolved information, we have found that the

trend of change in AC amplitude and delta T behaves differently in the papillary and dermal pul-

satility. The pattern of pulsatile morphology change follows the physical properties of the VAR

effect, which are due to vessel autoregulation adjustments, pre-capillary blood flow resistance and

pressure, and peripheral blood vessel reflectance. This technique may open doors for understand-

ing the mechanisms of how blood flow in different cutaneous plexuses responds to the VAR effect
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based on the changes in volumetric flux in blood vessels associated with the number of red blood

cells. We expect that it could also be developed for blood pressure measurement, disease assess-

ment, and risk stratification, or health condition of the individual’s blood vessel or heart chamber

indication.

97





5 Non-Invasive Characterization of

SkinMicrostructure and

Microvasculature Using OCT

Imaging

Functional OCT provides highly sensitive informa-

tion, allowing early detection and assessment at pre-

disease stages to prevent health conditions escalate.

While functional OCT has already proven invaluable in ophthalmology for retinal and corneal

imaging, its expansion into dermatology offers unique opportunities to address the limitations

of conventional diagnostic methods. This chapter focuses on OCT’s application in dermatology,

building on its high-resolution capabilities and functional imaging potential highlighted previ-

ously.

In dermatology, traditional diagnostic techniques, such as excisional biopsies, remain the gold

standard for cellular analysis but are invasive and often impractical for repeated follow-up studies.

High-frequency sonography, though widely used, falls short in resolution and contrast for detailed

skin imaging. By leveraging the principles of Michelson interferometry and advancements in light-

based imaging, OCT provides a non-invasive alternative capable of capturing microscale tissue

structures, offering significant diagnostic and monitoring advantages.
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Unlike the eye, where OCT imaging benefits from naturally low scattering and high trans-

parency, skin presents distinct challenges due to its opacity and high scattering properties. Build-

ing on the principles discussed in earlier chapters, this section explores how OCT utilizes the “diag-

nostic window” in the 700-1300 nm wavelength range to penetrate deeper into the skin, enabling

visualization of tissue inhomogeneities. However, scattering events, absorption by melanin and

hemoglobin, and refractive index variations introduce artifacts that must be managed to achieve

accurate imaging. Technological advancements, such as systems with high output power and dy-

namic range, play a crucial role in isolating directly reflected photons that carry critical image in-

formation.

Building on the advancements in OCT imaging techniques discussed earlier, this chapter delves

into its role in dermatology for detecting skin abnormalities and evaluating suspicious lesions.

While dermoscopy combined with biopsy remains the standard for skin lesion evaluation, OCT

offers the potential to visualize tissue structures non-invasively, enhancing diagnostic capacity

while avoiding the drawbacks of traditional methods. Additionally, functional OCT techniques,

as previously introduced, have the potential to expand OCT’s accuracy and utility in diagnosing

specific conditions, including skin cancer.

The imaging contrast in OCT arises from the backscatter of light as it interacts with struc-

tures of varying optical densities. This principle, introduced in earlier discussions, enables OCT

to provide both diagnostic and therapeutic insights. For diagnostic applications, OCT leverages

tissue optical properties to assess depth-resolved structures, while for therapeutic purposes, it pre-

dicts light distribution and energy deposition for treatment planning. By integrating tissue optical

properties into light transport models, OCT enables more precise predictions of light behavior,

supporting its diagnostic and therapeutic roles in dermatology.

This chapter builds on the foundational modalities of OCT introduced earlier, extending its

application to dermatology and emphasizing its ability to provide non-invasive assessments of skin

structure and cutaneous capillaries.
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5.1 Investigation of the effect of compression pressure in

contact OCT imaging on the measurement of epidermis

thickness

Optical coherence tomography (OCT) is a noninvasive 3D imaging technique that offers signif-

icant advantages over traditional microscopy and biopsy in measuring epidermal thickness (ET)

when assessing skin conditions. However, OCT imagining is often required to be in contact mode

to mitigate subject movement and uneven skin geometry. It is, however, not known whether the

contact would affect the ability of ET measurements. In this study, we investigate the relationship

between contact pressure applied during skin imaging and the accuracy of ET measurements. By

monitoring real-time pressure on the contact probe, we observed progressive deformation in the

epidermis with increased compression forces. We observed a notable decrease of up to 13% ET

measurement and a 100% decrease in capillary vessels with contact pressure at 69kPa. We also

observed different deformation properties in scar tissue compared to nearby healthy tissue. Our

study demonstrated the importance of controlled pressure in contact imaging in dermatology as-

sessment, which is often neglected.

5.1.1 Introduction

Because the epidermis acts as the outermost barrier for protection, immune defense, sensory,

and thermoregulation, its proper and accurate measurement has become one of the important

biomarkers in the assessment of skin conditions, such as burn injuries [122], [71], inflammation

[155], [182], dermatological disorders [203], [39], [89], [1], and cosmetic-related research [53], [101],

[111], [34], [149]. Subtle variations in the epidermis can signal the skin’s resilience or vulnerability

to environmental factors (UV radiation), aging, and skin cancer [1]. Compared to optical mi-

croscopy (skin biopsy), optical coherence tomography (OCT) is an optical imaging method with

micron-level resolution and the added benefits of millimeter-level penetration depth without in-

vasive biopsy. OCT can provide depth-resolved cross-section images, which could serve as an ideal
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tool for precise assessments of the superficial skin layers: stratum corneum, epidermis, and dermis

[122], [182], [203], [148], [13], [67]. The epidermis can be segmented from the dermis through the

dermal-epidermal junction (DEJ) based on the difference in intrinsic optical properties and tissue

architecture between these two skin layers. The utility of observing a subtle change in epider-

mis thickness with OCT has been demonstrated for disease assessment, for example, skin carci-

noma [148], [60] and scleroderma [1] These features make OCT a valuable tool for qualitative and

quantitative assessment of subtle changes in epidermal thickness. Additionally, the functional

OCT, OCT angiography, enables the simultaneous assessment of the vasculature within skin tis-

sue beds without a need for a contrasting agent while at the same time providing the measurement

of epidermal thickness[144], [52], [84]. Although OCT is commonly used as a non-contact imag-

ing technique, its application in in vivo skin measurement is limited by several challenges such

as patient movement, uneven skin geometry, and specular reflection from the skin surface. The

relatively moderate acquisition speed ( 1.5 sec per 3D scan) and the relatively bulky and unfixed

imaging probe also lead to challenges in aligning the probe with the patient’s skin and remaining

stable during imaging. Thus, a contact approach is often used in skin imaging to mitigate these

challenges [148], [191], [199], [202]. Using a glass window in front of an imaging spacer between the

probe and the skin can flatten the skin and stabilize motion during imaging, which is also helpful

for locating the imaging region [150]. However, the extent to which the epidermis deforms under

compression from the imaging probe is unknown. Under contact pressure, the intrinsic flexibil-

ity and cellular composition of the epidermis make it susceptible to deformation, leading to the

measurement of the epidermis thickness being underestimated. Recognizing that pressure could

influence the accuracy of epidermis thickness measurement, in this paper, we utilized a contact

OCT imaging probe integrated with a pressure sensor to assess how the epidermis would deform

during contact imaging. By measuring the changes in epidermal thickness and capillary density

within the superficial papillary dermis under different pressures, we aim to find the settings for

reliably producing reproducible OCT scans and measurements, which is crucial for skin assess-

ment.
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5.1.2 Method

Human subjects

The study was approved by the Institutional Review Board (IRB) from the University of Wash-

ington. The study involved six volunteers (3 female and 3 male) aged between 20 - 30 years old

with Fitzpatrick’s phototype II, III, and V skins. Written consent for the research was obtained

from each participant before imaging.

OCT imaging system

For our study, we employed an in-house-built swept source OCT system (SS-OCT). The config-

uration of this system closely resembles the setup used in our previous study [85]. The imaging

system utilized a 200 kHz swept laser source (SL1310V1-10048, Thorlabs Inc.) with a central

wavelength of 1310 nm and a bandwidth of 100 nm, resulting in an axial resolution of approxi-

mately 7.5 μm in air and 5.4 μm in tissue assuming the reflective index of 1.38. An LSM03 ob-

jective lens (Thorlabs Inc., USA) was employed to deliver the light onto the sample with a 5mW

power. This probe provided a lateral resolution of approximately 25 μm. The system’s dynamic

range was measured at around 105 dB.

To maintain consistent contact between the probe and the skin of interest during imaging, we

affixed a sample spacer to the probe and attached a disposable glass cover window on the space in

contact with the skin as described in our previous study [191]. Force sensors were implemented to

regulate the pressure exerted on the skin surface during OCT imaging acquisition. These sensors

provided real-time force monitoring and recording, allowing for the measurement of the force or

pressure applied to the skin surface during imaging [191].

Imaging protocol

Prior to OCT imaging, the imaging area on the forearm of the volunteer was cleaned and dis-

infected to remove debris. A washable marker was used to label the measuring site to maintain

consistency in the imaging location. During scanning, the handheld probe was placed perpendic-
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ular to the skin surface. Once a pressure level was stabilized, an OCT volume scan was captured,

covering an area of approximately 8mm × 8mm × 1.5mm (approximately 500 × 500 × 200

pixels) in the x (fast axis), y (slow axis), and z (penetration into the skin) directions, respectively.

Each B-scan location within the 3D scan was repeated 8 times for the OCTA imaging protocol.

The acquisition time for each 3D scan was approximately 1.5 seconds.

To assess the genuine effects of mechanical stress on OCT imaging by applying different pres-

sure levels (approximately 0, 11, 17, 32, 45, and 69 kPa), the operator generated compression pres-

sure by pressing the imaging probe onto the skin against the volunteer’s forearm with the aid from

the real time readings of the pressure sensor. To ensure and demonstrate data consistency, reliabil-

ity, and repeatability, the scanning process was repeated at least three times regarding each pressure

application. Between each consecutive scans, the imaging probe was detached and realigned to the

same skin region of interest utilizing the white light camera for precise positioning.

Automated Segmentation of the Epidermal Layer

The mean OCT intensity B-scan image was taken for each 8-repeated B-frames and then log-

compressed to reconstruct a tissue structural image based on light scattering. Figure 1 demon-

strates the 3D rendering of a representative scan of the skin tissue with one representative cross-

section scan, showing the depth-resolved information. The epidermis typically exhibits lower

OCT intensity than the papillary dermis due to its distinct cellular structure, as demonstrated

in Figure 1B. The segmentation of the epidermal layer in the 3D scanned volume was accom-

plished by detecting the dermal-epidermal junction using the difference between the intrinsic op-

tical properties of the skin layers.

Firstly, the surface of the skin was detected with a semi-automatic segmentation software[184].

