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Recent advances in optical coherence tomography (OCT) have significantly broadened their 

utility in biomedical imaging, particularly for the diagnosis and monitoring of vascular-related 

and microstructural diseases. However, clinical OCT systems remain constrained by limited 

imaging speed, shallow ranging distance, narrow field of view (FoV), and the lack of robust 

functional imaging capabilities. These limitations hinder broader in vivo clinical applications 

of OCT. In this study, we develop a high-speed, long-range, wide-field swept-source OCT (SS-

OCT) system based on a 600 kHz micro-mlectro-mechanical system vertical-cavity durface-

emitting laser (MEMS-VCSEL) laser, designed to deliver high-fidelity morphological and 

functional imaging. To overcome the depth limitation inherent in conventional k-clock 



 
 

acquisition, we develop a multi-channel delay sampling technique that splits the analog OCT 

signal into N-channel time-delayed electrical paths. This method increases the effective k-space 

sampling density without altering k-clock triggering, thereby doubling the imaging depth 

without compromising acquisition speed or resolution. To further enhance imaging 

performance, we introduce the concept of electrical dispersion, which arises from the nonlinear 

phase response of electronic components operating under high-speed k-clock triggering. A 

global k-space compensation algorithm is proposed to mitigate this distortion, and a vector 

field-based distortion correction technique is implemented to restore spatial fidelity in wide-

field scans. Together, these methods enable high-quality structural and optical coherence 

tomography angiography (OCTA) imaging across a lateral FoV of 42 × 42 mm² and an extended 

axial range of 36 mm. To address challenges in imaging samples with complex surface 

topography, such as the oral cavity, we propose an adaptive contour tracking and scanning 

strategy. This approach integrates an electrically tunable lens and motorized optical delay line 

with real-time surface profiling to maintain focus and SNR across curved surfaces. 

Experimental validation confirms improved image consistency and flow visualization across 

large and irregularly contoured regions. Finally, we incorporate a novel fiber-based 

polarization-sensitive OCT (PS-OCT) system based on the platform. To address the instability 

of the input state of polarization in single-input fiber configurations, we introduce a real-time 

Stokes vector feedback mechanism that dynamically stabilizes incident circular polarization at 

the sample surface. This innovation enables reliable birefringence imaging under wide-field 

and handheld conditions. Together, these system-level advancements result in an OCT platform 

capable of high-speed, long-range, wide-field, and functionally enhanced imaging. The 



 
 

proposed system demonstrates significant potential for clinical applications in oral health 

assessment and other settings requiring comprehensive, real-time evaluation of tissue structure, 

microvasculature, and optical anisotropy. 
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INTRODUCTION 

1.1 Significance and Research Motivation 

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

tissue microstructures by measuring the echo time from different sample layers with 

micrometer-level resolution[1,2]. Since its inception, OCT has undergone significant 

advancements, evolving from time-domain to spectral-domain configurations, and more 

recently, to the swept-source OCT (SS-OCT) [3–6]. SS-OCT uses wavelength swept lasers and 

high-speed analog to digital conversion to achieve faster speeds and longer imaging ranges than 

spectral domain OCT. Optical coherence tomography angiography (OCTA) and polarization 

sensitive OCT (PSOCT), as functional extension of OCT (OCTF), provides detailed vascular 

and tissue specific information without the need for contrast agents[6,7]. These technological 

innovations have firmly established OCT/OCTF as an essential tool in various biomedical 

imaging applications, including ophthalmology [8–10], dentistry [11–13], dermatology [14–

18], endoscopy [19–23], neuroscience [24–27] and others[28,29]. 

Recent advancements in OCT/OCTF have demonstrated great potential in biomedical 

imaging, particularly for diagnosing and monitoring vascular-related diseases[2,26,30]. Despite 

this progress, clinical OCT systems are limited by imaging speed, depth range, and field of view 

(FoV), which restricts their broader application in clinical settings[31,32]. High-speed OCT 

systems offer several key advantages that make them particularly valuable in medical 

diagnostics [33]. The increased imaging speed reduces acquisition time, which is critical in 

minimizing motion artifacts caused by patient movement. This is especially important in in vivo 
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biomedical applications like ophthalmology and endoscopy, where even slight movements can 

compromise image quality[33,34]. High-speed imaging also enables real-time volumetric 

scanning, allowing clinicians to perform three-dimensional assessments of tissue structures 

with greater efficiency and precision[35]. This capability enhances the diagnostic potential of 

OCT by providing comprehensive structural information in a shorter time frame, facilitating 

faster decision-making in clinical environments. 

A large FoV further amplifies the utility of high-speed OCT systems. In clinical practice, 

small FoV probes require clinicians to manually scan over tissue areas, increasing the risk of 

missing diagnostically relevant regions, especially in complex anatomical structures such as the 

retina, skin, or oral cavity [11,36,37]. With a larger FoV, a single scan can capture a broader 

area, reducing the need for multiple scans and stitching together smaller images, which can lead 

to misalignment or gaps in data. The ability to capture a large area in one scan is particularly 

advantageous in dermatology, where wide regions of skin need to be examined, or in 

ophthalmology, where a large retinal area must be visualized for comprehensive analysis of 

conditions like diabetic retinopathy or age-related macular degeneration. 

Additionally, the combination of a wide FoV and long ranging distance expands the 

applicability of OCT to areas with complex topographies. For instance, in oral imaging, the 

uneven surface of the oral cavity demands a system with a long-ranging distance (typically >20 

mm) to capture both superficial and deeper structures without sacrificing image quality[38,39]. 

A long ranging distance ensures that detailed images of both shallow and deep tissue layers can 

be obtained in a single scan, enhancing diagnostic accuracy. In settings like facial and 

orthopedic imaging, where tissue structures may vary in depth, this feature allows for better 
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visualization of subsurface abnormalities that might otherwise be missed with standard OCT 

systems[31,40]. 

Finally, as OCT advances toward functional imaging, including vascular, metabolic, and 

polarization-based contrast, system demands increase further. Modalities such as PS-OCT 

require precise control of the input state of polarization (SOP), which is particularly challenging 

in fiber-based, handheld, or wide-area scanning probes. Maintaining consistent polarization 

fidelity across large scan areas and dynamic environments is necessary for reproducible and 

accurate functional measurements. 

Thus, the development of OCT systems that simultaneously deliver high speed, extended 

ranging distance, wide field of view, and functional imaging capabilities is essential for 

broadening their clinical utility. Such systems not only enhance diagnostic precision and 

operational efficiency but also reduce patient discomfort by minimizing scan duration and 

repeat procedures. These improvements are particularly valuable in real-time imaging of 

complex anatomical structures and microvascular networks, where rapid and comprehensive 

visualization is critical for early diagnosis and treatment planning. However, current 

OCT/OCTF technologies continue to face significant limitations when attempting to integrate 

all four performance dimensions into a single platform. Advancements in speed often come at 

the expense of depth or polarization stability, and wide-field functional imaging introduces 

additional challenges in optical alignment, SOP control, and signal processing bandwidth. For 

example, achieving both high-speed acquisition and deep imaging requires broader k-clock 

bandwidth to match the swept laser’s nonlinear tuning profile, which often exceeds the 

capabilities of existing digitizers and interferometric clocks. Furthermore, implementing 
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polarization-sensitive modalities like PS-OCT within compact fiber-based systems is hindered 

by input SOP variability, especially during handheld or large-area scanning. Addressing these 

multifactorial challenges requires coordinated innovations in optics, electronics, and signal 

processing. This thesis responds to that need by developing an integrated suite of methods to 

enable OCT systems capable of high-speed, deep-range, wide-area, and functionally robust 

imaging, thereby advancing OCT toward a more comprehensive and clinically deployable 

diagnostic technology. 

1.2 Technology Background: Optical Coherence Tomography 

Optical coherence tomography enables high-resolution tomographic imaging in the depth 

direction by utilizing low-coherence interference, measuring the echo time of infrared light 

reflections from various layers of tissue or materials. By scanning across the sample, OCT 

reconstructs three-dimensional images, providing valuable insights into the internal structure of 

biological tissues and materials. 

The core components of OCT systems include a broadband light source, a Michelson 

interferometer, and a photodetector. The axial resolution of OCT is determined by the 

coherence length of the broadband light source, typically achieving resolutions of 1–10 μm. In 

contrast, the lateral resolution, which is independent of axial resolution, depends on the focused 

spot size within the sample and is generally on the micron scale. 

OCT offers several advantages, including non-contact imaging, rapid acquisition speeds for 

real-time dynamic imaging, and high sensitivity. These attributes make OCT a unique imaging 

modality, filling a crucial gap in the field of biomedical imaging by providing micron-level 
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resolution at millimeter-scale depths. OCT has been widely adopted in clinical diagnostics, 

therapeutic monitoring, and various research fields. 

Over the years, two main types of OCT systems have been developed: time-domain OCT 

(TD-OCT) and Fourier-domain OCT (FD-OCT). Despite their differences in implementation, 

both systems operate based on the same fundamental principle—low-coherence interferometry. 

In both TD-OCT and FD-OCT, the echo time of light reflected from different tissue layers is 

measured to generate high-resolution depth-resolved images. However, the methods they 

employ to extract this information differ, resulting in varying performance in terms of speed 

and resolution. 

1.2.1 Principle of time domain OCT 

Time-Domain OCT (TD-OCT) is the first-generation OCT technique and operates similarly to 

ultrasound imaging, though it uses light waves instead of sound waves [41,42]. While 

ultrasound detects reflected sound waves, TD-OCT detects backscattered light. Since the speed 

of light is too fast to be measured directly like sound, TD-OCT leverages the principle of low-

coherence interferometry to detect backscattered signals from the sample[43]. 

The aim of TD-OCT is to interpret the amplitude and phase of light scattered from different 

positions both on the surface and within the sample. To achieve this, TD-OCT scans either in 

space or time to capture reflected or scattered light from various depths in the sample[44]. A 

typical schematic of a time-domain OCT system is shown in Figure 1-1. The light from a low-

coherence broadband source is split into two beams by a beam splitter: one directed towards 

the sample arm and the other towards the reference arm. When the optical path difference 
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between the sample and reference arms is smaller than the coherence length of the light source, 

the two beams interfere when recombined at the beam splitter. This interference signal is then 

detected and collected by a single-point detector. 

The coherence length of low-coherence light sources typically ranges from a few microns to 

tens of microns, allowing for micron-level axial resolution in TD-OCT. This enables highly 

detailed depth-resolved imaging of tissues and structures within biological samples. 

 
Figure 1-1. Schematic diagram of a typical time domain optical coherence tomography 

1.2.2 Mathematical interpretation 

Assuming that the reference mirror is ideal, and the beam splitter has reference and sample arm 

intensity transmittance 𝑇𝑇𝑟𝑟 and 𝑇𝑇𝑠𝑠, respectively. Assume the electric field coming out of the light 

source 𝐸𝐸𝑖𝑖𝑖𝑖(𝜔𝜔, 𝑡𝑡) as a complex exponential plane wave[5,45]: 
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 𝐸𝐸(𝑤𝑤, 𝑡𝑡) = 𝑠𝑠(𝑤𝑤) 𝑒𝑒𝑒𝑒𝑒𝑒[ − 𝑖𝑖(𝑤𝑤𝑤𝑤 + 𝑘𝑘𝑘𝑘)] (0-1) 

where s(ω) is the source field amplitude spectrum, ω is the frequency, t is the time variation, 

k is the wavenumber, and z is the distance. Let the initial phase of the electric field from light 

source equal to zero. The electric field at the detector from reference arm and sample arm could 

be written as follows: 

 𝐸𝐸𝑟𝑟(𝑤𝑤, 𝑡𝑡,Δ𝑧𝑧) = �𝑇𝑇𝑟𝑟𝑇𝑇𝑠𝑠𝑠𝑠(𝑤𝑤)𝑒𝑒−𝑖𝑖(𝑤𝑤𝑤𝑤+𝜑𝜑(Δ𝑧𝑧)) (0-2) 

 𝐸𝐸𝑠𝑠(𝑤𝑤, 𝑡𝑡) = �𝑇𝑇𝑟𝑟𝑇𝑇𝑠𝑠𝑠𝑠(𝑤𝑤) 𝑒𝑒−𝑖𝑖𝑖𝑖𝑖𝑖⋅ 𝐻𝐻(𝑤𝑤) (0-3) 

where 𝜙𝜙(Δ𝑧𝑧) is the phase accumulated resulted from reference mirror translation motion a 

distance, Δ𝑧𝑧 =  Δ𝑡𝑡𝑡𝑡/𝑛𝑛𝑎𝑎𝑎𝑎𝑎𝑎.  