Then, the dermal-epidermal junction was detected by the maximum change within the structure

intensities (red-line in Figure. 1b), which is based on the maximum derivative points using the dif-

ferentiation model (the first derivative of Gaussian). Following the completion of segmentation,

a manual check was conducted to ensure the segmentation accuracy.
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Figure 5.1: Workflow from 3D OCT scans to obtain epidermis thickness (ET) map. (a) 3D volume ren-
dering of a representative optical coherence tomography scan, subject to segmentation. (b)
representative B-scan showing the segmentation lines representing skin surface (blue line) and
dermal-epidermal junction (DEJ, red line). The volume is segmented into two volumes: (c) the
epidermis, and (d) the dermis, respectively. (e) en face ET map from the 3D epidermis volume
shown in (c), false-color coded with the thickness information

After the surface and DEJ junction segmentation, the segmented volumes of epidermis (Fig-

ure. 1c) and dermis (Figure. 1d) were obtained. The epidermis volume was used to calculate the

distance between the skin surface and the dermal-epidermal junction and projected to 2D en face

maps for visualization of the spatial distribution of the epidermis (Figure. 1e). The thickness mea-

surement was then converted from pixels to microns using the conversion factor that each pixel

represents 3.75 microns. For better visualization, the thickness variation was represented with a

color-coded en-face map that provides a top-down perspective of the thickness differences (Fig-

ure. 1e). Finally, an average epidermal thickness of the imaging region of interest was calculated as

the average distance between the top of the skin surface and the DEJ junction within the whole

field of view.

Optical Coherence Tomography Angiography

To obtain the skin microvascular information, temporal changes across the eight repeated B-scans

were used to reconstruct vascular structures across the field of view (FoV) using the eigendecomposition-
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based optical microangiography (ED-OMAG) method to create the OCT angiography (OCTA)

images, representing microvascular information with the scanned tissue value [52], [151]. The en-

face vasculature images were obtained by the maximum intensity projection from the 3D OCTA

volume scan, specifically from the slab extending from the dermal-epidermal junction (DEJ) to

200 micrometers below corresponding to the papillary dermis. The vessel area density (VAD)

metric was calculated by the percentage of pixels that are occupied by the capillary blood vessels

in the en-face OCT image. Specifically, the grayscale OCTA enface scan was converted to a binary

vessel area map for the calculation of the VAD as a ratio[55].

Statistical Analysis

Statistical tests were conducted to understand the extent of subtle epidermis deformation with

the applied pressure levels and to pinpoint specific pressure points where the skin undergoes sig-

nificant changes. A one-way analysis of variance (ANOVA) test was performed to compare the

normalized epidermal thickness between imaging sessions. A significance level of p < 0.05 was

employed to determine statistical significance.

5.1.3 Results

To evaluate the effects of mechanical pressure on the epidermis due to contact, a range of pressures

from 0 kPa to 69 kPa was exerted onto the skin regions of interest. Figure 2 demonstrates the visual

changes in epidermis thickness and microvasculature over the range of contact pressures applied.

The cross-sectional OCT images (Figure 2, panels C and D) were selected to display the depth-

specific details of where the epidermal-dermal junction lies.

Figure 3 illustrates the impact of compression on epidermal thickness and vascular imaging

measured from OCT and OCTA volumes at the pressure level of 69 kPa. The epidermal thick-

ness before and after compression (Figures 3a and 3b) showed a notable reduction in thickness.

Cross-sectional OCT images (Figures 3e and 3g) show the deformation of the epidermis under

compression, where the DEJ segmentation becomes closer to the surface segmentation.
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Figure 5.2: Visualization of the OCT-derived epidermal thickness (ET) map and microvascular maps illus-
trating changes under various pressures (as shown in top) applied to the skin regions of interest:
(A1-6) Enface ET maps, and (B1-6) OCTA microvascular maps, respectively. (C1-6) represen-
tative OCT structural cross-sections B-frames at the positions marked as dashed lines in panel
A, overlaid with (D1-6) the segmentation lines of skin surface (red line) and DEJ junction (blue
lines). The ET and vascular maps are false-color coded with the color bar shown on the right.
The scale bar represents 2 mm
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Figure 5.3: Comparative OCT and OCTA images between 0kPa and 69kPa. (A) The epidermis projection
maps demonstrate the notable changes in thickness (A) without and (B) with contact pressure
applied, respectively. The OCTA capillary projection maps of papillary dermis demonstrate the
skin microvasculature (C) without and (D) with contact pressure applied, respectively. (E-H)
Representative OCT B-scans showing the changes in tissue morphology and vasculature (E,F)
before and (G, H) after the pressure is applied on the skin region of interest, where for better
appreciation, (E, F) a representative A-scan profile (red) is overlaid on the B-scan image and (F,
H) representative OCTA signals are overlaid on the B-scan images, respectively.
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Figure 5.4: Measured changes in (A) epidermal thickness (ET) and (B) vascular density (VAD) as a func-
tion of applied pressures, respectively. The curves represent the normalized values against the
baseline (no pressure applied). The error bars indicate the standard deviation from three repeti-
tions. Each color corresponds to a different volunteer. ns denotes non-significant, ***, and ****
indicate p values of 0.001 and p values < 0.001, respectively.

Without pressure applied on the skin surface, a dense capillary bed can be appreciated within

the tissue, particularly in the superficial dermal layer, corresponding to the papillary dermis (Fig-

ures 3c and 3f). When a 69 kPa pressure is applied, most of the superficial capillaries become

undetectable both in the projection image (Figure 3d) and in the B-scans (Figure 3h).

The measurements of ET and VAD as a function of the applied pressures are displayed in Fig-

ure 4. A negligible effect on ET measurement was observed under mild pressure (below 11 kPa)

for most participants (Figure 4a), except for one subject. Epidermal deformation became signif-

icant when the compression pressure exceeded 17 kPa and continued to decrease as pressure lev-

els increased. The VAD measurements showed a significant decreasing trend under compression

(Figure 4b). Specifically, we observed up to a 10% decrease in ET and a 100% decrease in VAD

between the two extreme pressure levels (0 kPa and 69 kPa).

Next, we extended our study to a special case by examining the change in ET and VAD on a

one-week-old re-epithelialized scar in a 25-year-old participant (Figure 5). Figure 5a shows a pho-

tograph of the scar taken with a standard camera using visible light, which does not provide any

details about the skin’s thickness or blood vessels in the scar tissue. With the ET map from the

OCT scan, the scar appears thicker than the surrounding healthy tissue (Figures 5b and 5d), and
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no capillary was observed below the scar (Figure 5c). When a pressure of 69 kPa was applied to

the scar, the ET map changed differently between the scar tissue and surrounding healthy tis-

sue (Figure 5e), and the capillaries within the papillary dermis of the surrounding healthy tissue

were diminished (Figure 5f). We observed a significant decrease in ET quantification in both the

scar tissue and surrounding healthy skin (12.5% and 13.8%, respectively), indicating that under

the compression pressure of 69 kPa from the imaging probe, the scar deformed 7% less than the

healthy tissue.

5.1.4 Discussion and conclusions

In this study, we investigated the impact of contact OCT/OCTA imaging on skin imaging and

observed that the epidermis and papillary capillaries are susceptible to subtle external pressures.

Despite OCT studies that investigated cutaneous skin characteristics often choosing to use con-

tact imaging [60], [199], [130], none reported the effect of contact pressure. The influence of me-

chanical stress exerted by the contact imaging probe has often been underestimated. Notably, this

finding extends beyond OCT studies alone, as it is also relevant to various contact-based epidermis

assessing techniques such as ultrasound [53], [34] and Skin Chips [111].

As shown in Figure 4, even slight pressure can change the epidermis measurements or microvas-

cular perfusion within the tissue beds. This result demonstrated the sensitivity of OCT imaging

and how contact imaging could potentially affect the accuracy of the measurements. Maintaining

consistent contact pressure helps to minimize variability in measurements of epidermal thickness.

This standardization is essential for longitudinal studies, clinical assessments, and treatment mon-

itoring. The high-resolution and non-invasive nature of OCT imaging makes it a perfect tool to

detect subtle changes in skin architecture with high precisions, especially the dermal-epidermal

junction, which is often indicative of skin healthiness.

Figure 5 demonstrates the capability of discovering different levels of deformation in scar tis-

sue when the imaging was conducted with a contact mode compared to nearby healthy skin. The

thickness of cutaneous wounds and angiogenesis microvascular analysis from the surrounding
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Figure 5.5: Evaluation of epidermal thickness and vascular information in a scar tissue before and after a
pressure of 69 kPa is applied. (A) white light imaging of the scar tissue. The white box represents
the OCT imaging field of view. (B) Measured epidermis thickness map and (C) OCTA vascular
map without pressure applied. (D) Representative B-scan with and without segmentation lines
overlaid at the position marked by the dashed line in (B). (E) Measured epidermis thickness
map and (C) OCTA vascular map with a pressure of 69 kPa applied. (G) Representative B-scan
with and without segmentation lines overlaid at the position marked by the dashed line in (B).
The table at bottom shows the measured values of epidermal thicknesses before and after the
pressure was applied.
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Figure 5.6: Mechanical properties and force dynamics in the skin. The left panel illustrates the epidermis
components, including the stratum corneum, stratum granulosum, spinous spinosum, and
stratum basale. The right panel is demonstrated as a load-bearing layer subject to forces like
compression and stretch. These forces are shown as being transmitted within and across the
skin layers. (Figure generated by BioRender)

capillary are the important biomarkers indicatives of the wound healing process [59], [102], [32].

Contact compression affects both the scar thickness and the integrity of microvascular informa-

tion surrounding the scar. These results inferred the importance of precise pressure control during

contact OCT imaging to ensure accurate and robust measurement, especially for the real-world

scenarios of clinical diagnosis and cosmetic research.

When pressure is applied to the skin, the epidermis can undergo compression due to several

intrinsic and extrinsic components that govern its mechanical response (Figure 6). The structure

of the epidermis, which is composed of layers of keratinocytes, is designed to provide a barrier and

protect underlying tissues. These cells can be compressed closer together under external pressure

temporarily, protecting the skin from damage by absorbing and dissipating mechanical forces. A

well-hydrated epidermis may exhibit more resilience to compression, while dry skin might be more

susceptible to deformation[98].

Our results showed that the epidermis measurement is not susceptible to mild pressure (11 kPa)

among all participants, with one subject not showing deformation to the others. This can be

attributed to the inherent heterogeneity in skin responses to mechanical stimuli. Studies have
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Figure 5.7: (A) Demonstration of the epidermis change of one participant with a finer scale of applied pres-
sure. (B) the corresponding relationship between the strain and stress was calculated from the
applied stress.

indicated that skin composition, thickness, and mechanical properties react variably to external

pressure, leading to different outcomes in individuals [62]. Research also demonstrated that the

epidermis’s water content varies among individuals, indicating that the skin’s hydration levels and

response to pressure can vary [83]. Therefore, the diverse responses observed in the epidermis

measurements under mild pressure, including the outlier subject, can be attributed to the com-

plex interplay of variation in skin properties, hydration levels, and structural characteristics of the

epidermis among participants.

By being sensitive enough to measure micrometer-scale changes, it may be envisioned, as a

byproduct of this study, that the stiffness of the skin may be estimated with contact OCT imaging

combined with the pressure sensor[97], [57]. Because of the ability of OCT imaging to measure

the subtle changes in the epidermal thickness with known applied pressures, we conducted a pre-

liminary experiment on one subject with a finer scale of pressures applied on the skin surface and

then estimated the stress vs strain relationship, which is displayed in Figure. 7. The collagenous

tissues like the skin can lead to an approximately exponential relationship between normal stress

and strain in determining the nonlinear shear elastic response[97], [120], [31].

Using compression force and the epidermis thickness measurement to measure stress and strain

in biological tissues can provide insights into tissue microstructure, but accurately quantifying
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stress and strain in the epidermis is challenging due to difficulties correlating measured displace-

ments with actual mechanical properties. The measurement of strain is limited by the boundary

condition between the dermal and epidermal structures and the accuracy and homogeneity of the

application stress using the design of the pressure sensors. Though we discussed the promising

compression-related changes observed in the epidermis with our OCT scans, limitations exist for

this study. First, the maximum difference of ET measurement between the two compression pres-

sures is around 5-10%, around the axial resolution of the system in tissue. These subtle changes

are reflected in the average ET calculated from the whole field of view (8mmx8mm), assuming a

homogeneous epidermal structure. It provides an overall statistical assessment of epidermal defor-

mation that aligns with the system’s resolution capabilities. However, the variations in local cellu-

lar structure, epidermal thickness, and the presence of hair follicles and sweat glands may exhibit

different responses to external forces. These variations could contribute to the epidermis’ hetero-

geneous nature and can influence the overall averaged ET measurements. The local variations in

the cutaneous skin under contact pressure should be evaluated in future studies. Additionally,

although efforts were made to include volunteers with different skin types at similar age groups to

mitigate potential bias, intrinsic factors like age, gender, ethnicity, and skin pigmentation can be

further investigated to understand individual and collective impacts on epidermal deformation

[101], [82]. Local variations in skin properties can introduce significant challenges in obtaining

precise measurements across different anatomic locations and Fitzpatrick skin types[138]. Thus,

a more comprehensive analysis with a larger participant size that considers the complex interplay

of the aforementioned factors should be considered. In summary, this study investigated the im-

pact of contact optical coherence tomography (OCT) imaging on the epidermis and capillaries.

The findings demonstrated the sensitivity of OCT imaging to subtle pressure changes, which can

potentially skew the measurement. Despite the common use of contact imaging in in vivo epi-

dermis measurements used in previous OCT studies, the results evaluated the need for careful

consideration of the design for contact-based epidermal assessment techniques to ensure accurate

and reliable clinical measurements.
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5.2 Investigation of the effect of compression pressure in

contact OCT imaging on the measurement of epidermis

thickness

This study presents a calibrated approach for Optical Coherence Tomography (OCT) to enable

quantitative measurements of tissue anisotropy, aimed at improving the understanding of light-

tissue interactions across different skin layers. OCT provides noninvasive, depth-resolved imag-

ing with cellular resolution; however, it does not inherently measure scattering properties such

as the scattering coefficient (µs), reduced scattering coefficient (µ′
s), and anisotropy factor (g).

This work calibrated OCT using Mie theory with polystyrene standards to quantify the optical

attenuation coefficient (µ) and reflectivity (ρ) from OCT A-scans. Monte Carlo simulations were

employed to calculate anisotropy across skin layers, showing the epidermis with high anisotropy

(g = 0.9) due to small, uniform cells with forward scattering. The papillary and reticular dermis

exhibited moderate anisotropy (g = 0.7 − 0.8), with less directional scattering from collagen

fibers with diffuse scattering. This calibration of OCT measurements facilitates the simulation of

light transport in tissues for applications such as laser dosimetry and the quantification of biolog-

ical parameters like tissue composition. These findings support the use of OCT as a quantitative

tool for assessing tissue anisotropy, which has potential implications for tissue analysis in biomed-

ical applications.

5.2.1 Introduction

Optical Coherence Tomography (OCT) has become an essential tool for noninvasive, high-resolution

imaging of biological tissues, enabling cellular-level visualization of microstructural details across

various layers of the skin. However, while recent OCT studies effectively reveal structural features

of the skin using the optical attenuation coefficient [12, 23, 30, 49, 108, 180], it does not inherently

quantify optical properties such as the scattering coefficient (µs), reduced scattering coefficient

(µ′
s), or anisotropy factor (g). These properties are fundamental to understanding how light in-
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teracts with biological tissues and are critical for applications requiring precise light transport mea-

surements [81, 193].

Quantifying tissue scattering properties helps understand how light interacts with the distinct

structures within skin layers[43, 69, 73, 192]. Each layer exhibits distinct structural and composi-

tional characteristics that influence light transport. As the outermost layer, the epidermis contains

densely packed, uniformly sized cells that lead to more forward scattering due to their compact

arrangement. Beneath the epidermis, the papillary dermis consists of loosely organized collagen

fibers, leading to broader and less directed scattering as light interacts. The reticular dermis, the

deepest layer, comprises larger and densely packed collagen fibers, resulting in highly diffuse scat-

tering due to the big collagen bundles. These differences in cell density and collagen fiber organiza-

tion across layers create unique optical environments that influence how light propagates through

each skin layer[50, 73].

To quantify µs and g, this study calibrates OCT to align with theoretical predictions based

on Mie scattering principles theory to assess tissue properties effectively [38, 81, 95, 125]. Calibra-

tion was performed by integrating polystyrene microsphere standards with OCT, allowing for the

measurement of the optical attenuation coefficient (µ) and reflectivity (ρ) directly from OCT A-

scans. By implementing Monte Carlo simulations to model light propagation through human

skin, this study infers reduced scattering coefficients (µ′
s) by analyzing the relationship between µ

and ρ and using the scattering coefficient (µs) and anisotropy factor (g).

This calibrated approach enables OCT to serve as a quantitative tool for assessing tissue com-

position with anisotropy. It expands its applications in fields that rely on light-tissue interac-

tion modeling, such as laser dosimetry. Additionally, this approach allows for the conversion of

optical measurements into biological parameters—such as tissue density, size, and collagen con-

tent—which may support clinical decision-making by identifying altered or abnormal tissues. In-

tegrating Mie theory-based calibration and Monte Carlo simulations with OCT structural imag-

ing represents a novel framework for advancing OCT from qualitative imaging to a tool capable
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of quantifying scattering properties, thus providing a comprehensive method for understanding

and simulating tissue health and composition across various biomedical applications.

5.2.2 Method

Optical Coherence Tomography (OCT) System

A custom-built OCT system operating at a center wavelength of 1310 nm was used to acquire

depth-resolved scans. The OCT system has an axial resolution of 6.5 µm and a lateral resolution

of 24 µm in tissue. For each measurement, the OCT system acquired B-scans and corresponding

A-scans at a frame rate of 50 frames per second. The data were collected in BM mode by capturing

a single B-scan at each location before moving to the next B-scan position, continuing this process

until the entire volume was scanned. Along the fast axis, each B-scan consisted of 500 A-scans,

captured at an A-scan rate of 200 kHz. The complete volume scan consisted of 500 B-scans along

the slow axis, covering a total area of 8 mm × 8 mm × 3.75 mm. Each scan of the full volume was

completed in approximately 1.75 seconds.

Preparation of PolystyreneMicrospheres

Polystyrene microspheres were used as a calibration standard to calibrate the OCT measurements

to theoretical predictions of light scattering. A solution of polystyrene microspheres with a diam-

eter of 0.1 µm was prepared in a 96-well microplate at different concentrations between 0.1 and

2.5%. The depth-resolved OCT a-scan from these samples was used to extract the attenuation

coefficient (µ) and reflectivity (ρ) values.

OCT Imaging andMeasurement of Skin Layers

This study involving human skin samples complied with ethical guidelines and was approved by

the Institutional Review Board (IRB) of the University of Washington. All procedures adhered

to the principles outlined in the Declaration of Helsinki, ensuring participants’ safety, privacy,

and well-being. Before sample collection, informed consent was obtained from all participants,

117



Figure 5.8: Depth-Resolved log-scale OCT Imaging of Skin Layers with A-Scan Analysis for skin. (a) OCT
image of skin. The red line indicates the A-scan position. The white box indicates the zoomed-
in positions. Unflatten picture co-align surface at 1 plane. (b) Averaged A-scan intensity pro-
file with different slopes corresponding to different layers of the skin from red box in (a). (c)
Zoomed OCT intensity map with labeled skin structures. Scale bar represents 1mm

who were fully informed about the study’s purpose, procedures, and potential risks. OCT mea-

surements were performed on 15 in vivo human skin samples obtained from the forearm of 5

volunteers (M=2, F=3).

To extract OCT depth-resolved a-scans from the skin images, the OCT B-scans were flattened

to correct the curvatures in the skin surface. Next, to reduce OCT shot noise and increase the

signal-to-noise ratio, every ten adjacent A-scans were averaged to create a single representative

OCT scan. Figure 1 demonstrates the structural organization of human skin layers in an OCT B-

scan image, which reveals distinct layers, including the epidermis and dermis. In Figure 1(c), the

OCT B-scan image shows the depth-resolved cross-section of the skin, revealing distinct layers.

Figure 1(b) presents the depth-resolved A-scan intensity profile corresponding to the red line in

(a). The epidermis, papillary dermis, and reticular dermis layers were then manually labeled based

on distinct changes in OCT signal attenuation and intensity. The layer boundaries were marked

at the first noticeable transition in the attenuation profile and OCT intensity, which aligned with

each layer’s structural and optical characteristics (Figure 1).
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Workflow for extracting anisotropy and scattering coefficients

Figure 2 depicts the workflow of this study to obtain the anisotropy (g) and scattering coefficient

(µs) values. The workflow includes three main stages: standard calibration, calibration correction,

and Monte Carlo (MC) simulation.

The initial step involves standard calibration using OCT A-scans for polystyrene samples. The

attenuation coefficient and reflectivity of each layer were then calculated using linear regression

of the OCT reflectance (ROCT) in log scale by the linear equation ROCT = (slope · zdepth) +

y-intercept, where the slope corresponds to the attenuation coefficient (in [dmm$^{-1}$]), and the

y-intercept represents the reflectance. A correction is applied to the attenuation and reflectance

using the coefficients obtained from the polystyrene standards to correspond with the prediction

from Mie Theory (Figure 2).

The corrected values of µ and ρ are inputs for the MC simulation. In the MC simulation, a

grid is generated using the scattering parameters (e.g., µs, OCT coherence gate length LCG, back

scatter factor b, and the numerical aperture NA). The MC simulated grids tell the optical prop-

erties, allowing for the calculation of the anisotropy (g), scattering coefficient (µs), and reduced

scattering coefficient (µ′
s = µs(1−g)), which are essential for characterizing tissue optical prop-

erties.