 𝜙𝜙(𝛥𝛥𝛥𝛥) = 2𝑤𝑤𝑛𝑛𝑎𝑎𝑎𝑎𝑎𝑎𝛥𝛥𝛥𝛥
𝑐𝑐

 (0-4) 

where Δ𝑡𝑡 is the corresponding optical time of flight difference and as usual, c represents the 

speed of light in vacuum. 𝑛𝑛𝑎𝑎𝑎𝑎𝑎𝑎 is the group refractive index of air. The factor, 2, arises from the 

round trip of light in the interferometry. 𝐻𝐻(𝜔𝜔) is the sample response function that describes 

the overall reflection from all structures distributed in the z direction within the sample. 

 𝐻𝐻(𝑤𝑤) = ∫ 𝑟𝑟(𝑤𝑤, 𝑧𝑧)𝑒𝑒𝑖𝑖2𝑛𝑛(𝑤𝑤,𝑧𝑧)𝑤𝑤𝑤𝑤/𝑐𝑐+∞
−∞ 𝑑𝑑𝑑𝑑 (0-5) 

where the function r(ω, z) is the backscattering coefficient of the structural in sample, and 

n(ω, z) is the frequency-dependent, depth-varying group refractive index. The exponential term 

explains the phase accumulated. 
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Then the overall electric field in the detector should be the summation of light from reference 

and sample arm. 

 𝐸𝐸𝑜𝑜𝑜𝑜𝑜𝑜(𝑤𝑤, 𝑡𝑡,𝛥𝛥𝛥𝛥) = 𝐸𝐸𝑟𝑟(𝑤𝑤, 𝑡𝑡,𝛥𝛥𝛥𝛥) + 𝐸𝐸𝑠𝑠(𝑤𝑤, 𝑡𝑡) (0-6) 

The detection of the interference signal is a time-average of electric field sum, express as: 

 𝐼𝐼(𝑤𝑤,𝛥𝛥𝛥𝛥) = ⟨|𝐸𝐸𝑟𝑟 + 𝐸𝐸𝑠𝑠|2⟩ = ⟨𝐸𝐸𝑟𝑟𝐸𝐸𝑟𝑟∗⟩ + ⟨𝐸𝐸𝑠𝑠𝐸𝐸𝑠𝑠∗⟩ + 2ℜ{⟨𝐸𝐸𝑠𝑠𝐸𝐸𝑟𝑟∗⟩} (0-7) 

where 〈 〉 denotes time averaging and R denotes real part. The first two terms can be 

identified as “self-interference”, whereas the last term is the real part of the complex “cross-

interference”. Substituting equation (1-2) to equation (1-6) into equation (1-7) obtains: 

 𝐼𝐼(𝑤𝑤,𝛥𝛥𝛥𝛥) = 𝑇𝑇𝑟𝑟𝑇𝑇𝑠𝑠𝑆𝑆(𝑤𝑤) + 𝑇𝑇𝑟𝑟𝑇𝑇𝑠𝑠𝑆𝑆(𝑤𝑤)|𝐻𝐻(𝑤𝑤)|2 + 2𝑇𝑇𝑟𝑟𝑇𝑇𝑠𝑠ℜ{𝑆𝑆(𝑤𝑤)𝐻𝐻(𝑤𝑤)𝑒𝑒𝑖𝑖𝑖𝑖(𝛥𝛥𝛥𝛥)} (0-8) 

where the S(w) is the power spectrum of the source field amplitude spectrum. The first two 

terms are result of self-interference, and it can be eliminated by a balanced detector that 

differentiates the in-phase and quadrature signals. By doing so it will double the value of the 

"cross-interference" term, increasing the signal-to-noise ratio (SNR) by about 3 dB. So, we 

ignore the DC term and analyze the cross term in detail. To be simple, assuming the 𝑇𝑇𝑟𝑟 = 𝑇𝑇𝑠𝑠 =

0.5, the cross-interference term of equation (1-8) could be expressed as: 

 𝛤𝛤(𝛥𝛥𝛥𝛥) = 1
2 ∫ 𝐻𝐻(𝑤𝑤)𝑆𝑆(𝑤𝑤) 𝑐𝑐𝑐𝑐𝑐𝑐{𝜙𝜙(𝛥𝛥𝛥𝛥)}+∞

−∞ 𝑑𝑑𝑑𝑑 (0-9) 

The time-domain OCT system uses the optical delay line to change the optical length of the 

reference arm to realize the axial scanning (A-scan) of the OCT. The interference signal of an 

A-scan could result in the depth information, as shown in Figure 1-1. On this basis, one-
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dimensional and two-dimensional scanning is introduced into the sample arm to realize real-

time two-dimensional imaging and three-dimensional volume imaging. 

1.2.3 OCT specifications  

According to equation (1-9), the depth information of OCT imaging is obtained by the cross-

correlation term, which is expressed as the coherence function deconvolving the reflectance at 

different depths of the sample, so the axial resolution of the system is determined by the 

coherence function. Assuming that the light source spectrum is Gaussian, the axial resolution 

of the system is the full width at half maximum (FWHM) of the coherence function [5]: 

 𝛥𝛥𝛥𝛥 = 2 𝑙𝑙𝑙𝑙 2
𝜋𝜋

𝜆𝜆02

𝛥𝛥𝛥𝛥
 (0-10) 

where 𝜆𝜆0 is the center wavelength, and Δ𝜆𝜆 is the spectral FWHM. Typically, a SLD source 

with a center wavelength 𝜆𝜆0 = 820 nm and spectral FWHM Δ𝜆𝜆 = 20 nm, has a theoretical 

axial resolution of ~ 15µm. The lateral resolution of an OCT system is determined by the 

Rayleigh spot size of the sample arm objective, which is affected by the spot size and the focal 

length of the scanning lens. 

 𝛥𝛥𝛥𝛥 = 1.22⋅𝜆𝜆0
2⋅𝑁𝑁𝑁𝑁

= 1.22⋅𝜆𝜆0⋅𝑓𝑓
𝐷𝐷

 (0-11) 

Where NA represents the numerical aperture of the scanning lens, f and D are the focal length 

and diameter of the lens respectively. From the equation, when the laser is selected the lateral 

resolution could be improved by increasing beam diameter of the scanning beam and using a 

scanning lens with shorter focal length. 
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Although the axial and lateral resolution of OCT are decoupled, there is a constraint between 

the lateral resolution of the system and the depth of focus, which is usually defined as twice the 

Rayleigh distance: 

 𝑏𝑏 = 𝛥𝛥𝑥𝑥2

𝜆𝜆0
 (0-12) 

When an objective lens with a larger focal length (large NA) is selected, the lateral resolution 

of the system will increase accordingly, but the depth of focus will decrease, and the lateral 

resolution will decrease faster beyond the range of the focal depth, which limits the range to 

obtain clear image. 

SNR of OCT is a key parameter, and it is the ratio between the signal power (square of the 

detector photo current) and the noise power. SNR can be written as[46]: 

 𝑆𝑆𝑆𝑆𝑆𝑆 = 𝜂𝜂⋅𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝑞𝑞𝑒𝑒⋅𝐵𝐵

 (0-13) 

where 𝜂𝜂 represents the detector quantum efficiency, 𝑃𝑃𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠 is the light source power, 𝑞𝑞e is 

the photon energy, and B is the noise equivalent bandwidth that is determined by detector 

integral time and detector bandwidth. 

1.2.4 Fourier domain OCT 

Fourier domain optical coherence tomography extracts depth-resolved information from the 

sample tissue by detecting spectral interference fringes [1]. With advancements in light source 

and detection technologies, FD-OCT, which includes spectral-domain OCT and swept-source 

OCT, offers significant advantages in sensitivity and imaging speed [46]. It has become the 
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mainstream in OCT community, enabling functional imaging applications such as OCT 

angiography [47]. 

In FD-OCT, the interference signal is measured in the frequency domain. Each spectral 

component of the interference signal is recorded separately, and a depth-resolved image is 

reconstructed using a Fourier transform [48]. There are two primary methods for recording 

spectral data in FD-OCT: spectral-domain and swept-source. Their basic configurations are 

illustrated in Figure 1-2(a) and (b), respectively. 

 
Figure 1-2. Schematic diagram of FDOCT detection. (a) Spectral detection; (b) Swept source 

detection; (c) Signal reconstruction from frequency domain to spatial domain. 

In spectral-domain OCT, a broadband light source illuminates the sample, and a 

spectrometer disperses the spectral components spatially. These components are recorded in 



 

12 
 

parallel by a high-speed line array camera[49]. In contrast, swept-source OCT uses a 

wavelength-tunable light source [50], where the spectral components are dispersed temporally. 

As a result, they can be recorded sequentially with a single-point detector. Despite the 

differences in how spectral data are recorded, the signal reconstruction process in both methods 

is the same, as shown in Figure 1-2(c). The interference fringes corresponding to different 

depths Δz1, Δz2, and Δz3 are Fourier transformed in the frequency domain to retrieve spatial 

depth information. Since the mathematical derivation for FD-OCT closely parallels that of time-

domain OCT, we omit further mathematical details here. 

1.2.5 Advantages and disadvantages of FD-OCT 

FD-OCT offers significantly faster imaging speeds compared to time-domain OCT [48,50]. In 

TD-OCT, depth information is obtained through point-by-point scanning of the reference arm, 

a mechanical process that severely limits imaging speed. In contrast, FD-OCT uses spectral 

detection to capture depth information in parallel, effectively performing progressive scanning 

and thus greatly enhancing imaging speed. For spectral-domain OCT, imaging speed is 

primarily determined by the line scan rate of the camera in the spectrometer, while in swept-

source OCT, it depends on the sweep rate of the light source. 

Another major advantage of FD-OCT is its high signal-to-noise ratio (SNR) compared to 

TD-OCT [49,51]. To facilitate comparison, consider three systems, SD-OCT, SS-OCT, and 

TD-OCT, with the same light source power, pixel number (M/2 pixels in the Z direction), and 

imaging speed (identical line scan rate, meaning the same axial scan time t). FD-OCT generally 

requires M channels for signal acquisition, which is significantly more than TD-OCT. As a 
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result, the SNR in FD-OCT is approximately M/2 times higher than that in TD-OCT, primarily 

due to the parallel detection in the axial direction, which increases the integration time for each 

point by the same factor. 

Sensitivity is the most significant advantage of FD-OCT over TD-OCT [51,52]. In FD-OCT, 

the spectra acquired must undergo a Fourier transform to generate a depth-resolved image, 

which introduces an averaging effect that further enhances SNR. For an A-scan with N pixels, 

the SNR improves by a factor of N/2. In SD-OCT, a 10-bit digitization per pixel achieves a 

dynamic range of 40-60 dB for an A-line, while the detection remains well below the saturation 

limit. Research has shown that the noise floor in SD-OCT is approximately 5.7 dB lower than 

in TD-OCT when using the same interferometer but different detection methods [1]. In SS-

OCT, although relative intensity noise (RIN) is higher than in SD-OCT, balanced detection can 

effectively suppress it, allowing SS-OCT to achieve comparable SNR to SD-OCT. 

Although FD-OCT offers significant advantages in imaging speed, SNR, and sensitivity, its 

sensitivity diminishes with depth, a phenomenon known as sensitivity roll-off [48,53]. In SD-

OCT, this roll-off is due to the inability to accurately measure high-frequency modulation of 

the detected spectrum, which is affected by both the finite pixel size of the camera array and 

the spectrometer’s limited spectral resolution. As a result, SD-OCT experiences a dramatic 

sensitivity drop (tens of decibels) at maximum depths, leading to blurred signals at long optical 

delays. In SS-OCT, sensitivity roll-off is influenced by the instantaneous linewidth of the light 

source and the detection bandwidth of the photodiode and digitizer. Advanced swept-source 

technologies, such as MEMS-VECSL, achieve narrow instantaneous linewidths, allowing for 

coherence lengths exceeding 1 meter [34,54,55]. 



 

14 
 

Another drawback of FD-OCT is the occurrence of conjugate images [56,57]. Since FD-

OCT records real-valued interference spectra, the Fourier transform of these signals produces 

conjugate images. This reduces the usable imaging depth to half, limiting the effective imaging 

range compared to TD-OCT. 

Despite these limitations, FD-OCT, particularly SD-OCT, offers superior phase stability, 

which makes it ideal for phase-sensitive measurements [58,59]. These measurements are crucial 

for applications such as Doppler OCT, OCT elastography, and polarization-sensitive OCT. In 

phase-sensitive detection, axial motion can be quantified by measuring phase differences 

between corresponding points at the same depth in adjacent A-lines. This technique is also 

valuable for phase contrast microscopy and calculating phase retardation in polarization-

sensitive OCT. 

Compared to TD-OCT and SD-OCT, SS-OCT is increasingly becoming the preferred 

configuration due to its superior sensitivity roll-off performance, longer achievable imaging 

ranges, and higher imaging speeds [50]. However, SS-OCT faces challenges in phase-sensitive 

detection due to limitations in wavelength sweep repeatability and significant jitter in spectrum 

acquisition [60]. 

1.3 The Development of High-speed and Wide Field OCT 

1.3.1 High-speed OCT 

Imaging speed is a critical parameter that defines the performance of OCT systems [61]. Driven 

by advances in both technology and hardware, OCT imaging speed, typically measured in depth 
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scans per second (A-scans per second), has increased significantly, from several hundred hertz 

to kilohertz and even into the megahertz range [61,62]. To date, time-domain OCT was only 

capable of imaging speeds up to ~8,000 A-lines per second [63], mainly constrained by the use 

of a mechanically scanning mirror in the reference arm to obtain depth-resolved information. 

This relatively slow speed has limited its applicability, particularly in clinical in vivo 3D 

imaging where faster acquisition is crucial [5]. 

The development of Fourier-domain OCT marked a significant advancement in imaging 

speed compared to TD-OCT, as it eliminates the need for mechanical scanning in the reference 

arm [48,64,65]. FD-OCT comes in two primary variants: spectral-domain OCT and swept-

source OCT. SD-OCT uses a broadband light source, such as a super-luminescent diode, along 

with a spectrometer to capture optical interference signals. However, its imaging speed and 

depth range are restricted by the limitations of the spectrometer. Current SD-OCT systems have 

achieved A-line rates as fast as 312 kHz, though at the cost of reducing the imaging range to 

approximately 2 mm [66]. Innovative approaches such as line-scan and full-field OCT systems 

have achieved ultra-high A-scan rates, reaching the megahertz range, by employing parallel 

acquisition techniques using 2D cameras [42,67,68]. However, these methods are not confocal, 

resulting in different image quality compared to standard OCT systems [68,69]. Consequently, 

they have not yet fully replaced conventional OCT systems in practice. 

SS-OCT utilizing wavelength-swept lasers and high-speed analog-to-digital conversion, 

enables faster imaging speeds and longer imaging ranges than SD-OCT [22]. The performance 

of SS-OCT systems largely depends on the characteristics of the swept-source laser. Over the 

past few decades, various types of swept lasers have been developed to achieve ultra-high A-
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scan rates, including short cavity lasers, Fourier domain mode-locked lasers (FDMLs) [70–72], 

dispersion-tuned lasers [73], amplified spontaneous emission sweepers (ASE), stretched pulse 

lasers [74,75], and MEMS-VCSELs [22,76]. Among these, FDML, stretched pulse, and MEMS 

VCSELs dominate high-speed OCT systems. FDML lasers have demonstrated A-scan rates in 

the tens of MHz by using multiple buffered sweeps, and commercial FDML systems are 

available with rates up to 3.5 MHz using 8X buffered sweeps [22]. While FDML lasers offer 

high sweep speeds, they are complex and difficult to miniaturize due to the requirement for 

kilometer-length fiber spools, optical amplifiers, and active polarization control [77]. Stretched 

pulse lasers operate at tens to hundreds of MHz A-scan rates, and they eliminate sweep-to-

sweep variability. However, their coherence lengths are limited, and adjusting sweep rates is 

challenging because the rate is determined by the optical fiber length. MEMS-VCSEL 

technology, on the other hand, offers compelling advantages for SS-OCT implementation. 

VCSELs can be configured to achieve adjustable, multi-MHz A-scan rates without the need for 

sweep multiplexing [78,79]. The sweep rate and range are tunable, allowing the system to 

support different A-scan rates, resolutions, and imaging ranges, depending on the digitization 

rate of the analog-to-digital converter (ADC). This flexibility, combined with low cost, has 

made MEMS-VCSELs widely adopted in both research and clinical OCT devices. 

Commercially available MEMS VCSELs currently dominate high-performance OCT devices, 

offering imaging speeds up to 400 kHz under flexible configurations.  

Currently many SS-OCT systems have demonstrated A-scan rates in the megahertz range, 

with imaging speeds exceeding 200 kHz and proven OCT imaging capabilities in research 

setting [34,61,79,80]. However, a common limitation is their constrained imaging depth, 
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typically restricted to less than 10 mm. This limitation arises from several factors, including 

insufficient coherence length of the swept laser source, limited electrical bandwidth of the 

analog-to-digital converter (ADC), and the need to maintain sufficient axial resolution over 

larger imaging depths. The challenge of balancing high-speed operation with deep imaging 

range remains a key area of focus in the ongoing development of SS-OCT systems. 

1.3.2 Wide field OCT 

In OCT imaging, the field of view (FoV) typically refers to the lateral area covered during 3D 

imaging [5]. A wide FoV is critical for providing coverage of larger tissue areas without 

sacrificing depth or imaging quality. The OCT FoV is influenced by several factors, including 

optical design, scanning mechanism, and, most importantly, imaging speed. As OCT 

technology has evolved from time-domain to Fourier-domain systems, the FoV has expanded 

significantly. Early OCT systems were limited to a small FoV due to the slow imaging speed 

of time-domain OCT. However, with the advent of Fourier-domain OCT, the imaging speed 

has increased substantially, allowing for larger FoVs, typically up to 10 by 10 mm.While this 

FoV is adequate for many applications, such as retinal and skin imaging, certain clinical 

scenarios require even larger areas to be examined, including cases of retinal and choroidal 

diseases [36], anterior eye imaging [79], skin assessments [37], and dental evaluations [13]. 

Wider FoV OCT imaging can be achieved either in a single scan or through mosaicking 

[31,81,82], where multiple individual scans are stitched together during post-processing. 

Acquiring a wider FoV in a single scan often requires longer scanning times to maintain 

sufficient scan density, which is crucial for high-quality imaging, particularly for OCT 
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angiography. This necessitates a high imaging speed to reduce the impact of uncontrollable 

motions, such as heartbeat, breathing, or micro-saccades, and sufficient imaging range to 

accommodate optical path length variations or uneven surfaces [34,36]. Additionally, field 

distortion and aberration must be addressed to ensure accurate imaging results [8]. 

Mosaicking, on the other hand, offers a wide FoV without extending the imaging range, by 

combining high-quality single scans [11,83]. However, this approach increases the overall 

measurement time and requires sufficient training to ensure accurate realignment. In addition, 

post-processing becomes more complex and time-consuming [84], as each scan volume must 

be translated, rotated, and aligned in three dimensions to ensure proper registration [85]. With 

recent advancements in imaging speed and optical design, wide-range scans exceeding 20 x 20 

mm are now feasible. Current SS-OCT devices in ophthalmology can achieve single-scan 

coverage of up to 23 x 20 mm on the retina, and by mosaicking 4-5 scans, areas as large as 31 

x 27 mm [86] can be visualized, enabling reliable evaluation of peripheral retinal conditions. 

These systems, however, typically operate at 100 kHz, which extends scanning time and 

degrades imaging quality due to patient motion, particularly in individuals who has difficulty 

to maintain steady eye fixation. 

Beyond retinal imaging, OCT systems with centimeter- and meter-scale FoVs have been 

developed, capable of imaging areas larger than 20 by 20 cm [31,87]. Despite this promise, 

these systems face challenges in maintaining sufficient scan density or reducing imaging time 

due to relatively low A-line rates (~100 kHz), which restricts their ability to provide functional 

in vivo imaging in clinical settings, limiting them to morphological assessments. 
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1.3.3 Functional OCT and polarization-Sensitive OCT 

While conventional optical coherence tomography (OCT) provides high-resolution structural 

imaging based on scattering contrast, the demand for richer diagnostic information in clinical 

and biological contexts has driven the development of functional OCT techniques. Functional 

OCT extends the utility of the OCT signal by analyzing additional physical properties of the 

tissue, such as flow, birefringence, absorption, and polarization state, beyond mere intensity. 

These modalities can reveal physiologically or pathologically relevant tissue parameters that 

remain inaccessible through structural OCT alone. 

Among the diverse range of functional OCT technologies, Doppler OCT quantifies flow 

velocity by detecting phase shifts between sequential A-lines, enabling the visualization of 

microvascular networks or dynamic perfusion. Optical coherence angiography (OCTA) further 

exploits motion contrast from repeated scans to segment perfused vasculature noninvasively. 

Other extensions include spectroscopic OCT for molecular contrast and polarization-sensitive 

OCT (PS-OCT) for mapping tissue birefringence. 

PS-OCT is particularly compelling for biomedical applications due to its ability to detect 

optical anisotropy, which arises from organized microstructures such as collagen, keratin, and 

muscle fibers. This modality enables noninvasive assessment of fibrous tissue integrity and 

orientation, offering clinical value in ophthalmology, dermatology, cardiology, and dentistry. 

PS-OCT systems typically extract Stokes vectors or Jones matrices across depth to reconstruct 

local birefringence, degree of polarization uniformity (DOPU), and optic axis orientation. 
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Initial PS-OCT implementations were largely based on free-space optics with bulk 

polarization control elements (e.g., quarter-wave plates, polarizing beam splitters) and multiple 

detection channels. These systems offered full access to the polarization states of incident and 

backscattered light, facilitating precise birefringence measurement. However, they suffered 

from alignment instability, large form factors, and poor adaptability to in vivo or handheld 

settings. 

With the increasing push toward compact and clinical-use devices, fiber-based PS-OCT 

systems have gained prominence. These use polarization-maintaining (PM) or single-mode 

fiber links to guide light between system components and the sample. Compared to free-space 

configurations, fiber-based PS-OCT enables greater mechanical flexibility, portability, and 

potential for miniaturization. However, this shift introduces new complications. Recent 

advances in PS-OCT aim to combine the advantages of fiber-based portability with robust 

polarization characterization, enabling wide-field, high-speed, and functionally rich imaging 

1.3.4 Challenges in high-speed and wide field functional OCT 

High-speed functional OCT with a wide field of view holds immense promise for expanding 

the utility of OCT across clinical and industrial applications, especially in scenarios demanding 

large-area and rapid imaging. However, integrating high-speed performance, extended imaging 

depth, and wide-area functional coverage in a single OCT platform remains challenging due to 

several technical challenges. 

The first challenge arise from the limited axial imaging range in high-speed swept-source 

OCT systems. As the A-line rate increases, the number of k-clock samples per sweep often 
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becomes sparse, especially in systems using external k-clock triggering. This leads to a reduced 

effective sampling rate and consequently a shallow imaging depth, often insufficient for 

applications involving curved or thick tissue structures. Enhancing one aspect, such as speed, 

often results in trade-offs, such as reduced imaging depth or compromised resolution. 

Addressing this limitation requires a method to enhance the sampling density without reducing 

acquisition speed or compromising spectral linearity. 

The second challenge involves the nonlinear phase response and limited analog bandwidth 

of the digitizer and downstream electronics, which become prominent under high-speed and 

wide-field acquisition protocols. These issues introduce electrical dispersion, a form of 

nonuniform k-space distortion that accumulates across the field of view. As a result, structural 

images suffer from spatial distortion, and subtle features may be misrepresented or aliased. This 

is particularly evident when imaging large or highly curved anatomical regions, such as the oral 

cavity, where accurate geometric representation is crucial for diagnosis or quantitative 

assessment.. 

The third challenge is associated with imaging surfaces that exhibit large curvature or uneven 

topology. In such cases, the depth of field becomes insufficient to maintain lateral focus across 

the entire FoV. Combined with the natural sensitivity roll-off of OCT systems, this leads to 

localized degradation in image resolution and signal-to-noise ratio. When scanning across 

highly contoured surfaces, such as dental arches, facial skin, or surgical cavities, this challenge 

limits both structural and functional imaging fidelity. 
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The fourth challenge emerges in the context of fiber-based polarization-sensitive OCT 

systems, particularly those with single-input configurations aimed at compact, handheld, or 

wide-field operation. In these setups, the SOP of the incident beam can vary unpredictably due 

to mechanical perturbation of the fiber. These SOP fluctuations degrade the accuracy of 

birefringence measurements and reduce repeatability, especially under dynamic or handheld 

imaging conditions. Ensuring SOP stability across a wide FoV in real-time requires dedicated 

feedback or compensation mechanisms, which have been historically difficult to implement in 

fiber-based systems. 

1.4 Scope of the thesis 

The objective of this thesis is to address the challenge of integrating high-speed acquisition, 

extended imaging depth, wide FoV, and functional contrast into a swept-source OCT platform 

suitable for clinical deployment. The research spans optical, electrical, and algorithmic 

innovations to overcome the four key limitations outlined in the previous section. 