5.2.3 Results

Polystyrene standards were employed to calibrate the OCT system for accurate measurements of

tissue scattering and reflectivity (Figure 3). OCT depth profiles were acquired for polystyrene

microspheres suspended in a microplate well, spanning concentrations from 2.5% to 0.1%. The

theory predicts a linear relationship between particle concentration and attenuation coefficient,

and this was confirmed by the data, which demonstrated an excellent linear correlation between

particle concentration and the attenuation coefficient. Concentrations below 0.5% were excluded,

as the reduced particle density led to decreased scattering efficiency, with water absorption domi-

nating the signal. This resulted in insufficient scattering properties for reliable calibration.
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Figure 5.9: Calibration workflow for calculating optical properties of biological tissue using Mie theory
and Monte Carlo (MC) simulations. This workflow comprises three main stages: standard
calibration, calibration correction, and MC simulation. The Henyey-Greenstein phase func-
tion, represented by b, is used to model the angular scattering distribution, described by:
b = p(cos θ) = 1−g2

(1+g2−2g cos θ)3/2
. The MC simulation incorporates several factors to re-

fine the model, including the geometric factor GNA ≈ 1− exp
(
− NA2

2(1−g)

)
. Additionally, the

scattering coherence modulator ag is defined as ag = 1− e−(
1−g
0.155 )

2

.

In Figure 4(a), the experimental scattering coefficient (µexpt) demonstrates a strong linear corre-

lation with the Mie-predicted scattering coefficient (µmie), following the equationµexpt = 0.241+

0.493 × µmie. Similarly, Figure 4(b) shows a linear relationship between the dimensionless scat-

tering parameter (ρexpt) and its theoretical counterpart (ρmie), with a calibration equation ρexpt =

4.5× 105 + 1.0× 1012 × ρmie.

Figure 5 presents the relationship between the experimentally measured attenuation coefficient

(µ) and the dimensionless reflectivity (ρ), compared against Mie theory predictions. The gridlines

illustrate the corresponding theoretical scattering coefficients (µs) and anisotropy factors (g) us-

ing Monte Carlo simulation. The uncorrected experimental data (green circles) exhibit higher µ

values than Mie theory (black line), particularly at lower concentrations. After applying correc-

tions based on Mie theory (cyan circles), the data align more closely with the theoretical predic-

tions. However, the correction using the exponential decay method (red circles) underestimates

µ, especially at lower reflectivity values.
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Figure 5.10: Comparison of optical properties of polystyrene samples measured by OCT with Mie theory.
(a) Depth profile of polystyrene microspheres in a phantom visualized by OCT. (b) A-scan of
polystyrene at 2.5% from the solid white line in (a), showing attenuation and reflectivity. (c)
Experimental attenuation coefficientµexpt compared with Mie theory as a function of concen-
tration. (d) Measured reflectivity ρexpt compared with Mie theory as a function of concentra-
tion.

Figure 5.11: Calibration of experimental scattering measurements against Mie theory predictions. (a) Cal-
ibration curve for the scattering coefficient (µexpt) in units of [d1/mm] compared to the theo-
retical Mie scattering coefficient (µmie). (b) Calibration curve for the dimensionless scattering
parameter (ρexpt) compared to the Mie-predicted scattering parameter (ρmie).
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Figure 5.12: Calibration of experimental scattering measurements against Mie theory predictions. (a) Cal-
ibration curve for the scattering coefficient (µexpt) in units of [d1/mm] compared to the theo-
retical Mie scattering coefficient (µmie). (b) Calibration curve for the dimensionless scattering
parameter (ρexpt) compared to the Mie-predicted scattering parameter (ρmie).

Figure 6 illustrates the relationship between the experimentally measured scattering coefficient

(µs) and dimensionless reflectivity (ρ) across different skin layers—epidermis, papillary dermis,

and reticular dermis—alongside Monte Carlo predictions. The scattering coefficient values, µs,

range from approximately 1 to 3 for the epidermis, 1 to 2 for the papillary dermis, and 0.5 to 1

for the reticular dermis, with corresponding anisotropy factor (g) values of 0.9 to 0.95 for the

epidermis, 0.7 to 0.8 for the papillary dermis, and 0.7 to 0.85 for the reticular dermis. The experi-

mental data points form distinct clusters for each layer, reflecting the unique scattering properties

(represented by µs) and anisotropy factors across skin layers.

5.2.4 Discussion

This study demonstrates the feasibility of calibrating Optical Coherence Tomography (OCT)

measurements with theoretical predictions using Mie theory and polystyrene standards to pro-

vide a comparative basis for theoretical and experimental data alignment. Through the calibration

process, we derived the scattering coefficient (µs) and anisotropy factor (g) using Monte Carlo

simulations to explore the optical properties across different layers of human skin to quantify op-
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Figure 5.13: Calibration of experimental scattering measurements against Mie theory predictions. (a) Cal-
ibration curve for the scattering coefficient (µexpt) in units of [d1/mm] compared to the theo-
retical Mie scattering coefficient (µmie). (b) Calibration curve for the dimensionless scattering
parameter (ρexpt) compared to the Mie-predicted scattering parameter (ρmie).

tical properties in biological tissues. This framework offers insights into OCT’s ability to measure

tissue properties quantitatively and potentially advance its application in in vivo diagnostics.

The reflectivity calibration, ρ, was performed by measuring the intensity from OCT A-scans

of polystyrene standards and matching it with theoretical predictions from Mie theory. This ap-

proach converts OCT intensity values (in arbitrary units) to reflectivity values, effectively correct-

ing for variations in OCT input power, collection efficiency, dynamic range, and numerical aper-

ture (NA), making reflectivity correction straightforward and theoretically predictable [86]. One

aspect that requires careful consideration is the variation in viewing angle. Angle changes affect

the reflectivity signal’s perceived intensity, which cannot be easily corrected through theoretical

adjustments alone.

Similarly, the alignment of the scattering coefficient, µ, was achieved by measuring the slope

from OCT A-scans of polystyrene standards and matching it with Mie theory. This calibration

corrects the focus function and system sensitivity roll-off to reflect correspondence between ex-

perimentally observed OCT data and expected values from Mie theory[43, 92].

The scattering coefficient (µ) and anisotropy factor (g) calculated using Monte Carlo simula-

tions introduce new insights into OCT’s clinical and research applications. Quantifying these

parameters allows for a better understanding of tissue scattering and the directionality of light
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propagation, both critical for modeling light behavior in tissues. This quantitative framework en-

hances OCT’s potential as a diagnostic tool by providing more detailed insights into tissue com-

position, which could support applications such as cellular and molecular characterization, such

as density, sizes, and shapes based on scattering properties.

In this study, in vivo OCT measurements of human skin revealed distinctive scattering charac-

teristics across specific tissue layers. The epidermis, which exhibited an anisotropy factor ranging

from 0.9 to 0.95, showed lower attenuation than the dermal layers, likely due to its higher density

of smaller and more tightly packed keratinocyte cells. In contrast, the papillary dermis displayed

an anisotropy factor between 0.7 and 0.8, while the reticular dermis ranged from 0.7 to 0.85.

The dermis is notably more collagenous, particularly in the reticular layer, which demonstrated

the highest scattering coefficient values (µ), indicating increased light scattering due to its dense

collagen composition. These observations align with the known optical properties of skin, sup-

porting the feasibility of calibrated OCT to differentiate between the layered skin structures and

compositions effectively.

For applications with low scattering coefficients (typically under 10 mm−1), a single scattering

model can adequately represent OCT scattering effects [12, 63, 108]. However, a limitation in this

study arises from relying on this single scattering approach to model the attenuation coefficient.

This method does not consider multiple scattering contributions from tissue elements like blood,

collagen, and cellular structures, which can influence the OCT signal, especially in more complex

tissues. This method can also incorporate multiple scattering models if the sample involves higher

scattering environments [93, 168].

Moreover, the focus function, system roll-off, and sensitivity response of the optical compo-

nents—such as the photodetector in the SSOCT system—are challenging to profile precisely[23,

43, 73]. However, for this study, we assumed these factors would attenuate linearly so that the

measured attenuation could be calibrated using Mie’s theory[92].

The OCT slope method used to estimate the attenuation coefficient in this study exhibits lim-

ited sensitivity to concentration changes at lower concentrations, largely due to its reliance on
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fitting the exponential decay of the OCT signal. This approach is highly noise-sensitive, mainly

when fewer pixels per layer are available or when only a limited number of A-lines are averaged.

The insufficient pixel count especially impacts the measured signal quality for the epidermal layer.

We implemented manual labeling to maximize accuracy in epidermal measurements; however,

some inaccuracy remains. Future work could address these limitations through depth-resolved

model-based reconstruction, such as Vermeer’s method[12], which can improve accuracy but re-

quires careful calibration to avoid errors introduced by baseline drift or background signal fluc-

tuations.

Lastly, the calibration approach employed in this study was optimized explicitly for the exper-

imental conditions unique to this setup. As such, the calibration is not directly transferable to

other studies or imaging systems without recalibration.

In summary, this study establishes a framework for calibrating OCT measurements using Mie

theory and demonstrates the method’s effectiveness in quantifying optical properties in both polystyrene

standards and human skin. The application of correction factors improves the alignment of OCT

measurements with theoretical predictions, affirming OCT’s potential as a quantitative tool for

assessing tissue scattering characteristics. Continued advancements in OCT calibration methods

and correction protocols will be instrumental in broadening OCT’s utility for biomedical research

and clinical diagnostics, particularly in applications requiring detailed analysis of tissue scattering

and reflectivity.

5.3 Exploring the Age Factor of Skin Parameters with

Optical Coherence Tomography for Skin Aesthetic

A quantitative study of epidermal and dermal skin as a function of age was carried out with Op-

tical Coherence Tomography (OCT) and OCT Angiography (OCTA). OCT and OCTA have

the advantage of assessing skin aging by providing non-invasive, high-resolution, depth-resolved

imaging capabilities that enable precise visualization of microstructural changes in the skin, such
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as epidermal thickness variations, microvascular alterations, and collagen degradation. Our study

leveraged eight OCT parameters to quantitatively and qualitatively analyze age-related variations

in skin properties on the forearm skin across different age groups. Parameters such as “rough-

ness”, “Epidermal Thickness Variability”, “Papillary dermis reflectance”, “optical attenuation co-

efficient”, and “vessel area density” has shown significant differences between age groups on the

forearm indicating their effectiveness in measuring changes due to skin aging. The comprehen-

sive analyses show the potential of OCT and OCTA for measuring skin aging with the aforemen-

tioned parameters.

5.3.1 Introduction

Among the major aesthetic concerns, aging is the inevitable process that brings about significant

changes in our skin: more wrinkles, reduced elasticity, and variations in hydration levels [154], [37].

These transformations in skin characteristics have long been a subject of interest, particularly in

developing effective anti-aging cosmetics[99]. Dermatology measurement in clinics distinguishes

the topography of the skin’s surface for the assessment of wrinkles as the most important char-

acteristic indicative of aging [110], [76]. On the other hand, most in vivo measurements cannot

assess the skin underneath the skin surface. Thus, OCT fills the gap as a noninvasive depth resolve

technique to assess and quantify aging subcutaneously.