Chapter 2 addresses the challenge of shallow imaging depth in high-speed swept-source 

OCT systems, where sparse k-clock sampling at high A-line rates limits the axial range. To 

overcome this, a multi-channel delayed sampling strategy is proposed. By splitting the analog 

interference signal into multiple delayed electrical channels and resampling them in k-space, 

the effective sampling rate is increased without reducing system speed. This approach extends 

the imaging depth while preserving signal integrity and enables large-volume imaging in a 

single sweep. 
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Chapter 3 tackles the issue of electrical dispersion and geometric distortion encountered in 

high-speed, wide-field OCT imaging. The nonlinear response of analog components and limited 

digitizer bandwidth distort the spectral content of the OCT signal, especially in the periphery 

of large scans. A global k-space compensation framework is developed to correct this electrical 

dispersion, and a vector field mapping algorithm is introduced to restore spatial fidelity across 

the field of view. This enables distortion-free structural imaging of complex anatomical regions 

such as the oral cavity. 

Chapter 4 is devoted to resolving the imaging degradation caused by uneven surface 

topology. In wide-field scanning of curved or contoured samples, the fixed focus depth and 

system sensitivity roll-off lead to resolution loss and signal dropouts. To mitigate this, an 

adaptive contour-tracking and scanning method is implemented. This method dynamically 

adjusts the scanning trajectory based on estimated surface geometry, maintaining optimal focus 

and high-quality imaging across variable sample heights. The technique is validated on dental 

arches and other non-planar structures. 

Chapter 5 responds to the limitation of polarization instability in single-input fiber-based 

PS-OCT systems, especially under wide-field or handheld scanning conditions. A novel real-

time surface Stokes feedback mechanism is introduced, which dynamically monitors and 

corrects the incident SOP at the sample interface. By ensuring stable circular polarization 

delivery, the system achieves reliable birefringence imaging in compact fiber-based 

configurations. This development paves the way for functional OCT imaging with minimal 

hardware complexity. 
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Chapter 6 concludes the thesis by summarizing the key contributions, evaluating their 

integration potential in clinical OCT systems, and proposing directions for future research, 

including improved polarization calibration, GPU-based real-time processing, and compact 

handheld device implementation. 
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2 MULTI-CHANNEL DELAY SAMPLING TO EXTEND IMAGING 

DEPTH IN HIGH-SPEED SWEPT-SOURCE OCT SYSTEMS 

2.1 Background and Motivation 

Optical Coherence Tomography (OCT) is a non-invasive imaging technique that enables the 

visualization of tissue microstructures with micrometer-level resolution [1,47]. Over the last 

two decades, OCT has undergone evolution from time-domain OCT to spectral-domain OCT 

and swept-source OCT (SS-OCT). Today, SS-OCT, with its faster speed and higher sensitivity 

over longer ranging distance, has become a mainstream technology widely utilized in various 

fields, including ophthalmology [2,88,89], cardiology [90,91], and dermatology [18,92]. The 

SS-OCT system typically employs a laser source based on the vertical-cavity surface-emitting 

laser (VCSEL) to generate a series of continuously changing wavelengths with a specific 

spectral content and bandwidth. However, the depth information of the sample is a function 

related to the wave number (k), with the depth profile corresponding to the wavenumber (k) 

forming a Fourier transform pair. To obtain the sample's depth information, it is essential to 

convert the interference signal into a function of the wave number k (referred to as a k-space 

function) before performing Fourier transformation [55,93].  

SS-OCT achieves a linearized k-space interference signal mainly using two methods: 

internal clock acquisition and k-clock-triggered acquisition. The internal clock acquisition 

method involves the use of an internal clock to uniformly sample the time domain interference 

signals of interest and a reference signal generated by an auxiliary Mach-Zehnder 
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interferometer (MZI). The interference signal of interest is calibrated and resampled using the 

MZI signal [22,94]. However, the resampling process inevitably introduces signal distortion, 

especially at longer ranging distance, leading to a reduction in system's sensitivity. Additionally, 

this method significantly increases the volume of acquired dataset, necessitating high-speed 

capabilities from the data acquisition card [87,95]. 

The k-clock triggering acquisition method involves the generation of a k-clock signal by the 

MZI to trigger the acquisition of interference spectrum [96]. Photodetectors convert the MZI 

signals into electrical signals. The electrical signals pass through a "zero-crossing detector," 

generating a k-clock trigger signal at the positions where the signal crosses zero. Then the k-

clock trigger signal is used to trigger the acquisition of the OCT signal. This result in the 

generation of a digitized interference signal of interest that exhibits linearity in k-space and is 

not distorted. The k-clock triggering acquisition method eliminates the need for resampling 

interference spectrum signals of interest, reducing the burden on the acquisition card and 

simplifying post-data processing. 

Nevertheless, this method is constrained by the speed of the MZI acquisition card and the 

zero-crossing detector [97]. If the sweeping speed of the swept-source is too fast, the k-clock 

trigger signals allocated to each spectrum would be sparse, leading to a shallow imaging depth. 

Therefore, there's a trade-off between imaging speed and depth due to this constraint. This 

limitation contradicts the desirable features demanded by a clinical imaging system. Clinical 

imaging often demands a system with 1) a faster scanning speed, aiming to reduce total imaging 

time for improved patient compliance [98,99], and 2) a longer ranging distance to handle 

complex scenarios where the target of interest exhibits significant height differences and 
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curvature within the field of view. Consequently, there is a demand for OCT systems to possess 

both high acquisition speed and long ranging capabilities [60,100].  

Here we introduce a multi-channel delay data sampling method aimed at extending the 

imaging depth of high-speed SS-OCT systems. The interference signals are first captured by 

the balanced detector and become electrical signals. The electrical signal is then split into N 

channels, with each channel having a fixed time delay that is realized by the length of the 

electrical cables used, which are then digitized by the N-channel data acquisition card. With 

this treatment, however, the time delay would introduce non-uniform phase shifts in 

wavenumber for the signals formed by different wavelengths because the light source is 

broadband, leading to inconsistent k-clock offsets at different sampling points. To mitigate this 

electrical dispersion, a calibration procedure is employed to calculate the k-shift for each 

sampling point. After calibration for each channel, the N-channel signals are combined and 

resampled to achieve a linearized spectrum in k-space as if the sampling rate were N-times that 

of a single channel digitization. This approach would increase the ranging distance by N-times 

without altering the external k-clock triggering mode and without sacrificing other imaging 

performance. 

2.2 Materials and Methods 

2.2.1 System design and set up 

The SS-OCT system (Figure 2-1) employed in this article was equipped with a 600 kHz MEMS-

tunable VSCEL-type swept source, with a central wavelength of 1310 nm and a bandwidth of 

20 nm. The theoretical lateral and axial resolutions of the system were 56 μm and 37.8 μm, 
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respectively, in air. The k-clock signal was generated through a built-in MZI with an optical 

path difference of 72 mm. The currently available k-clock triggering swept sources operated at 

an average frequency of ~1 GHz, resulting in ~ 860 sampling points per spectrum. The 

interference signal was collected using a 1.8 GHz digitizer (ATS9360, AlazarTech Inc., USA).  
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Figure 2-1 Schematic of the multichannel delayed sampling SS-OCT system setup, where two 

channels were realized in the demonstration. FC: fiber coupler; CIR: circulator; 
ODL: optical delay line; PC: polarization controller; BPD: balanced photodetector; 
DAQ: data acquisition. EDL: electrical delay line. 

The scanning protocol was comprised of 1500 × 1500 A-lines to cover an ~42 × 42 mm² 

field of view, requiring 4.75 seconds to complete. In the demonstration of the proposed method, 

we used N=2 as an example because the digitizer only possesses 2-channel data-input ports (but 

it should be applicable to N channels, depending on the digitizer’s channel availability). In 

single-channel sampling mode using the MZI to trigger the acquisition, the system's theoretical 
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imaging depth is limited to 18 mm. The balanced detector transforms the optical interferometric 

signal into electrical signals, which are then divided into two electrical paths (CH1 and CH2). 

These two-channel signals were then digitized using the two-channel digitizer. CH2 is delayed 

by a longer length of 10 cm of 50-Ω coaxial cable compared to that of CH1. This results in an 

approximate delay of ~0.5 ns (given a speed of 2×108 m/s). This delay introduces a phase 

difference of approximately half a sampling interval in the interference spectrum. The k-clock 

signal generated by the MZI was employed to concurrently trigger the acquisition of 

interference spectra for both channels. Subsequently, the data from the two channels were 

combined in k-space and resampled before being transformed into depth information through 

Fourier transformation.  

2.2.2 Simulation of two-channel delay sampling 

Multi-channel delay sampling requires precise control of the time delay for each channel 

within a reasonable range to ensure that the reconstructed spectrum closely matches the ground 

truth. Taking two channels as an example, the delay phase should be set at the middle of the 

wavenumber sampling interval (Δk), i.e., Δk/2. If the phase difference between the two signal 

paths cannot be strictly maintained at Δk/2, it may introduce artifacts in the depth profile. To 

clarify the relationship between phase differences and potential artifacts, we employ computer 

simulations to illustrate the signal recovery process, as depicted in Figure 2-2. In this simulation, 

we assumed the presence of two reflecting interfaces at depths of 5 mm and 28 mm (Figure 

2-2A) in the sample arm, representing the low-frequency and high-frequency components of 

the interference signal, respectively. Figure 2-2B displays the simulated interference spectra, 
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with a closer view of the region inside the orange box showing the periodic coupling of two 

frequencies. We digitized the simulated spectra using a single channel with 1024 sampling 

points, resulting in the depth profile shown in Figure 2-2C. The reason for using 1024 sampling 

points is that it is the integer power of 2 closest to the actual number of pixels. Furthermore, to 

avoid confusion, nonlinear issues are not introduced in numerical simulations. 

With single-channel sampling, the imaging depth is limited to 18 mm, which is insufficient 

for accurately identifying the reflecting interface at 28 mm. Additionally, an obvious artifact 

appears within this result (indicated by the blue arrow), due to under-sampling. Subsequently, 

we digitized the simulated spectra using two channels. Figure 2-2D to H represent the outcomes 

of dual-channel sampling with phase differences of 0.1Δk, 0.3Δk, 0.5Δk, 0.7Δk, and 0.9Δk, 

respectively. Before performing the Fourier transform, signals from two channels were directly 

combined without undergoing resampling. We found that dual-channel sampling extends the 

imaging range and allows for the identification of the reflecting interface at 28 mm. When the 

phase difference equals 0.5Δk (Figure 2-2F), it perfectly reproduces the true sample signal as 

expected. Otherwise, artifacts (indicated by the red arrows) are introduced due to non-uniform 

sampling, and the intensity of these artifacts increases with the increased degree of deviation 

relative to 0.5Δk. Figure 2-2I to L represents the results obtained after resampling the combined 

signals from two channels. Resampling means estimating the signal value at 0.5Δk position 

based on the information provided by the two channels. It can be observed that resampling helps 

to suppress artifacts to some extent, but the farther the deviation from the 0.5Δk position, the 

more difficult it is to eliminate the artifacts. 
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Figure 2-2. Dual-channel delay sampling signal simulation. (A) Reflecting interfaces are placed 

at depths of 5 mm and 28 mm, respectively. (B) Simulated corresponding 
interference spectra. The insert below shows an enlarged view of the region inside 
the orange box. (C) Result of single-channel sampling, with artifacts indicated by 
the blue arrows. (D)~(h)Results of dual-channel sampling with phase differences 
of 0.1Δk, 0.3Δk, 0.5Δk, 0.7Δk, and 0.9Δk, respectively. Red arrows point to 
artifacts. (I)~(L) The results after resampling.  

2.2.3 Calibrate the nonlinear phase delay 

The simulation above assumes that the introduced delay causes a uniform phase shift in k-

space for the interference signal of Channel 2. However, it should be noted that while the k-

clock signal generated by MZI interferometry exhibits linearity in k-space, its behavior in the 

time domain is non-linear. This non-linear relationship between k and time results in a non-

uniform k-shift at each sampling point when a fixed delay is applied in the time domain. 

Therefore, it is imperative to estimate the k-shift (𝛿𝛿𝛿𝛿) in Channel 2 before resampling the 

combined signal.  
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Assuming the interference signal from a mirror is represented as: 

 I(𝑘𝑘) = S(𝑘𝑘)∙𝑐𝑐𝑐𝑐𝑐𝑐(2𝑑𝑑∙𝑘𝑘+∅𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑) (2-1) 

 

where S(k) represents the optical power density of the light source, d is the path difference 

of the sample arm and reference arm, and ∅𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑 is the phase error induced by optical dispersion. 

The mirror signal of Channel 1 and delayed Channel 2 from the same location could be written 

as: 

 𝐼𝐼𝐼𝐼ℎ1 (𝑘𝑘) = S(𝑘𝑘)∙𝑐𝑐𝑐𝑐𝑐𝑐(2𝑑𝑑∙𝑘𝑘+∅𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑)  (2-2) 

 𝐼𝐼𝐶𝐶ℎ2 (𝑘𝑘) = S(𝑘𝑘+𝛿𝛿𝑘𝑘)∙𝑐𝑐𝑐𝑐𝑐𝑐(2𝑑𝑑∙(𝑘𝑘+𝛿𝛿𝑘𝑘)+∅𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑)  (2-3) 

where, the vector 𝛿𝛿𝑘𝑘 represents the non-uniform k-shift at each sampling point. To estimate 

this non-uniform k-shift (𝛿𝛿𝑘𝑘), the phase change of the interference signals from the two channels 

Δθ can be estimated using the Hilbert transform.  