Optical coherence tomography (OCT) is an optical three-dimensional depth-resolved imag-

ing technology that captures biological tissue images using interference light. The intrinsic signal

from OCT structure images can be used to distinguish skin’s multilayer structures including the

epidermis, and dermis, as well as the micrometer scale components including the collagens [154],

[200], [11]. With functional OCT, or OCT Angiography (OCTA), the capillary bed from the

same scan can be extracted with micron-level resolution, and millimeters of depth in vivo using

a motion-sensitive algorithm [175], [176], [205], [206]. Biophysical parameters from OCT and

OCTA combined together can provide high-resolution, non-invasive cross-sectional images of

the skin’s microstructure and microvasculature for cross-references [61], [116], [72], [118]. Studies
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have already shown that OCT is highly beneficial in the evaluation of the efficacy of many skins’

aesthetic features, including the assessment of scars [99], [33], [2], [103] and wound healing [103].

The aim of this study was to implement a quantitative method for identifying the impact of

chronological aging on skin parameters using OCT and OCTA. We obtained OCT in vivo im-

ages of the skin on the forearm across several age groups to evaluate biophysical markers related to

aging. The purpose of the study is to analyze the correlation between aging and the correspond-

ing biophysical properties of their skin: skin capillary density, epidermis morphology, and light

attenuation property of skin. This study demonstrates the feasibility of using OCT for in-depth

skin aging analysis and sets a foundation for future explorations to refine diagnostic or therapeutic

approaches in managing age-related skin changes.

5.3.2 Method

Study Design and Participants Recruitment

This study was designed to investigate the correlation between the age of volunteers and the bio-

physical properties of the skin layers: blood and nutrient supply from the capillary, epidermis

morphology, and skin’s light-attenuation property. The aim was to discern the trends these skin

parameters exhibit across different age groups and to explore their susceptibility to improvement.

The study was conducted from clinical studies focusing on in vivo aging evaluation of human

skin. The participant cohort comprised approximately 45 subjects, stratified across young (183̃5

years old) and aged (506̃2 years old) groups to ensure a comprehensive analysis of aging effects on

skin biophysical properties.

The study protocol was reviewed and approved by the Institutional Review Board (IRB) of the

University of Washington. All participants provided written informed consent before participa-

tion. Participants were selected based on inclusion criteria that required them to be over 18 years

of age with no history of skin diseases or conditions that could affect the biophysical properties

of the skin, such as psoriasis, eczema, or recent sunburns. Exclusion criteria included the use of

127



Figure 5.14: Schematic overview of the image processing protocol for obtaining surface topology maps

systemic medications known to affect the skin’s physiology and cosmetic procedures within the

last six months.

Surface Topology Analysis and epidermis Segmentation

As illustrated in Figure 1, the surface and epidermis segmentation can be obtained from the 3D

volume OCT data. The acquired 3D volume data is processed through a projection algorithm to

generate a 2D representation of the skin’s surface. Following projection, an automated segmen-

tation algorithm is applied to detect the skin’s surface from the underlying structures.

The skin surface curvatures in the surface topology maps were removed by applying the medium

filter method to reveal the true topography of the skin surface (Figure 1). The flattening is done by

transforming the skin surface image into the frequency domain filtering out the slower frequen-

cies and applying the inverse. The decision to choose the filter from other methods was illustrated

in the appendix.

The Dermis-Epidermis Junction (DEJ) is identified within the volume data using the optical

contrast between the epidermis and dermis. Here, the DEJ serves as an anatomical marker for

adjusting the skin’s natural curvature in the image-processing phase. The 3D volume data of the

skin’s surface is flattened according to the location of the DEJ. The curvature-adjusted surface is

then analyzed for topographical features, including roughness, and wrinkles.
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Optical Attenuation Coefficient (OAC)Methods

The Optical Attenuation Coefficient (OAC) is a key parameter in Optical Coherence Tomog-

raphy (OCT) that quantifies how much light is reduced in intensity as it propagates through a

scattering medium, such as biological tissue. This measurement provides essential insights into

tissue properties, enabling quantitative assessment of tissue composition and structural charac-

teristics. The following subsections describe the principles and methods used to calculate the

OAC in OCT imaging.

The OAC, denoted by µ, is calculated using the following fundamental equation:

µ = −1

d
log

(
I(d)

I0

)
(5.1)

where µ is The total optical attenuation coefficient,(mm−1), d is the depth or thickness of the

tissue through which the light has traveled, measured in meters, I(d) is the intensity of light after

it has traveled a distance d through the tissue, I0 is the initial intensity of the light before entering

the tissue.

This equation derives from the Beer-Lambert law, which describes exponential decay in light

intensity as it penetrates a scattering medium. It assumes a single scattering model and homogene-

ity within the analyzed tissue segment.

To ensure accuracy, calibration methods are applied to account for multiple scattering effects

that may influence OAC measurements. Calibration involves imaging a known phantom, 100

nm polystyrene beads, which provides a baseline scattering profile. By comparing OCT intensity

measurements from the tissue to those from the calibration sample, corrections can be applied to

account for system-specific variations and multiple scattering artifacts. Mie theory is often used in

the calibration process to calculate the scattering coefficient and efficiency, which are integrated

into OCT intensity measurements.
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Figure 5.15: Scheme overview of Optical Coherence Tomography (OCT) structure and Optical Atten-
uation Coefficient (OAC) measurement techniques in the skin. (a) B-scan of OCT back-
scattering intensity, illustrating the internal structure of the skin. (b) OAC-enhanced contrast
of the skin B-scan, highlighting differences in tissue properties. (c) labeling of the skin sur-
face and epidermis within the B-scan. Zoomed-in view of the OAC contrast-enhanced B-scan,
showing finer details. (e) A scan demonstrates the attenuation of light as it travels through the
skin layers.

OCTmeasurement parameters

The study employed biophysical measurement on the 3D OCT images to evaluate the skin’s cap-

illary density, capillary-tissue diffusion flux, surface roughness, epidermal thickness, epidermal

variation, and optical attenuation coefficient (Figure 3).

Statistical Analysis

Data were analyzed by unpaired t-test for the measured biophysical properties of the skin to deter-

mine if these properties exhibited any discernible patterns across different age groups. Statistical

significance was set at p < 0.05.

5.3.3 Results

Figure 4 shows the 3d map, projection map, and the bscan image (forearm skin of a 26- and 50-

year-old male) of backscatter light intensity. Notable differences in skin characteristics were ob-
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Table 5.1: Description of the OCT parameters and equations
Parameter Description Equation
Surface Roughness
(Sq)

Root mean square (RMS) height of the sur-
face, which provides a measure of the average
height deviations squared on the skin surface
topology map from OCT images. z(x, y):
The height function of the surface at coordi-
nates. A: The total area over which the sur-
face is being evaluated.

Sq =
√

1
A

∫∫
Z(x, y)2 dx dy

Optical Attenuation
Coefficient (OAC)

OAC measures how much light is reduced in
intensity as it passes through the skin. µ: the
total optical attenuation coefficient (m−1); d:
depth of the tissue in meters; I(d): intensity
of light after traveling a distance d; I0: initial
intensity.

µ = −1
d log

(
I(d)
I0

)

Tissue Reflectivity Quantitative link between observed OCT in-
tensities and reflectivity. Reflectivity R cali-
bration was derived using intralipid (IL) size
distribution, volume fractions, and densities.
Mie theory was used to calculate scattering
properties, which were integrated with OCT
intensity measurements.

R = 10
IOCT−a

b , where a = 7.63 ×
104 and b = 1.11× 104

Epidermal Thick-
ness (Mean and SD)

Average thickness of the epidermal layer, in-
cluding the standard deviation.

ĒT = 1
A

∫∫
ET (x, y) dx dy

σET =
√

1
A

∫∫
ET (x, y)2 dx dy

Vessel Area Density
(VAD)

Proportion of the total area of a tissue section
occupied by blood vessels in an OCT en face
image, typically expressed as a percentage.

V AD = Area of vessels
Total Area × 100

Capillary-to-
Epidermal Thick-
ness Ratio (CETR)

Quantifies the ratio between capillary density
and epidermis thickness using OCTA, pro-
viding insights into nutrient supply relative
to skin barrier properties.

CETR = V AD
ET

served between younger and older age groups. Specifically, aged skin samples exhibited a 21.8%

rougher texture compared to their younger group. This increased roughness was found with ev-

ident in the enhanced prominence of wrinkles (figure 5a), and overall surface irregularity for in-

tuitive confirmation of the expected age-related changes in skin topography. The thickness of the

epidermis does not show any differences between the two groups on the forearm skin (Figure 5b).

However, aged groups showed thickening in local regions of the wrinkle regions, which can also

be quantitatively observed by the 37.6 % increase in their epidermal thickness variations to that of

the healthy groups (Figure 5c).
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Figure 5.16: Scheme showing the process flow to obtain the biophysical parameters within the skin.

The optical attenuation coefficient is a quantitative measure of how much light is reduced in

intensity due to absorption and scattering as it passes through the skin tissue. The attenuation

in the papillary dermis is generally higher than in the reticular dermis, due to its denser collagen

network and more compact structural arrangement, which influences how light is absorbed and

scattered within these layers. In Figure 8, both the OAC and reflectance measurements in the

reticular dermis show a significant decrease in aged skin compared to younger skin. However, no

significant variation was observed between the papillary dermis with age.

In addition to changes in surface texture, the microvasculature map also provides important

information regarding the aging of the skin. In the aging skin, fewer visible capillaries and a general

decrease in the density of the vascular network were found in the papillary dermis (Figure 6).

However, no significant differences were found in the vasculature structure in the reticular dermis

(Figure 7). Aged skin displayed a significant reduction in vascularization (Figure 9a) and capillary

tissue perfusion (Figure 9b). The microvascular map and the attenuation of the backscatter map
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Figure 5.17: Comparison between aged and young skin. (a) and (b) The 3D view of the epidermis. (c)
and (d) The surface roughness projection. (i) and (j) the cross-section of the OCT structure at
the yellow solid line in (b) and (f) respectively. (g) and (h) zoomed-in wrinkles in the -b-scan
cross-section in (i). (e) and (f) The epidermal thickness map. The Yellow arrow identifies the
wrinkles in aged skin. The Orange arrow depicts the wrinkles in the aged skin. The green arrow
depicts the hyperplasia in the aged skin.

Figure 5.18: Quantification Comparison for (a) The surface roughness (b) The epidermal thickness map
between young and aged skin. (c) The standard deviation in the epidermal thickness map. ns:
Nonsignificant.

can be separated based on the depth-resolved image and segmentation of the skin layers (epidermis,

papillary dermis, and reticular dermis).

5.3.4 Discussion

This study introduces new biophysical characteristics besides epidermal roughness to measure the

aging of skin in OCT images. The inner forearm skin of the young and aged skin was measured.

We have demonstrated qualitative and quantitative parameters to separate age-related variations in

skin properties. OCT enables the depth-resolved visualization of microscopic changes in the skin’s
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Figure 5.19: Comparison between vessel area density between the young and aged cutaneous capillaries on
the forearm. (a) and (c) Capillary vasculature from the papillary dermis. (b) and (d) depth-
resolved vasculature of the microvasculature among the whole depth, where the superficial
vessels are color-coded in green, and the deeper vessels are color-coded in red.