 ∆𝜃𝜃k=ang (Ha (𝐼𝐼𝐶𝐶ℎ2(k))) - ang (Ha (𝐼𝐼𝐶𝐶ℎ1(k)))  (2-4) 

Where 𝐻𝐻𝐻𝐻{𝑓𝑓(𝑡𝑡)} = 𝑓𝑓(𝑡𝑡) + 𝑗𝑗 𝜋𝜋 ∙ ∫ 𝑓𝑓(𝜏𝜏)/(𝑡𝑡 − 𝜏𝜏)⁄ 𝑑𝑑𝑑𝑑  and ang(∙)  denotes the phase 

unwrapping process. Subsequently, 𝛿𝛿𝑘𝑘 can be calculated by taking the phase difference of the 

two channels: 

 𝛿𝛿𝑘𝑘 = ∆𝜃𝜃k/2𝑑𝑑  (2-5) 
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where, ∆𝜃𝜃k represents the phase difference between the two channels. Using the calculated 

𝛿𝛿𝑘𝑘, we can precisely determine the timing stamps of Channel 2 signals in k-space.  
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Figure 2-3. k-shift values for each sampling point of the two channels and the interpolation 

results. (A) 𝛿𝛿𝛿𝛿 for each sampling point, with a red dashed line indicating the mean 
position. (B) Distribution of 𝛿𝛿𝛿𝛿, with the shaded area representing the interval 
containing 95% of the total area. (C) Interpolation results. The lower subgraphs 
depict magnified views of the red boxed regions. 
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We employed a mirror as the sample in the sample arm and collected the mirror's spectral 

signal using the proposed system. We adjusted the length of the electrical delay line to ensure 

that 𝛿𝛿𝛿𝛿 closely approximates 0.5Δk at each sampling point, as shown in Figure 2-3A. The extra-

cable length was 10 cm in the electrical delay line. Figure 2-3B illustrates the distribution of 

𝛿𝛿𝛿𝛿, with a mean close to 0.5Δk. The highlighted area encompasses 95% of the total area, 

signifying that 95% of the sampling points fall within the interval [0.2Δk, 0.8Δk]. Most of the 

artifacts generated by this k-shift distribution can be eliminated through resampling. Figure 

2-3C presents the combination of the digitized spectra of the two channels based on 𝛿𝛿𝛿𝛿, along 

with the interpolated results using a sampling interval of 0.5Δk (cyan dots). The signal from 

Channel 1 (red dots) remains unchanged, while interpolation is performed using the information 

provided by Channel 1 and Channel 2 (blue dots). The three enlarged views show the details in 

interpolation at various positions. It is evident that the majority of Channel 2's sampling points 

are close to 0.5Δk, providing highly accurate information for interpolation at 0.5Δk, which leads 

to interpolation results that closely match the actual values. Results shown in Figure 2-3 indicate 

that the selection of a 10 cm electrical delay line was reasonable for the system in this paper. A 

resampling process was applied to all the acquired data from both Channels to generate a 2-fold 

upsampled spectrum through interpolation. Then, the regenerated spectrum underwent 

windowing and dispersion compensation before performing a fast Fourier transform to produce 

the depth OCT signals. 
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2.3 Results  

2.3.1 System performance 

To assess the system's performance, we collected reflected signals from different positions on 

a mirror using an optical attenuator with a 60 dB attenuation level. Figure 2-4 illustrates the 

point spread function (PSF) roll-off for both the single-channel system and the dual-channel 

delay sampling system. We observed that the imaging depth of the single-channel system is 

limited to 18 mm, with a PSF roll-off of -15 dB across the entire ranging distance. By 

implementing the dual-channel delayed sampling method, the system's ranging distance is 

extended to 36 mm, and the PSF roll-off at the 18 mm position is only -5 dB, where the SNR 

has improved because of the upsampling rate provided by dual-channel sampling, enabling the 

recovery of high-frequency signals at 18 mm. Table 1 summarizes a detailed performance 

comparison between the two systems. 
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Figure 2-4. Point spread function roll-off in single-channel sampling (A) and multi-channel 

delayed sampling system (B). 

 

Table 2-1 Performance comparison between single-channel sampling and dual-channel delayed sampling 

Mode Single channel Dual channel 

Roll-off at 18 mm −15 dB −5 dB 

Roll-off at 36 mm -- −15 dB 

SNR at 18 mm 85 dB 95 dB 

SNR at 36 mm -- 82 dB 
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2.3.2 Imaging of phantom and human teeth 

To demonstrate the extended imaging capabilities of the proposed system, we conducted 3D 

imaging of both a relatively transparent Plexi-box (a container that was used from Thorlabs 

purchases) and human teeth in vivo. Figure 2-5A is a photograph of the Plexi-box with a height 

of 28 mm and with barcode labels affixed to both the upper and lower surfaces. Figure 2-5B 

shows the result obtained using single-channel sampling, where the artifact appears (as 

indicated by the blue arrow) and overlaps with the signal from the upper surface, due to the 

barcode situated beneath the box beyond the system's imaging depth. However, the whole box 

with barcode labels is successfully recovered by the dual-channel system. Figure 2-5C and D 

depict the results obtained using the dual-channel delayed sampling system, where the upper 

and lower surfaces of the box can be clearly distinguished without any ambiguity, as highlighted 

by the green arrows. 

High-speed, long-range SS-OCT has the potential to play a significant role in clinical 

applications. In recent years, the utilization of OCT in the field of dentistry has been greatly 

expanding, offering a range of potential applications [101]. These include the observation of 

periodontal tissues such as gums, periodontal pockets, and alveolar bone, which information is 

important in assisting the health assessment such as inflammation, periodontal pocket depth, 

and changes in subgingival bone tissue [102]. Due to its capacity to deliver high-resolution 

imaging of the microstructural aspects of dental tissues, OCT also finds extensive use in the 

examination of various dental components such as enamel, dentin, and dentin-like structures 

[103]. Here, we demonstrate the potential of multi-channel delayed sampling SS-OCT systems 

to enable comprehensive and high-speed detection of human teeth. Healthy volunteers were 
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recruited to test the performance of the proposed system. The study follows the tenets of the 

Declaration of Helsinki and was conducted in compliance with the Health Insurance Portability 

and Accountability Act. Ethical approval was obtained from the Institutional Review Board of 

the University of Washington and written consent for imaging was obtained from each 

participant.  

Figure 2-5E shows a photograph of teeth of imaging interest, while 5(g) and 5(i) display the 

3D image results obtained using the two systems. In the case of single-channel sampling, it 

cannot correctly reconstruct the teeth from deeper regions due to the limited imaging range. 

The cross-sectional images corresponding to the blue dashed line from both systems (Figure 

2-5F and E) clearly demonstrate that more teeth are accurately reconstructed with the extended 

imaging depth by the multi-channel sampling. This approach extends the depth of tooth imaging 

to cover dental arch curvatures without compromising scanning time.  
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Figure 2-5. Imaging results of multi-channel delayed sampling system. (A) photograph showing 
the physical Plexi-box from Thorlabs purchases. (B) The result obtained using 
single-channel sampling (C) and (D) show the results obtained using the multi-
channel delayed sampling system. The location indicated by the blue arrow is 
artifact, while the locations indicated by the green arrows are true sample position 
of interests. (E) Photograph of the teeth of imaging interest. (F) and (H) are B-scan 
images taken at the locations indicated by the blue dashed line in (E), obtained 
using a single-channel sampling system and a multi-channel sampling system, 
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respectively. (G) and (I) are 3D rendering of the results obtained by the two 
systems, respectively. 

A technique that can enhance imaging depth without altering k-clock triggering or 

sacrificing other imaging performance holds promise for the future OCT advancement. A recent 

study reported a circular interferometric ranging method [104], eliminating the sparsity of 

scattering signals in long-range measurements. While promising, the method relies on a new 

ultrafast, time-stretched frequency comb laser, which unfortunately is not widely available. 

In our SS-OCT system, when compared to internal clocks, k-clock trigger acquisition 

typically has less sampling points for a spectrum, leading to reduced ranging distance and the 

potential of aliasing artifacts from the deeper ranges. However, k-clock trigger acquisition eases 

the burden of data acquisition and storage, in addition to avoiding signal distortion. In many 

SS-OCT systems using this acquisition mode, the full potential of the acquisition card is not 

fully realized. This opens a door to multi-channel delayed sampling, given the available 

hardware setups in the existing system. 

Multi-channel acquisition enhances the efficient use of digital acquisition card capabilities. 

This approach is not limited by the power of the light source since the split signals are electrical. 

If many channels are used, a signal amplifier at the output of the balanced detector can be used 

to then split the signal into several channels. There may be slight amplitude shifts due to the 

multi-channel signals passing through different electrical delay units, but these can be corrected 

through post-processing with amplitude compensation. One limitation of the paper is that, due 

to the constraints of the number of acquisition card channels, we have only demonstrated the 

results of dual-channel sampling. With an acquisition card with more than 2-channel capacity, 
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the imaging depth can be further extended. Of course, if affordable, multiple acquisition cards 

can be used in parallel to implement the proposed multi-channel time-delay sampling method. 

It is worth noting that while multi-channel delay sampling can extend imaging depth, the 

theoretical maximum imaging depth of OCT is limited by the analog bandwidth of the balanced 

detector. The analog bandwidth of the balanced detector used in this study was from 30 kHz to 

1.6 GHz. The maximum theoretical imaging depth achievable is therefore 57.6 mm. Thus, the 

maximum number of channels that can be used to improve the imaging depth is 4 with the 

system setup described in this study. 

2.4 Discussion and Conclusion 

We introduce a multi-channel delayed sampling method aimed at extending the imaging depth 

in high-speed swept-source optical coherence tomography (SS-OCT). The technique utilizes a 

balanced detector to capture interference signals, which are then converted into electrical 

signals and split into N channels. Each channel is assigned a fixed time delay, achieved through 

the use of electrical cables of varying lengths. These signals are subsequently digitized by an 

N-channel acquisition card. 

To address non-uniform phase shifts caused by these fixed time delays, a calibration 

procedure is applied. The signals from all channels are merged in k-space and resampled to 

produce a linearized spectrum, effectively increasing the sampling rate by a factor of N. This 

extension in sampling rate allows for an increase in the ranging distance by N times, without 

requiring modifications to k-clock triggering or other imaging parameters. 
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In addition to extending the imaging depth, this method also enhances the signal-to-noise 

ratio (SNR) and sensitivity within the original depth range, significantly improving the overall 

performance of SS-OCT systems. The multi-channel delayed sampling approach is validated 

and shown to effectively extend the imaging depth without compromising imaging speed. It 

holds potential for expanding the application of high-speed SS-OCT, particularly in the realm 

of biomedical research. 
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3 HIGH-SPEED, LONG-RANGE AND WIDE-FIELD OCT FOR IN VIVO 

3D IMAGING OF ORAL CAVITY ACHIEVED BY 600 KHZ SWEPT 

SOURCE LASER 

3.1 Background and Motivation 

Since its inception, optical coherence tomography (OCT) has undergone remarkable progress, 

evolving from time-domain to spectral-domain configurations and, more recently, embracing 

the sophisticated swept-source OCT (SS-OCT) [105–108]. These continuous technological 

innovations have firmly established OCT as an indispensable tool in various biomedical 

imaging applications, spanning clinical fields such as ophthalmology [9,10,109,110], dentistry 

[11,103,111,112], dermatology [18,113–116], endoscopy[115,117–121], 

neuroscience[116,122–124], and more. 

Recently, OCT has garnered significant attention for its application in imaging the oral 

cavity [103], owing to its capability of providing 3D microstructural and microcirculation 

information that can aid clinical assessments in dentistry. Notably, its non-radiative nature 

positions it as a safe imaging modality for oral cavity examinations in pregnant women and 

children [125]. Moreover, OCT has demonstrated efficacy in detecting tooth demineralization 

and cavities by observing changes in backscattered signals from enamel and dentin [126]. Even 

in the early stages of enamel demineralization, OCT excels in identifying the locations of white 

spot lesions [127,128]. Additionally, OCT can be employed for diagnosing tooth fractures, 

manifesting as clear bright lines in OCT images [126]. Enamel thickness, a reflection of tooth 
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wear, can be quantified using OCT, offering a valuable tool for assessing enamel loss. Beyond 

hard tissues, OCT has shown applicability in examining soft tissues, addressing conditions such 

as gum diseases [129], oral mucosal lesions [130], and oral tumors [131]. 