Figure 5.20: Comparison between vessel area density between the young and aged cutaneous capillaries on
the forearm. (a) and (c) Capillary vasculature from the papillary dermis. (b) and (d) depth-
resolved vasculature of the microvasculature among the whole depth, where the superficial
vessels are color-coded in green, and the deeper vessels are color-coded in red.
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Figure 5.21: Quantification of the quantitative properties between different skin structures. (a) OAC and
(b) reflectance in the papillary dermis. (c) OAC and (d) reflectance in the reticular dermis,
correspondingly.

Figure 5.22: Comparative morphological quantification of the capillary bed in the skin samples tissue in
aged versus young samples. (a) vessel area density in both aged and young skin samples. (b)
Capillary-to-tissue diffusion flux compares the efficiency of nutrient and gas exchange between
the microvasculature and surroundings.
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structure that occur with aging, allowing for the precise measurement of different parameters that

are not exposed externally: epidermal thickness, detection of microvascular changes, and assess-

ment of collagen degradation in the dermis. Recent studies have demonstrated the common pa-

rameters that OCT effectively measures age-related changes: epidermal thickness[37], [170], [140],

[158], reflectance contrast[170], and dermal collagen birefringence[153]typical of aged skin.

First, from our study, we observed that older skin exhibited a markedly rougher texture, in-

cluding an increase in wrinkles and surface irregularities as shown in our 3D and projection maps

between younger and older individuals. However, this is not necessarily expressed as an increase

in epidermal thickness, which is common in unexposed areas [37], [170], [140]. While the over-

all thickness of the epidermis generally remains stable, a thickening effect in certain areas is often

observed due to structural changes like increased collagen cross-linking and alterations in elastin

fibers. With aging, there is a 30-50% slowdown in the rate of cell turnover in the epidermis, where

older skin cells accumulate on the surface, leading to a rougher texture [172].

The optical attenuation coefficient (OAC) measurements further supported the change in op-

tical properties in aged skin. The papillary dermis typically shows higher attenuation and higher

scattering due to its denser collagen network and vascular structure. Conversely, the reticular

dermis, which lies beneath the papillary dermis, contains a looser arrangement of collagen fibers

and has a different attenuation signature. Aged skin shows a significant decrease in light atten-

uation and reflectivity in the reticular dermis compared to younger skin, likely due to structural

and compositional degradation in skin components—such as collagen, elastin, and water content

[33], [107], [40].

While the structural integrity of the epidermis remained relatively unchanged with age, the

vasculature within the papillary dermis showed a significant decrease in capillary density and per-

fusion, as evidenced by OCTA results. These collective findings demonstrate the nature of skin

aging, affecting both the visual and functional aspects of the skin. This observation is consistent

with the known physiological changes that occur with aging, where reduced vascularization and

an increase in skin wrinkles are associated with diminished skin health and appearance.
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Aging affects the skin in complex ways: while the overall skin cell replacement gets slower in

turnover, the skin composition starts to change gradually with the altered skin microcirculation

within the papillary dermis impacting the skin’s ability to receive essential nutrients and oxygen.

This decreased vascular support not only contributes to increased wrinkle formation and impaired

regenerative capabilities but also affects the skin’s immune response and healing processes [172].

Thus, while the epidermis maintains its barrier function against environmental assaults, internal

structural changes and diminished vascularization compromise the skin’s aesthetic quality and

overall health.

The principal component analysis (PCA) plot depicted provides a visual representation of the

variability in skin properties among aged and young individuals, captured primarily along the first

two principal components which explain 35.27% and 26.69% of the variance (together account for

61.96% of the total variance). The plot shows a clear differentiation between the aged and young

groups, suggesting significant differences in skin characteristics influenced by age. The vectors on

the plot, representing variables like ’VAD’, ’Rho’, and ’Roughness’, point predominantly towards

the aged cluster, indicating these features are more pronounced or variable in older skin. “VAD,”

“Reflectance from Reticular Dermis,” and “Roughness,” in particular, have a close association

with the first main component (35% of the variance), in which we can determine that they may

be the crucial indications of skin age.

In summary, OCT helps in understanding the pathophysiology of skin aging by visualizing how

different layers of the skin change over time or in response to various treatments. We have observed

degradation in the skin surface topology, composition, and microvasculature. The trends in the

aging of skin can provide insights into skin health and age-related changes. They offer a non-

invasive way to assess skin properties and support the ongoing development of diagnostic and

monitoring tools in dermatology and cosmetic science. OCT not only provides visual insights

but also allows for quantitative analysis of skin properties, such as measuring the thickness of

skin layers and the density of skin capillaries but also provides quantitative data that are essential

for objective, measurable benchmarks in aging studies and for correlating clinical outcomes with
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Figure 5.23: PCA plot shows the distribution of skin characteristics between aged and young individuals.
Each point represents an individual subject, with aged individuals depicted in red and young
individuals in blue. The ellipses encapsulate the general distribution of the aged (red) and
young (blue) groups, highlighting the variation within each cohort.

physiological changes in the skin. It demonstrated the potential for researchers to quantify the

effectiveness of anti-aging products or therapies. While the findings from our study using OCT

provide valuable insights into the aging process of the skin, there are some limitations and areas

for future research that should be acknowledged. First, the study focused on the forearm skin of

a limited age range, which may not be fully generalizable to other body areas. Additionally, the

study does not fully account for external factors such as long-term sun exposure, diet, lifestyle,

or the use of skincare products, which can significantly affect skin aging and might confound

the observed effects. Furthermore, the current SSOCT systems are also limited in their ability to

quantify the effect of collagen or water content which are the major factors for light attenuation in

tissue. Future studies can incorporate polarization-sensitive OCT and broad bandwidth OCT to

assess the collagen and hydration status to validate the OAC map in understanding aging-related

and collagen degradation.
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6 Summary and FutureWork

Novel functional OCT qualitative and quantitative modalities for non-

invasive assessments allow early diagnostics and effective monitoring of

microstructural and functional changes before clinical symptoms or de-

tectable structural damage appear.

While the current study provides significant insights into tissue microstructure and vascular dy-

namics through Optical Coherence Tomography (OCT), one crucial piece of information re-

mains underexplored: the role of collagen in tissue remodeling and scarring. Collagen deposition

and structural changes are hallmarks of post-infarction remodeling and scarring, yet their impact

on optical properties, such as the optical attenuation coefficient (OAC) and phase retardation, has

not been fully investigated. These optical metrics could offer deeper insights into the microstruc-

tural and functional changes following myocardial infarction (MI) or tissue scarring.

This gap leads directly to the next phase of research. Future work will focus on studying OAC

and phase retardation in infarcted heart tissue or collagenous tissue to characterize tissue remodel-

ing in greater detail. Variations in OAC may reveal shifts in tissue composition, such as increased

scattering due to fibrosis, while changes in phase retardation could provide quantitative measures

of collagen organization and density. Together, these parameters could serve as key indicators of

structural integrity and alignment in fibrous tissues.

Preliminary work has already been conducted to support this direction, as presented in this

study. By leveraging OCT to analyze optical properties, the current results highlight the poten-

tial to detect subtle differences between healthy and scarred tissue regions, even when structural
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damage is not visually apparent. These preliminary findings lay the foundation for future inves-

tigations aimed at correlating these optical biomarkers with physiological and pathological states.

This expanded scope will enhance our ability to monitor cardiac remodeling, assess disease pro-

gression, and evaluate therapeutic interventions in cardiovascular disease.

By addressing this missing information and advancing the use of functional OCT for colla-

gen and fibrous tissue analysis, the proposed research seeks to fill a critical gap in understanding

post-infarction remodeling and support the development of targeted diagnostic and therapeutic

strategies.

6.1 Summary of the Thesis

This thesis explores the versatile capabilities of Optical Coherence Tomography (OCT) and Op-

tical Coherence Tomography Angiography (OCTA) in addressing key cardiovascular and derma-

tological imaging challenges. By leveraging OCT’s high-resolution, non-invasive imaging capa-

bilities, this thesis demonstrated its potential to provide both structural and functional insights,

offering new pathways for diagnostics, disease monitoring, and therapeutic assessment.

6.1.1 Cardiovascular Applications

The studies presented in this thesis demonstrated the value of OCTA in assessing microvascu-

lar involvement in infarcted hearts, focusing on the structural and hemodynamic changes within

the coronary microcirculation following myocardial infarction (MI). MI is a life-threatening con-

dition that causes coronary microvascular dysregulation and heart muscle damage, significantly

impacting the heart’s ability to meet its metabolic needs. One of the primary characteristics of

MI is capillary loss, which contributes to the progression of cardiovascular dysfunction. The mi-

crovasculature, essential for heart health by supplying oxygen and nutrients, undergoes significant

remodeling and impairment during and after infarction.

To study these changes, OCTA was employed to analyze the coronary microcirculation in fixed

rat hearts. The analysis revealed significant post-infarction microvascular remodeling, character-
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ized by decreased capillary density, arteriole- and venule-sized vessel enlargement, and increased

vascular tortuosity and complexity. Quantitative assessments of angiographic metrics, including

vessel area density, vessel complexity index, vessel tortuosity index, and flow impairment, pro-

vided a detailed view of coronary microvascular health. These pathological differences, identified

through OCTA, were further corroborated with histological analysis, confirming OCTA’s relia-

bility in offering qualitative and quantitative insights into coronary vascular network remodeling

during disease progression and therapeutic response.

Building on these findings, the study also investigated the hemodynamic dysfunction of the mi-

crovasculature following MI, an area that remains inadequately understood due to limitations in

existing methodologies. Current approaches often rely on computational models and theoretical

constructs, as accurate measurement of capillary velocity in cardiac tissues has been challenging.

To address these limitations, OCTA was integrated into a Langendorff perfusion setup, enabling

simultaneous visualization and measurement of capillary velocities using Eigen Decomposition-

based Optical Microangiography (ED-OMAG) and ED-capillary velocimetry (ED-velocimetry).

This innovative approach provided detailed assessments of the vasculature and velocity maps in

infarcted rat hearts.

The hemodynamic analysis revealed a 30.4% reduction in vessel area density, a 72% decline in

average velocity, and a 79% decrease in perfusion index in infarcted regions compared to healthy

tissue. Additionally, vascular projection images showed increased vessel tortuosity, which corre-

lated with the mean capillary velocity in infarcted regions. These findings demonstrate significant

myocardial microvascular deterioration and remodeling four weeks post-infarction, highlighting

a failure to restore adequate perfusion in the affected regions.