Despite these successes, existing OCT systems in dentistry face challenges, primarily 

stemming from slow imaging speed and a limited imaging field of view (FoV). Additionally, 

the uneven topology of the oral cavity demands OCT to have a relatively long-ranging distance 

(>20mm). Currently, most existing OCT systems designed for dental applications have an A-

scan rate typically ranging from 20 kHz to 200 kHz and a ranging distance of <12mm, providing 

a FoV generally smaller than 10×10 mm^2 that covers only one to two teeth [11,132,133]. 

These limitations hinder the efficiency of data acquisition, impacting the workflow in imaging 

practice, especially in situations where a rapid overall visualization and examination of a 

patient's oral cavity is required. An ideal OCT system for dentistry should possess enhanced 

imaging capabilities, overcoming the current challenges. Therefore, the development of dental 

OCT should prioritize: 1) improved imaging speed, crucial for real-time clinical applications 

and patient comfort; 2) expanded field of view to capture comprehensive images of the entire 

oral cavity in a single scan, facilitating more efficient and thorough examinations; and 3) 

increased ranging distance to cope with uneven surface topology in the oral cavity. Previous 

studies have attempted to achieve a large FoV by montaging multiple scans [11]. Although this 

approach mitigates the oral curvature, it would prolong the time required to complete an 

imaging session, significantly affecting patient compliance for imaging. 

With the current rapid development of swept laser sources, it is theoretically straightforward 

to meet the requirements for an OCT system to achieve oral cavity imaging with a wide FoV 
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and long-ranging distance. For example, a 1310nm vertical-cavity surface-emitting laser 

(VCSEL) has been reported to achieve a cubic meter volume imaging for OCT applications but 

realized with the assistance of a high-speed oscilloscope with a 16 GHz analog bandwidth that 

sampled the data at 50 GS/s and underwent post-data processing [87]. While exciting, achieving 

fast scanning speed, long imaging range, and a wide FoV simultaneously in practice pose a 

significant challenge for current OCT hardware, particularly when considering electrical signal 

collection and handling. This is simply because the signals with high-frequency and high-

bandwidth must be dealt with, including both the OCT interference signals of interest and the 

k-clock signal used to trigger data acquisition. As a note, the bandwidth mentioned here refers 

to the frequency range of the generated interference signal. To avoid confusion, we refer to the 

wavelength range of the light emitted by the laser source as spectral bandwidth, whereas the 

frequencies range of the interference signal as frequency bandwidth.  

The signal handling unit, including photodetectors, transmission cables and acquisition cards, 

typically assumes a linear frequency response within a designated frequency bandwidth. If the 

signal frequency is close to or beyond the limit of this bandwidth, a non-linear phase response 

would occur, introducing a time delay. The situation worsens for OCT signals because the 

spectral broadband swept source generates an interference signal with a frequency bandwidth 

that is consequently converted into a broadband electrical signal, imposing different time delays 

for different wavelengths. This process is akin to the optical dispersion phenomenon observed 

in OCT imaging. Here, we refer to this electrical time delay as electrical dispersion when a 

high-frequency OCT signal with broad frequency bandwidth travels through the system 
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hardware before being sampled by the data acquisition card. This electrical dispersion would 

inevitably affect the imaging performance of the OCT system. 

Frequently when designing an OCT imaging system for most applications, for example 

retinal imaging, the frequency bandwidth of the hardware may be adequate to cope with the 

OCT interference signals due to the requirement of relatively short ranging distance where a 

ranging distance of 6 mm may be sufficient[6,30]. To digitally sample this OCT signal, an 

efficient way is to sample it in a linearized k-space through a k-clock triggering acquisition, 

facilitated by an auxiliary Mach-Zender interferometer (MZI). This is because compared to the 

internal clock acquisition [22,94], this method eliminates the need for resampling interference 

spectrum signals of interest, reducing the burden on the acquisition card and simplifying post-

data processing [96]. In this case, to properly generate the k-clock signal to trigger the sampling, 

the frequency of the MZI signal is required to be at least twice that of the OCT signal of interest 

(per Nyquist theorem), determined by the optical delay set at the MZI, resulting in an expanded 

frequency bandwidth of the k-clock signal that likely goes beyond the designated frequency 

bandwidth for the hardware, leading to a noticeable phase shift for each sampling point (zero 

crossing point) due to the non-linear phase responses. Consequently, the k-clock triggered 

acquisition would inevitably deteriorate the system imaging performance, e.g., broadening the 

system point-spread function, especially in the regions with long-ranging distances. As a result, 

minimizing the influence of non-linear frequency phase response is crucial for developing high-

speed, long-range, and wide FoV OCT imaging systems. 

In this paper, we propose a high-speed and long-range solution applied to oral cavity 

examinations under the constraints of the existing data acquisition unit. This system operates at 
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a scan speed of 600 kHz, providing a wide imaging field of 42×42 mm² and a ranging distance 

of 36 mm, effectively matching the physiological curvature of the oral cavity. To address the 

issue of k-clock non-linear phase errors, we propose a global k-clock calibration method to 

compensate for the electrical dispersion, verified by the analyses of system sensitivity roll-off 

curve and point spread function before and after compensation. Furthermore, this paper 

analyzes and compensates for spatial discrepancies resulting from long-range and wide-field 

imaging. In addition, when a detailed examination of a specific area of interest is desired, the 

system is designed with a function to achieve high-precision imaging by switching scanning 

protocols and objective lenses. This system bridges the gap between ultra-high-speed (multi-

MHz) and conventional 100 kHz level SS-OCT systems and meets various requirements for 

oral cavity examinations, expanding OCT applications for oral health inspection and making it 

a powerful tool for comprehensive oral cavity examinations in dentistry. 

3.2 Materials and Methods 

3.2.1 System setup and scanning protocol 

Figure 3-1shows a schematic diagram summarizing a representative SS-OCT system that was 

constructed, featuring high-speed, long-distance ranging, and wide FoV capabilities. The 

system incorporated a cutting-edge 600 kHz MEMS VCSELs swept laser source, centered at 

1310 nm with 20 nm bandwidth. This configuration provided a theoretical axial resolution of 

approximately 41.5 μm in air (equivalent to ~29.6 μm in tissue, assuming a refractive index of 

1.4). Notably, the laser featured a built-in sweep trigger and linear k-clock, serving as the 

initiation signal for an external clock to synchronize the interference fringes and subsequent 
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data acquisition. The laser output was directed through a 90/10 fiber coupler, splitting 90% 

power to the sample arm, and allocating 10% to the reference arm. In the sample arm, the laser 

was coupled to a fiber collimator, generating a collimated beam with a diameter of 

approximately 2.8 mm. This collimated beam was then guided to the sample using a pair of 

synchronized galvo scanners (6210H, Cambridge Tech Inc. USA) triggered by the sweeping 

mechanism. The delivery of light to the sample was facilitated by an f-theta lens with a 100 mm 

focus length, achieving a lateral resolution of ~60 μm. 

In the reference arm, an optical delay line was employed to align the optical path difference 

between the sample arm and reference arm. The backscattered light from the sample arm via a 

fiber circular (CIR-1310-50-APC, Thorlabs Inc., USA), and the matched reference light were 

coupled to a 50/50 fiber, subsequently directed to a balanced photodetector. To optimize the 

time delay between the trigger and k-clock and reduce the phase jitter arising from swept-to-

swept variations [134], a function generator was employed to introduce a controlled delay to 

the swept trigger signal. The interference signal was sampled by a 1.8 GHz digitizer with a 

designed frequency bandwidth from DC to 0.8 GHz (ATS9360, AlazarTech Inc., USA). We 

carefully considered the electrical cable layout in the system design and construction, which 

makes the signal frequency bandwidth of the entire system dominated by the digitizer employed, 

meaning the system frequency bandwidth was also from DC to 0.8 GHz.   

The designed ranging distance of the OCT system was 18mm in the air, given the MZI with 

a 72 mm optical path difference (OPD) and the digitizer operating at single edge sampling mode. 

With this ranging distance, the laser operating at 600 kHz and 20nm spectral bandwidth would 

generate a highest frequency OCT interference signal at maximum ranging distance that 
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estimates to have an averaged frequency of ~0.5 GHz and a frequency bandwidth of ~0.4 GHz. 

While such a signal would experience electrical dispersion when it travels from the detector to 

the digitizer, the effect would be negligible because the signal frequency bandwidth of interest 

is well within the capacity of system frequency bandwidth of 0.8 GHz. This is likely the reason 

why prior SS-OCT system developments reported in the literature did not notice this electrical 

dispersion issue. However, it may not be true when handling the MZI interference signals to 

generate k-clock signals for triggering the data acquisition, which will be discussed in detail in 

next Section. In order to increase the ranging distance with the k-clock signal generated by the 

MZI with a fixed OPD of 72 mm, the digitizer was operated with a dual edge sampling (DES) 

mode in this study. This DES sampling leads to an actual imaging range of 36 mm from the 

originally designed 18 mm. 

 

Figure 3-1. Representative schematic of the proposed 600 kHz swept source optical coherence 
tomography system. FC: fiber coupler; CIR: circulator; ODL: optical delay line; 
PC: polarization controller; BPD: balanced photodetector; G: function generator; 
GM: galvanometer. 

For in vivo demonstration of the system performance to image oral cavity, healthy volunteers 

were recruited. The study adheres to the principle of the Declaration of Helsinki and complies 

with the Health Insurance Portability and Accountability Act. Ethical approval was granted 
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from the Institutional Review Board of the University of Washington and written consent for 

imaging was obtained from each participant. During the imaging session, the participants were 

instructed to rest their head on a chin rest for stability. To facilitate wide-field imaging, a mouth 

opener was employed to maximally expose the oral cavity to the OCT scans. The scanning 

protocol consisted of 1500 × 1500 (OCT imaging mode) and 1500 × 1500 × 4 A-lines (OCT 

angiography (OCTA) mode), covering a ~42 × 42 mm2 FoV. One single 3D scan took a 

duration of ~5 sec and ~19 sec to complete for OCT and OCTA mode, respectively. 

While the wide-field imaging mode is advantageous for swift and comprehensive oral cavity 

examinations, the proposed system offers an additional flexibility for localized fine scanning 

when detailed observation of suspicious localized lesions is required. For this purpose, the 

system was designed to have an optional high-resolution scan mode. In this mode, we utilized 

a telecentric lens with a focal length of 36 mm, providing a lateral resolution of ~22 μm. To 

stabilize subjects during imaging, a bite bar was utilized. The scanning protocol consisted of 

1000 × 1000 (OCT imaging mode) and 1000 × 1000 × 4 A-lines (OCTA mode), covering a ~7 

× 7 mm2 FoV. One single 3D scan took a duration of ~2.2 sec and ~8.7 sec to complete for 

OCT and OCTA mode, respectively.  

An eigen-decomposition optical microangiography (OMAG) algorithm was applied to 

extract blood flow signals from four repeated B-scan images [47]. The resulting blood flow 

signals at different depths were color-coded with the depth information from tissue surface and 

projected onto a two-dimensional plane, generating en-face OCTA images for visualization.  
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3.2.2 System k-clock calibration and practical considerations 

While the analysis in this section is equally applicable to the OCT interference signals of 

interest, we will focus on the discussion of k-clock signal generation and the effect of its non-

linear phase response on imaging performances. In conventional SS-OCT systems, a k-clock 

trigger signal is commonly employed to clock the acquisition of the interference signal in order 

to mitigate the mechanical sweep-to-sweep variations inherent in VCSEL’s operation [87,96]. 

The k-clock trigger signal is typically generated by an auxiliary MZI with a predetermined OPD, 

tailored to the specific requirements of the system design. Subsequently, a zero-crossing 

detector is employed to convert the MZI interference signal into the k-clock signal, aligning its 

frequency with that of the MZI signal. The mathematical representation of the MZI signal, 

characterized by an OPD of ΔZMZI, is: 

 𝐼𝐼𝑀𝑀𝑀𝑀𝑀𝑀(𝑘𝑘) = 𝑆𝑆(𝑘𝑘)𝑐𝑐𝑐𝑐𝑐𝑐 (∆𝑍𝑍𝑀𝑀𝑀𝑀𝑀𝑀 ∙ 𝑘𝑘)         (3-1) 

where S(k) represents the laser source power spectrum, and k indicates the wavenumber. 