6.1.2 Heart pulsation signal Applications

Photoplethysmography (PPG) is routinely used in clinics to detect blood pulse signals from skin

tissue beds. However, the origin of the PPG signal remains controversial. The purpose of this

study is to explore optical coherence tomography angiography (OCTA) to indicate pulsatile wave-
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forms in the papillary plexus and dermal plexus separately under different hand elevations. Opti-

cal microangiography (OMAG) algorithm was used to obtain 3D OCTA signals, from which the

depth-resolved pulsatile blood flow signals were extracted from different skin vascular plexus. The

systolic amplitude, crest time, and delta T were measured from the OCTA pulsatile signals when

the hand was placed at the positions of 50 cm below, 0 cm, and 50 cm above the heart level. The

pulse signal integrated from all the depths is more consistent and has a similar waveform to that of

the PPG. The pulsatile patterns from the papillary plexus and dermal plexus showed distinct mor-

phological changes at different local blood pressures. Less amplitude difference was found from

the papillary plexus than the dermal plexus. Crest time was found to be an increasing trend in

the OCTA pulsatile waveform from both plexuses when the arm was raised from the position be-

low to above the heart level. In contrast, a decreasing trend of Delta T was detected in the dermal

pulsatile. Still, it was not observed in the papillary plexus, indicating that vascular resistance associ-

ated with the arm elevations does not necessarily have the same effect on the two plexuses. OCTA

can provide depth-resolved pulsatile waveforms within different microvascular plexus within tis-

sue skin beds. This technique could open doors to understanding the mechanisms of how blood

flow changes at different skin circulatory plexus.

6.1.3 Dermatological Applications

The structure and function of human skin are important health indicators and can reveal under-

lying dermatological conditions. OCT provides a non-invasive, high-resolution method for as-

sessing skin microstructure and microvascular characteristics, enabling early detection of changes

due to external factors like pressure and UV exposure and intrinsic factors such as aging. This

chapter examines OCT’s role in capturing these changes through advanced imaging parameters,

offering new insights for dermatological research, diagnostics, and personalized skincare.

Building on this foundation, accurate and repeatable skin and cutaneous measurements are

key to assessing and quantifying cutaneous characteristics in dermatological research. Ultrasound

and OCT are the two most common tools for non-invasive epidermis thickness assessment in
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vivo. However, considering these techniques rely on contact imaging to improve imaging quality,

variations in the pressure exerted on the skin can significantly affect epidermal measurements. To

address this challenge, this study investigated the integration of pressure sensors into a handheld

OCT probe to assess the effect of compression pressure on epidermal evaluation. By exploring the

relationship between applied pressure and changes in epidermal thickness, the study found that

increasing compression force leads to significant deformation of the epidermis tissue and capillary

area density, with differences of up to 10% and 51%, respectively. These findings underscore the

importance of controlled pressure for contact imaging, which could enhance the reliability of

clinical assessments in dermatology and cosmetics.

In addition to cutaneous-related factors, UV sensitivity in human skin presents another avenue

for understanding subtle microvascular and structural changes. UV exposure induces microvas-

cular responses, such as erythema involving blood vessel dilation, even without visible redness

or sunburn. Previous studies have established that UV exposure can increase the epidermis and

stratum corneum’s thickness. Our findings expand on this by demonstrating that OCT can de-

tect epidermal thickening accompanied by early signs of erythema, such as vessel dilation before

visible redness appears. These results highlight OCT’s potential as a tool for identifying subclin-

ical changes in the skin, enabling earlier detection and intervention. By offering a non-invasive

method to capture these subtle alterations, OCT facilitates timely photoprotection strategies and

improves skin health monitoring.

To further enhance OCT’s capabilities, this study explored the calibration of OCT measure-

ments for quantitative analysis of light-tissue interactions. Using Mie theory and Monte Carlo

simulations, we calibrated OCT to accurately measure optical properties such as attenuation co-

efficient (µ) and reflectivity (ρ), validated against 100 nm polystyrene bead standards. These cal-

ibrated measurements provided new insights into light scattering in biological tissues, including

the epidermis, papillary dermis, and reticular dermis. Incorporating Monte Carlo simulations

allowed us to derive additional parameters, such as the reduced scattering coefficient (µs) and

anisotropy factor (g), offering a more comprehensive understanding of tissue optical properties
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across different layers. These findings advance our ability to model and interpret light-tissue in-

teractions, enhancing OCT’s potential for both quantitative and qualitative assessments.

Finally, this chapter examines the application of OCT and OCTA in studying skin aging. By

leveraging OCT’s high-resolution, depth-resolved imaging capabilities, we quantitatively analyzed

age-related variations in skin properties on the forearm across different age groups. Parameters

such as “roughness,” “epidermal thickness variability,” “papillary dermis reflectance,” “optical at-

tenuation coefficient,” and “vessel area density” demonstrated significant differences between age

groups. These metrics effectively captured microstructural and vascular changes associated with

aging, highlighting the utility of OCT and OCTA for comprehensive skin assessments. The re-

sults show that OCT and OCTA are promising tools for non-invasively evaluating skin aging,

providing qualitative and quantitative insights that could inform personalized skincare strategies

and dermatological research.

Together, these studies illustrate the versatility and potential of OCT in dermatology, from ad-

dressing challenges in contact imaging and UV-induced changes to advancing quantitative anal-

ysis and skin aging assessments. By integrating advanced imaging parameters and calibrations,

OCT continues to establish itself as an indispensable tool for non-invasive, high-resolution der-

matological diagnostics.

6.1.4 Summary and Broader Implications

This thesis bridges the gap between structural imaging and functional analysis, addressing the

limitations of conventional Optical Coherence Tomography (OCT), which primarily focuses on

tissue morphology. Integrating functional OCT techniques—such as OCT velocimetry, OCT

angiography (OCTA), and optical attenuation methods—enhances the understanding of tissue

dynamics, including capillary blood flow and collagen remodeling. These advancements demon-

strate OCT’s potential to detect early pathological changes in both cardiac and dermatological

tissues, offering quantitative biomarkers for monitoring disease progression and evaluating ther-

apeutic interventions.
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In cardiovascular applications, OCTA enables precise assessment of coronary microcirculation,

providing critical insights into post-myocardial infarction (MI) care. The studies presented in this

thesis illustrate how OCTA can analyze structural and functional changes in coronary microcir-

culation, as well as quantify microvascular perfusion velocity impairments using a Langendorff

perfusion setup. These findings highlight the capability of OCTA to detect perfusion abnormali-

ties and visualize vascular remodeling, thereby advancing non-invasive cardiovascular assessments.

In dermatological applications, this thesis explores the integration of OCT with pressure sen-

sors to address challenges associated with contact imaging. Controlled pressure was shown to

improve the accuracy and repeatability of epidermal thickness measurements, an essential param-

eter in dermatological and cosmetic assessments. OCT also demonstrated its ability to detect early

subclinical changes in skin microvasculature and structure caused by ultraviolet (UV) exposure,

such as vessel dilation and epidermal thickening, before visible erythema appears. Furthermore,

OCT’s quantitative parameters, including epidermal thickness, capillary density, and optical at-

tenuation, proved effective in assessing skin aging, offering detailed insights into age-related mi-

crostructural and vascular changes.

By combining these capabilities, this work shows OCT and OCTA’s transformative potential

in both cardiac and dermatological diagnostics. The ability to reveal subclinical changes before

detectable clinical symptoms enhances early detection and timely intervention. However, despite

these advancements, the broader adoption of OCT across diverse fields is limited by its reliance on

conventional structural imaging, which does not capture detailed functional insights. Addressing

this gap will require the continued development of functional OCT techniques, such as OCTA

and polarization-sensitive OCT, to expand its diagnostic and therapeutic applications.

In summary, this thesis demonstrates how OCT and OCTA can provide both structural and

functional insights into skin and cardiovascular conditions, bridging critical gaps in current imag-

ing methodologies. By advancing functional imaging and introducing quantitative modalities,

this work establishes a foundation for future innovations to address unmet clinical needs and ex-

pand the utility of OCT in diverse medical fields.
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6.2 FutureWork: Leveraging Polarization-Sensitive

Optical Coherence Tomography (PS-OCT) for

Non-Invasive Assessment of UV-induced change in skin

While the current study provides significant insights into microvascular dynamics and tissue char-

acteristics, one critical piece of information remains underexplored: the role of collagen and its

structural organization in disease progression and tissue remodeling. Collagen is a key compo-

nent of the extracellular matrix, and its degradation or reorganization is central to conditions

such as myocardial infarction, skin aging, and UV-induced damage. The future direction of this

thesis focuses on incorporating quantitative measurements of collagen, such as phase retarda-

tion, birefringence properties, and optical attenuation properties, which are particularly suited

for polarization-sensitive OCT (PS-OCT).

Previous study has already demonstrated the feasibility of using PS-OCT to detect changes in

optical attenuation coefficients and phase retardation in collagen-rich tissues. These results in-

dicate that PS-OCT can provide complementary information about tissue microstructure and

collagen integrity. By expanding the focus to include collagen-specific imaging, future studies can

bridge the gap in understanding structural and functional changes, enabling a more comprehen-

sive assessment of tissue health and pathology. This approach will advance the diagnostic and

therapeutic applications of OCT and functional OCT techniques, offering deeper insights into

the interplay between microvascular dynamics and collagen remodeling.

6.2.1 Introduction

Skin is a critical barrier against environmental factors, with its layered structure of epidermis, der-

mis, and hypodermis providing both protection and resilience. The dermis, in particular, contains

extracellular matrix (ECM) components like collagen and elastin, which give skin its structural in-

tegrity and elasticity. However, exposure to ultraviolet (UV) light poses a significant threat to skin

health, inducing oxidative stress, inflammation, and collagen degradation. Prolonged UV expo-
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sure leads to collagen fragmentation and disruption of fiber arrangement, accelerating skin aging

and weakening its protective capabilities.

The effects of different wavelengths of light on the skin vary significantly, impacting both short-

term and long-term skin health. UVB light, part of the ultraviolet spectrum, is highly erythe-

mogenic, causing redness and inflammation due to its stimulating inflammatory mediators like

cytokines, histamines, and prostaglandins. In contrast, UVA light penetrates deeper into the skin.

It can trigger immediate erythema and delayed effects that may appear after 6 hours, causing va-

sodilation and increased blood flow through the release of nitric oxide. Visible light (VL) at high

doses also induces erythema, which usually resolves within 2 hours. This effect results from the

interaction with chromophores in the skin, leading to heat generation and subsequent vasodila-

tion. Infrared (IR) light primarily has a thermal effect, with erythema lasting for less than an hour

due to heat-induced vasodilation.

Optical imaging techniques have proven valuable for studying skin’s layered architecture, es-

pecially in detecting collagen-related changes often seen in skin burns and photo-aging condi-

tions. Polarization-sensitive optical coherence tomography (PS-OCT) is a particularly promising

approach, as it combines standard structural imaging with birefringence information by detecting

the polarization state of reflected light within tissues. This birefringence property highlights the

presence and orientation of collagen fibers, making PS-OCT a useful tool for examining collagen

integrity in various dermatological applications.

In addition to phase retardation, the optical attenuation coefficient (OAC) measured by PS-

OCT provides valuable information about skin structural variations, particularly regarding col-

lagen content. The OAC reflects the degree to which light is scattered and absorbed as it travels

through skin layers, with higher values often indicating denser or more organized tissue structures,

such as healthy collagen networks. OAC changes can reveal skin architecture alterations, includ-

ing collagen degradation or fragmentation due to UV exposure or aging. By capturing these subtle

structural differences, OAC measurements offer another non-invasive avenue to assess collagen

integrity and skin health, complementing phase retardation metrics and enhancing PS-OCT’s
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capability to monitor early-stage collagen changes related to environmental damage or intrinsic

aging processes.

This chapter leverages optical attenuation coefficient (OAC) and phase retardation measure-

ments through Polarization-Sensitive Optical Coherence Tomography (PSOCT) to assess sub-

surface changes in skin structure following UV exposure. By capturing these two complementary

metrics, PSOCT provides a detailed view of structural alterations, particularly in collagen content

and organization, which are critical markers of skin health. Importantly, this approach allows for

the non-invasive, early detection of erythema and collagen degradation—before visible symptoms

arise—offering a sensitivity that surpasses traditional clinical methods. This work highlights the

potential of PSOCT as an advanced tool for dermatological research, enabling more precise as-

sessments of UV-induced damage and other environmental impacts on skin health.

6.2.2 Methods

Study Design and UV Exposure Protocol

This study aimed to investigate the effects of UV exposure on collagen structure in human skin,

focusing on phase retardation and optical attenuation coefficient (OAC) measurements using

Polarization-Sensitive Optical Coherence Tomography (PSOCT). Skin samples were exposed to

varying doses of UV radiation, ranging from sub-minimal erythema doses (sub-MED) to multi-

ple minimal erythema doses (MED), to evaluate collagen changes under controlled conditions.

The UV doses used were 0.6, 0.9, 1.4, 2.1, 3.0, and 3.5 MED, administered to different regions of

the skin. Baseline measurements were obtained before UV exposure, followed by post-exposure

measurements on days 1, 2, 3, 6, and 8.

In 6.1, we observe the effects of varying UV doses on skin pigmentation and erythema, as-

sessed through RGB imaging, Individual Typology Angle (ITA) mapping, and Redness mapping

at baseline and 24 hours post-exposure. The six marked positions (P1–P6), receiving incremental

UV doses from 0.622 to 3.5 MED, display progressively increased pigmentation and erythema

responses with higher doses. At baseline, all areas appear relatively uniform with minimal visi-
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Figure 6.1: Baseline and 24-hour post-UV exposure assessment of skin color changes across different UV
doses. The RGB images (left column) show visible skin responses, while the Individual Typol-
ogy Angle (ITA) and Redness maps (middle and right columns) provide quantitative evalua-
tions of pigmentation and erythema, respectively. The six labeled positions (P1–P6) correspond
to UV doses ranging from 0.622 to 3.5 MED, as shown in the adjacent table. The ITA and Red-
ness maps highlight the increase in pigmentation and erythema after 24 hours, with higher UV
doses producing more pronounced responses.

ble erythema. However, 24 hours after UV exposure, distinct changes are evident, particularly

in the higher dose positions (P4–P6), where visible erythema and increased redness are promi-

nent. The ITA and Redness maps provide a quantitative measure of these changes, with the ITA

map indicating a reduction in pigmentation and the Redness map showing a dose-dependent in-

crease in erythema. These results highlight the sensitivity of ITA and Redness metrics in detecting

early skin responses to UV exposure, especially in higher dosages, where erythema is markedly en-

hanced.

Phase retardation

Phase retardation is calculated by measuring the difference in the phase of light as it passes through

birefringent tissues, like collagen-rich skin layers. As polarized light interacts with the organized

collagen fibers, it undergoes phase shifts depending on the tissue’s optical properties. PSOCT

captures these shifts by detecting the changes in polarization states as light reflects back from the

sample. By comparing the polarization states across depth-resolved layers, the phase retardation

can be quantified, providing a metric that reflects collagen content and organization within the
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tissue. This parameter is particularly useful for assessing structural changes in collagen, such as

those induced by UV exposure or aging.

Optical Attenuation Coefficient (OAC) Analysis

The optical attenuation coefficient (OAC) was calculated for each skin region to evaluate changes

in tissue composition and scattering properties. OAC, which reflects the absorption and scat-

tering characteristics of the tissue, was derived by analyzing the intensity decay of OCT signals

with depth. Baseline OAC values were recorded prior to UV exposure, with subsequent measure-

ments taken post-UV exposure at the designated time points to observe variations due to collagen

degradation or remodeling.

6.2.3 Results

Following UV exposure, both phase retardation and optical attenuation coefficient (OAC) changes

were tracked to assess structural alterations in the skin’s collagen. 6.2 displays the changes in phase

retardation in skin tissue following varying doses of UV exposure, ranging from 0.6 to 3.5 mini-

mum erythema doses (MED). Each row represents a different UV dose, while each column repre-

sents different time points post-exposure: Baseline (pre-exposure), Day 1 (D1), Day 2 (D2), Day

3 (D3), Day 6 (D6), and Day 8 (D8). The color scale on the right denotes the phase retardation

values in degrees, with blue indicating lower and red indicating higher phase retardation.

Higher UV doses result in increased phase retardation immediately post-exposure, suggesting

changes in collagen organization and structure within the skin. Over time, especially by Day 8, the

phase retardation values tend to stabilize and decrease slightly, indicating a potential recovery in

collagen structure or adaptation of the skin to UV-induced stress. The variation in color intensity

across time points provides insight into how skin collagen responds dynamically to both the dose

and duration post-exposure, with higher doses generally leading to more pronounced changes and

slower recovery.
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Figure 6.2: Phase retardation maps of skin samples over time following exposure to varying UV doses,
ranging from 0.6 to 3.5 Minimum Erythema Doses (MED). Columns represent different time
points: baseline, Day 1 (D1), Day 2 (D2), Day 3 (D3), Day 6 (D6), and Day 8 (D8) post-
exposure. Rows correspond to increasing UV exposure levels (in MED). Each map uses a color
scale to indicate the degree of phase retardation, with values ranging from 0° (blue) to 30° (red),
representing changes in collagen birefringence within the dermal layer. Higher phase retarda-
tion values, observed as warmer colors, suggest increased collagen disorganization or degrada-
tion. This figure illustrates how both the intensity and duration of UV exposure impact colla-
gen structure within the skin over time.

6.3a shows the phase retardation data over an 8-day period across three UV dosage groups:

sub-1 MED (blue circles), >1 MED (red squares), and >2 MED (green triangles).

In the >1 MED and >2 MED groups, phase retardation initially increased, peaking around

day 2 or day 3. This early increase suggests UV-induced changes in collagen birefringence, poten-

tially due to structural modifications within the collagen matrix. The sub-1 MED group showed

minimal change in phase retardation, indicating that lower doses of UV exposure may not cause

significant collagen alterations.
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In 6.3b, the change in optical attenuation coefficient (∆OAC) over time reveals a dose-dependent

effect. Higher UV dosages (>2 MED) resulted in a marked decrease in OAC, particularly in the

initial days following exposure. This reduction in OAC suggests an alteration in skin microstruc-

ture, which may correspond to UV-induced collagen fragmentation or tissue degradation. The

sub-1 MED group showed minimal changes in ∆OAC.

Figure 6.3: (a) Phase retardation measurements over time for different UV dosage groups following UV
exposure. The groups are categorized by UV dosage: sub-1 MED (blue circles), >1 MED
(red squares), and >2 MED (green triangles).(b) Change in Optical Attenuation Coefficient
(∆OAC) over time across the same UV dosage groups. The accompanying table lists the UV
dosages (in MED) applied to each position, categorized as sub-erythema treatment (P1), ery-
thema range (>1 MED) treatments (P2 and P3), and high-dosage (>2 MED) treatments (P4,
P5, and P6). The color-coded boxes correlate with each dosage category shown in the plots.

6.2.4 Conclusion andDiscussion

This study used Polarization-Sensitive Optical Coherence Tomography (PS-OCT) to evaluate

changes in collagen structure in human skin following UV exposure by measuring phase retar-
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dation and optical attenuation coefficient (OAC). The findings demonstrate that PS-OCT is sen-

sitive to early UV-induced structural alterations in the skin, providing a valuable, non-invasive

method for monitoring collagen degradation and changes in collagen organization. The increase

in phase retardation observed in higher UV dosage groups (>1 MED) suggests collagen fiber dis-

organization or structural modification, while the decrease in OAC at high doses (>2 MED) in-

dicates potential fragmentation and loss of collagen integrity.

These results align with established knowledge on UV-induced skin damage, where prolonged

UV exposure induces oxidative stress, inflammation, and collagen degradation, contributing to

skin aging and structural deterioration. The study adds to this body of knowledge by demon-

strating that PS-OCT can quantify these microstructural changes non-invasively and in real time.

Additionally, the dose-dependent response observed in both phase retardation and OAC indicates

that PS-OCT metrics may be useful for differentiating between subclinical and more advanced

stages of UV damage.

6.4 demonstrates the dynamic structural changes in collagen fibers under different physiolog-

ical and environmental conditions—erythema, normal, and heated states. Under normal condi-

tions, collagen fibers are tightly and uniformly organized, providing the skin with essential strength,

elasticity, and resilience against environmental stress. This well-arranged collagen structure is vital

for maintaining a youthful and healthy appearance, serving as a baseline for evaluating any struc-

tural changes caused by external factors.

When exposed to UV light, the skin enters an erythema state, where inflammation and oxida-

tive stress cause collagen fibers to separate. Water molecules and inflammatory mediators infiltrate

the collagen matrix, disrupting its organization and leading to visible redness. This separation

weakens the skin’s structural integrity, potentially accelerating aging if UV exposure is repeated or

prolonged. In response to heating, collagen fibers contract and tighten, resulting in a denser struc-

ture. This thermal effect is often used in skin treatments to improve firmness and reduce wrin-

kles. Controlled heating promotes collagen contraction and reorganization, enhancing skin elas-

ticity; however, excessive heat can risk collagen damage. These collagen transformations—normal
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organization, separation with erythema, and tightening through heating—underscore the skin’s

adaptability and provide insights for optimizing dermatological treatments and protective mea-

sures.

Figure 6.4: Illustration of collagen fiber arrangement in different skin states.

Despite the promising results, this study acknowledges several limitations in the use of PS-OCT

for evaluating UV-induced collagen changes in skin. First, PS-OCT faces challenges in capturing

the complex structure of skin, where collagen fibers are intricately arranged across multiple lay-

ers with varying orientations. This layered complexity makes it difficult to accurately quantify

collagen changes, particularly for subtle structural alterations that fall below the system’s resolu-

tion. Additionally, the heterogeneity in collagen distribution across different skin regions further

complicates PS-OCT imaging, as variations in collagen density and orientation can influence the

interpretation of results, especially when assessing localized UV-induced changes.

Another significant limitation is the need to establish a robust correlation between the phase

retardation values obtained from PS-OCT and the actual collagen content in the skin. While

previous studies have shown that collagen organization affects PS-OCT phase retardation mea-

surements in heart tissues, further research is essential to confirm and quantify this relationship

specifically for the skin. Validating this correlation would enhance the interpretability of phase re-

tardation as an indicator of collagen degradation or synthesis, enabling more accurate assessments

of UV-induced damage in the skin.
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