Consequently, the generated k-clock frequency (fclk) can be expressed as: 

 𝑓𝑓𝑐𝑐𝑐𝑐𝑐𝑐 = ∆𝑍𝑍𝑀𝑀𝑀𝑀𝑀𝑀∙𝛿𝛿𝑘𝑘
2𝜋𝜋

 (3-2) 

where δk denotes the sweep rate of wavenumber during the laser source operation. Assuming 

an ideal linear wavenumber change in the time domain, δk is given by: 

 𝛿𝛿𝑘𝑘 = ∆𝑘𝑘∙𝑓𝑓𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝐷𝐷

= 2𝜋𝜋∆𝜆𝜆
𝜆𝜆𝑐𝑐

2 ∙ 𝑓𝑓𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝐷𝐷

 (3-3) 
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where Δk is the variation in k within a sweep, fsweep is the sweep rate of the laser source, D 

is the sweep duty cycle (typically ranging from 0.3 to 0.7), Δλ is the optical wavelength 

bandwidth, and λc is the central wavelength. Thus, considering a linear sweep of wavenumber, 

the expression for an averaged fclk becomes:  

 𝑓𝑓𝑐𝑐𝑐𝑐𝑐𝑐 = Δ𝑍𝑍𝑀𝑀𝑀𝑀𝑀𝑀∙Δ𝜆𝜆∙𝑓𝑓𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠
𝜆𝜆𝑐𝑐

2∙𝐷𝐷
  (3-4) 

where the generated k-clock trigger would be a signal with its frequency proportional to MZI 

OPD (ΔZMZI), spectral bandwidth (Δλ), and laser sweep rate (fsweep). 

In practical applications, achieving a perfectly linear sweep of wavenumber in the time 

domain poses challenges due to the mechanical tuning of the mirror in the MEMS VCSEL laser 

source. The inherent nonlinear wavenumber sweep over time is unavoidable [135]. Assuming 

a deviation range of Bk (i.e., the frequency bandwidth of δk), the frequency of the k-clock signal 

would also vary within a specific range according to equation 3-2, referred to as the k-clock 

frequency bandwidth, which is scaled with the MZI OPD that determines the OCT ranging 

distance.  

For example, for the system described in this paper, if an OPD is set to 36 mm, each 

interference spectrum can theoretically generate a k-clock trigger signal with an average 

frequency of ~0.5 GHz, under a linear wavenumber sweep rate with a setting of Δλ = 20 nm, λc 

= 1310 nm, fsweep = 600 kHz and D = 0.5. However, the wavenumber changes nonlinearly in 

time domain will give rise to an estimated k-clock frequency bandwidth of ~0.4 GHz. 

Transmitting a k-clock signal through the electronic devices essential in the system introduces 
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frequency dependent phase instability due to the nonlinear phase response of electronic devices, 

including the transmitting electrical cables. Essentially, the higher the k-clock frequency 

bandwidth produced by each MZI interference spectrum, the greater the phase error would be. 

It is important to note that this phase instability may not be noticeable when the ranging distance 

is relatively short, as in the conventional system setup where the ranging distance is typically 

less than 12 mm simply because they are within the capability of the system frequency 

bandwidth.  

In our system design tailored for dental imaging applications involving uneven surfaces, 

maximizing the measurement range necessitates generating as many k-clock trigger signals as 

possible for each MZI interference spectrum. Consequently, the optical path difference in the 

MZI was set to 72 mm in our design, theoretically generating 920 trigger signals per 

interference spectrum (actually available 850). At this limit, each interference spectrum can 

theoretically generate an average frequency of ~1 GHz k-clock trigger signals, with a frequency 

variation range from 0.5 to 1.3 GHz (beyond the system bandwidth of DC to 0.8GHz). Under 

this circumstance the electrical dispersion would occur, leading to a non-linear phase error in 

the acquired interference signals, which would degrade OCT imaging performance.  

To visually demonstrate the impact of k-clock phase errors on the system, reflection signals 

were collected at various depths using a mirror as the sample, with the implementation of a 52 

dB attenuator to mitigate strong reflections. In Figure 3-2A, the measured point spread function 

(PSF) roll-off curve across the 36 mm ranging distance, employing the MZI-generated k-clock 

for triggering and DES sampling, is depicted, where an average SNR is approximately 97.7 dB. 

The PSF exhibits a relatively symmetrical profile with a narrow peak within a ranging distance 
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of less than 10 mm, attributed to negligible phase errors from electrical dispersion for low-

frequency interference signals. However, with the increase of the ranging distance, the PSF 

tends to broaden asymmetrically, accompanied by an elevation of side lobes on the left. This 

phenomenon primarily arises from the same phase drift but results in a larger phase difference 

in the high-frequency signal region. The axial resolution, assessed by the full width at half 

maximum (FWHM) of the PSF marked by black dots, experiences a gradual decline within the 

initial 16 mm of the ranging distance, followed by a rapid deterioration beyond this point. This 

decline significantly impacts the performance of the OCT system, particularly in capturing 

images beyond 16 mm, leading to diminished image quality as the ranging distance increases. 

In essence, the nonlinear phase effect in the generated k-clock signal begins to affect the 

acquired OCT signal around a ranging distance of approximately 16 mm (with an average 

frequency of ~0.4 GHz). Interestingly, this value coincides with half of the frequency 

bandwidth of the system, which warrants further investigation.  

 
Figure 3-2. The system sensitivity roll-off and axial resolution measurements of the 600 kHz 

SSOCT system: (A) without optical dispersion compensation and (B) with optical 
dispersion compensation. Shown are the point spread functions (PSFs) measured at 
each ranging distance that are plotted with different colors, and the dash lines with 
circle markers show the corresponding axial resolution measured by the FWHM of 
the PSFs using gaussian fitting. 
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While the OCT interference signal is sampled in a linear k-space, there may still be residue 

of optical dispersion effect in the acquired interferogram. For this reason, numerical optical 

dispersion compensation methods are often effective to further minimize this effect on the PSF 

performance [136]. After employing the numerical optical dispersion compensation, the PSF 

performance (Figure 3-2B) is improved, but only within a narrow imaging range of less than 

11 mm. The system sensitivity -3 dB roll-off is improved from 7 mm to 11 mm. The SNR has 

increased from 97.7 dB to 98.1 dB. However, it does not yield a global improvement in the PSF 

performance, particularly at deeper-ranging distances, where the effect of electrical dispersion 

in the generated k-clock signal gradually becomes non-negligible in the sampled interference 

signal of interest.  

To rectify the nonlinear phase shift in the k-clock signal and improve the PSF performance 

throughout the entire ranging distance, we introduced a polynomial equation to model and 

compensate for the nonlinear phase error. Considering an OCT signal from mirror in air at depth 

z as I(k)= S(k)cos(φz), the phase evolution of the interference signal can be expressed as  

 𝜑𝜑𝑧𝑧 = 2𝑧𝑧(𝑘𝑘 − 𝑘𝑘0) + 2𝑧𝑧∆𝑘𝑘−𝑘𝑘0 + ∑ 𝑎𝑎𝑢𝑢𝑣𝑣
𝑢𝑢=2 (𝑘𝑘 − 𝑘𝑘0)𝑢𝑢                   (5) 

here z represents the depth, k is the wavenumber, k0 denotes the central wavenumber, ∆k- 

k0 signifies the nonlinear k shift at the wavenumber of (k- k0), au represents the optical 

dispersion coefficients, and v is the highest dispersion order. The first term of the equation 

accounts for a linear k-clock induced phase component, and the second term represents a 

nonlinear k shift induced component, both of which are depth related. The last term accounts 
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for phase distortion from system’s optical dispersion, which is approximately depth 

independent.  

To accurately model the nonlinear k shift, the optical dispersion-induced phase error is 

computed by the difference of the phase evolution from a mirror at two adjacent positions: 

 𝜑𝜑𝑧𝑧1 − 𝜑𝜑𝑧𝑧2 = 2Δ𝑧𝑧1,2(𝑘𝑘 − 𝑘𝑘0) + 2Δ𝑧𝑧1,2∆𝑘𝑘−𝑘𝑘0         (6) 

where Δ𝑧𝑧1,2 = 𝑧𝑧1 − 𝑧𝑧2. To determine the k shift, a polynomial equation was employed to 

approximate the change in k with ∆𝑘𝑘−𝑘𝑘0= ∑ 𝐶𝐶𝑝𝑝𝑚𝑚
p=0 (𝑘𝑘 − 𝑘𝑘0)𝑝𝑝 , where Cp represents p-order 

coefficients, and m is the highest order. To optimize across the entire ranging distance from 

multiple measurements, the minimum phase residual: 

𝐿𝐿𝐿𝐿𝐿𝐿𝐿𝐿 = ∑ 1
Δ𝑧𝑧q−1,q

∙ �𝜑𝜑𝑧𝑧q−1 − 𝜑𝜑𝑧𝑧q − 2Δ𝑧𝑧q−1,q ∙ �(𝑘𝑘 − 𝑘𝑘0) + ∑ 𝐶𝐶𝑝𝑝6
p=0 (𝑘𝑘 − 𝑘𝑘0)𝑝𝑝��𝑛𝑛

q=2       (7) 

is utilized as the merit function to find a globally optimized nonlinear k shift vector, ∆k- k0. 

In this study, a six-order polynomial curve was employed to fit the electronic phase frequency 

response from three measurements. The impact of the nonlinear k shift was subsequently 

eliminated by resampling the interference signal with the subtracted nonlinear shift from the 

raw k vector.  
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Figure 3-3. The system sensitivity roll-off and axial resolution measurements of the 600 kHz 

SSOCT system with k-clock calibration: (A) without optical dispersion 
compensation and (B) with optical dispersion compensation. The system point 
spread functions (PSFs) measured at each optical delay are plotted with different 
color, and the dash lines with circle markers show the corresponding axial 
resolution measured by the FWHM of the PSFs using gaussian fitting. 

Upon applying the k-clock calibration method as described above, a notable enhancement in 

the PSF performance was achieved, as depicted in Figure 3-3A. The measured FWHM of the 

PSF exhibits a consistently flat profile across the entire ranging distance, resulting in a mean 

resolution of 42.3 µm (close to theoretical value of 41.5 µm). The average SNR increased from 

97.7 dB to 101 dB. In contrast to the PSF roll-off without calibration (Figure 3-2A), the -3 dB 

roll-off distance is expanded from 7 mm to 18 mm, while the total sensitivity remains 

consistently above 104.9 dB throughout the -3 dB roll-off distance post-compensation. These 

improvements in PSF performance and sensitivity demonstrate the effectiveness of the k-clock 

compensation in enhancing the imaging capabilities of OCT system. When combined with 

optical dispersion compensation, the PSFs roll-off closely resembles its profile prior to 

dispersion compensation, with a very slight axial resolution improvements in longer ranging 

distances (Figure 3-3B). The improvement in SNR is also no longer significant. This 

observation further attests to the fact that the phase error originating from k-clock nonlinearity, 
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attributed to electrical frequency responses, is effectively addressed by the proposed 

compensation process. 

3.2.3 Field of view calibration and lateral resolution assessment 

Wide-field imaging inevitably introduces image distortion. This distortion may stem from non-

uniformities in lenses including optical aberration or other optical elements in the system, 

leading to varying degrees of distortion across the imaging FoV during scanning. Additionally, 

differences in the focusing performance of the beam at the edges of the lens compared to the 

central portion can cause a distortion in the resulting images, especially in the periphery. To 

accurately estimate the FoV and calibrate this image distortion, we employed a target with a 

grid pattern of circular dots as the calibration reference. This target featured black dots with a 

radius of 50 µm, spaced 2 mm apart on a white background. Precise alignment with the OCT 

system was achieved using a translational stage and a kinematic mount, ensuring the target's 

center was perpendicular to the output probing beam. The total size of the target was ~50 × 50 

mm2. A 3D scan consisting of 1500 × 1500 A-lines was performed using the designed system 

described in the last Section to generate an enface image of the target using maximum intensity 

projection along the depth direction (Figure 3-4A). The estimated FoV was approximately 42 

× 42 mm2. The dot-grid pattern locations (red dots in Figure 3-4A) were detected, and a 

distortion vector map was calculated by comparing them to the prior-known pattern.  
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Figure 3-4. Calibration of field of view distortion. (A) En-face projection image generated from 

a circle-grid target with a field of view (FoV) of 42 × 42 mm2. Red dots indicate 
the detected locations of the circle-grid pattern. (B) Distortion vector map 
calculated from (A). (C) Absolute distortion map generated from (B), where R1 
and R2 represent the circle regions with diameters of 20 mm and 30 mm, 
respectively, and R represents the entire FoV. (D) The absolute distortion map after 
correction. The scale bars for all images are 3 mm, unless otherwise indicated. 

To better visualize the FoV distortion, we calculated an absolute FoV distortion map based 

on the distortion vector map (Figure 3-4C). R1 and R2 represent the circle regions with 

diameters of 20 mm and 30 mm, respectively, and R represents the entire FoV. The peripheral 

regions exhibited larger distortion, attributed to the relatively significant optical aberration of 
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the f-theta lens at large angles. Most of the FoV regions displayed a distortion less than 200 µm, 

with an average distortion of 104.9 µm across the entire FoV. To correct this distortion, a post-

resampling of the enface image was therefore performed using a compensation distortion map 

derived from even interpolation of the distortion vector map, resulting in Figure 3-4D where 

most of the distortions are seen to be corrected. Table 3-1 summarizes the statistics of FoV 

distortion in different regions of interest before and after correction. The FoV distortion 

correction would help provide a more accurate and reliable imaging in wide-field imaging mode. 

Table 3-1. The Statistics of FoV distortion in different regions of interest before and after distortion correction 

Regional 
distortion Before correction After correction 

/µm Mean Max Mean Max 
R1 28.6 99.8 18.8 37.6 
R2 46.7 159.7 21.2 44.7 
R 104.9 506.3 33.5 117.8 

 

The practical lateral resolution of the proposed wide field OCT system was evaluated using 

a knife-edge technique. The blade was fixed with its edge-oriented perpendicular to the OCT 

beam. Two imaging modes, namely wide-field imaging and high-resolution imaging were 

employed to capture images of the blade. Figure 3-5C A and B illustrate the maximum intensity 

projection images of the blade generated by both imaging modes, respectively. The zoomed-in 

images on the right side of Figure 3-5C A and B provide a closer view of the image region 

marked by the blue box. The hollow circles in Figure 3-5C C and D indicate the signal intensity 

at the cyan line positions corresponding to Figure 3-5C A and B. The estimated focal spot size 

was approximately 56.7 µm. The red curves represent the intensity fitting curves obtained 

through a point spread function analysis. The derivatives of these curves are depicted by the 
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yellow dashed lines in Figure 3-5C and D. The lateral resolution of the system was then 

determined by measuring the FWHM of the derivatives. Multiple measurements yielded a spot 

size of 60.4 ± 5.2 µm in wide-field imaging mode and 22.3 ± 1.6 µm in local imaging mode. 

Table 3-2 provides a summary of the system parameters under both the imaging modes.  

 

Figure 3-5 Assessment of the lateral resolution of the proposed high-speed, long range and 
widefield OCT using knife-edge. A. Maximum intensity projection en-face image 
in wide-field imaging mode with scale bars denoting 1mm. B. Maximum intensity 
projection en-face image in local imaging mode. The zoomed-in images on the right 
side of A and B are magnified images of the blue box positions. C and D show the 
intensity fitting curves and corresponding derivative curves of the blue solid line 
positions in A and B, respectively.  

 

Table 3-2. System parameters in two imaging modes 

Imaging 
Mode 

Spot size 
(µm) 

FoV 
(mm2) 

DOF 
(µm) 

Scanning 
protocol 

Acquisition 
time (s) 

Axial 
resolution (μm) 

SNR 
(dB) 

-3dB Roll off 
distance (mm) 

Wide-field 60.4 ± 
5.2 42×42 ~5000 1500× 

1500×4 19.0 s 37.8  101 18.0 

High-
resolution 

22.3 ± 
1.6 7×7 ~800 1000× 

1000×4 8.7 s 37.8 101 18.0 
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3.3 Results 

3.3.1 In vivo OCT imaging of oral cavity 

In vivo imaging of the human oral cavity was conducted using the proposed OCT system. Figure 

3-6A showcases a 3D volume rendering of the anterior oral cavity using the developed 

prototype in the wide field imaging mode, offering an expansive FoV of approximately 42 × 42 

mm2. This image provides detailed morphological information of the anterior oral cavity, 

encompassing fourteen teeth, labial frenum, and gingiva with one single scan. Generally, OCT 

proves effective in distinguishing enamel caries by detecting the enhanced backscattering signal 

resulting from microporous structures formed by localized tooth demineralization. With light 

penetration within the enamel region, the depth-resolved information unveils a distinct map of 

enamel health. While it requires clinical expertise to confirm, the cross-sectional view of the 

enamel corresponding to the red arrow region of Figure 3-6 highlights a suspicious enamel 

carious lesion, exhibiting increased backscattering in Figure 3-6B and C (red arrows). 

 



 

63 
 

 
Figure 3-6. OCT structural imaging shows the oral anatomy in a wide field of view at 42mm x 

42mm. (A) The 3D renders of anterior oral cavity; (B-E) Cross-sectional B-frames 
corresponding to the blue (B-C) and green (D-E) dash lines in (A); (F-H) En-face 
OCT slicing views at the depth of 100 µm, 1000 µm and 2000 µm with respect to 
the tissue surface. The scale bars for all the images (A-H) are 3 mm. DEJ: dentin 
enamel junction; Red arrows: suspicious enamel carious region; Blue arrows: DEJ; 
White arrows: gingiva sulcus.  

Leveraging the extensive imaging range offered by the proposed OCT system, en-face views 

at depths of 1000µm (Figure 3-6G) and 2000µm (Figure 3-6H) present a comprehensive 

distribution map of dental wear, effectively revealing suspicious enamel carious lesions that 
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were not as distinct in the volume rendering (Figure 3-6A) or superficial slicing (Figure 3-6F). 

This detailed insight may be clinically useful to aid in the early diagnosis of potential enamel 

caries and offer a precise assessment of cavitated enamel caries. 

Furthermore, the oral epithelium, with its high scattering property, results in increased 

intensity within the superficial gingival region. As depth increases, the en-face view distinctly 

delineates boundaries among various gingival units (Figure 3-6G-H). Notably, the attached 

gingiva region exhibits slightly elevated intensity (Figure 3-6H), likely attributed to its close 

attachment to the underlying bone structure. Various features, including dentin, enamel-dentin 

junction (blue arrows in Figure 3-6B), and gingival sulcus (white arrows in Figure 3-6D and E), 

are clearly distinguished in the OCT cross-sectional B-images. These visualizations offer 

invaluable information for clinical assessment and diagnosis. The ability to differentiate 

between general and suspicious lesion characteristics within the oral cavity underscores the 

potential of the proposed OCT system for providing in vivo oral anatomy for dental diagnosis. 

3.3.2 In vivo OCTA imaging of gingiva 

With the capabilities of OCTA to capture dynamic blood flow, we also conducted in vivo OCTA 

imaging of the oral cavity to visualize the vascular networks. Figure 3-7A illustrates a depth-

color encoded 3D projection of the anterior oral cavity, obtained through OCTA under wide-

field imaging mode, covering a depth of 2 mm, which vividly depicts a dense distribution of 

capillaries, small connective vessels, and larger blood vessels across the wide FoV of the human 

gingiva. Notably, dense capillaries and small connective vessels dominate the superficial layers 

of the gingival tissue, while larger blood vessels are situated in deeper regions. The en-face 
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view at a depth of 200 µm (Figure 3-7B) accentuates the distribution of capillaries and small 

connective blood vessels. Despite capillary sizes exceeding the lateral resolution achievable in 

wide-field mode, the lower density of large blood vessels and the distinct, well-spaced 

arrangement of capillaries facilitate effective imaging of capillary networks within the free and 

attached gingiva region, as shown in the inset of Figure 3-7B. 

A detailed analysis at different depths reveals notable variations in the distribution of blood 

vessels across various gingival regions. At a depth of 200 µm with respect to the surface, 

capillaries and small connective blood vessels are prominent, particularly within the attached 

gingiva and free gingiva regions. Remarkably, the attached gingival region displays a lower 

density of large blood vessels in its superficial layers (Figure 3-7B-C), with a slight increase in 

deeper layers (Figure 3-7D). In contrast, the free gingiva region features capillaries and small 

connective blood vessels predominantly in the superficial layers, transitioning to larger blood 

vessels at deeper layers. 
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Figure 3-7. In vivo OCTA imaging of microcirculations within the gingival tissue of the oral 

cavity. (A) Depth-color encoded OCTA projection image over a 2 mm depth within 
the oral cavity. (B-D) En-face OCTA views at various depths: 200 µm, 450 µm, 
and 750 µm, with respect to the tissue surface. Insets in (B) and (D) are zoomed-in 
views of the dashed rectangular and dashed orange rectangular areas, respectively. 
(E) Depth-color encoded OCTA (over 1 mm) corresponding to the white 
rectangular area in (A) using the high-resolution imaging mode. (F-H) En-face 
OCTA views at various depths corresponding to the white rectangular area in (A) 
using the high-resolution imaging mode: 200 µm, 450 µm, and 750 µm, with 
respect to the tissue surface. The scale bars for images (A-D) are 3 mm. 
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Conversely, the alveolar mucosa region displays a higher prevalence of connective blood 

vessels and larger blood vessels, with the larger vessels predominantly located in deeper layers 

(Figure 3-7B-D). Additionally, en-face views illustrate the progressive merging of capillaries 

and small connective blood vessels into larger vessels as one moves from superficial to deep 

layers, connecting with larger blood vessels from the superficial to intermediate layers. Notably, 

the superficial blood perfusion in the region marked by white dots (Figure 3-7B) is subdued, 

attributed to the tension exerted by the frenulum when the oral cavity is exposed to the probing 

beam through a mouth opener during imaging, resulting in some blood to be squeezed out. 

Figure 3-7E zooms into a specific region of interest from Figure 3-7A (indicated by a 

rectangular box) obtained with the high-resolution imaging mode. This mode, distinguished by 

its heightened detail, is evident in the enface maps at depths of 200 µm, 450 µm, and 750 µm, 

respectively (Figure 3-7F-H), offering a nuanced map of vessel network distribution. At a depth 

of 200 µm, dense capillaries are prevalent across the entire ROI, encompassing the free gingiva, 

attached gingiva, and alveolar mucosa regions. These results accentuate an increased 

distribution of connective vessels and large vessels at 450 µm, followed by a decline in 

connective vessels at 750 µm. Meanwhile, the prevalence of large vessels continues to expand, 

consistent with our observations in wide-field imaging. Moreover, high-resolution imaging 

reveals local features such as plaque and vessel loops (depicted by white arrows in Figure 3-7E), 

which can be crucial for precise diagnosis and treatment of oral diseases. 
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3.4 Discussion and Conclusion 

In this study, we presented an SS-OCT system suitable for comprehensive oral examinations, 

featured with an imaging speed of 600kHz, a field of view of 42mm × 42mm and a ranging 

distance of 36mm. Since the increase of the optical path difference in a MZI progressively 

increases the interference signal frequency bandwidth that may challenge the system bandwidth, 

leading to an electrical dispersion that presents in the generated k-clock signal, we proposed a 

method to compensate for this dispersion after the OCT interference signal of interest is 

digitized by the data acquisition card. This is the unique contribution of this study to the 

development of SS-OCT system for wide field imaging applications. We have shown that such 

compensation is effective and necessary when imagining a target with complex topology 

features, for example in the imaging of oral cavity.  

While recent advancements have produced swept sources with multi-MHz line speeds (up 

to 40 MHz), the imaging speed of SS-OCT has not kept pace with the development of laser 

sources. Beyond scanning speeds, data acquisition speed is another limiting factor. If an 

external-triggered k-clock acquisition method is chosen, the generation speed of the k-clock 

signal becomes a limiting factor, creating a competitive relationship among imaging speed, 

imaging range, and laser source bandwidth. Enhancing either of these parameters inevitably 

diminishes the third. All three parameters are required to consider synergistically when 

designing a SS-OCT imaging system that meets the purpose for specific applications.   

  In this work, we designed an optimal parameter configuration scheme for oral examinations. 

We chose to sacrifice a portion of axial resolution (i.e., spectral bandwidth) to maximize the 
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requirements for imaging speed and imaging range. This is mainly because there are competing 

factors among various parameters of the SS-OCT system under the constraints of limited 

performance of the existing hardware, including digital acquisition card. Considering the 

necessity for rapid and comprehensive oral examinations, which demand OCT systems to 

possess both a high scanning speed and an extensive imaging range, the only aspect that can be 

adjusted is the axial resolution (spectral bandwidth). In reality, based on the information 

available in the literature about physiological and pathological teeth and gums, it is found that 

the structure of oral tissues is not as complex as that of retinal tissues. The resolution 

requirements are relatively modest. The resolution of commonly used X-ray imaging in 

dentistry is typically between 75 and 200 μm [137]. In contrast, the axial resolution of 

commonly used SS-OCT is generally much higher than that. Therefore, there is considerable 

room for adjustment in the axial resolution of SS-OCT. Thus, while meeting the requirements 

for axial resolution in oral imaging, it is indeed possible to increase other performance 

parameters of SS-OCT by reducing spectral bandwidth. 

To maximize imaging speed and ranging distance, the k-clock trigger signal must maintain 

its maximum output frequency. The proposed k-clock calibration strategy effectively mitigates 

the nonlinearity of electronic devices in generating high-frequency k-clock signals. It should be 

noted that while using a more advanced acquisition card with broader bandwidth capabilities 

can reduce nonlinear phase errors during OCT signal sampling, this approach will increase costs 

and does not address electrical dispersion from the k-clock transmission process. Furthermore, 

with advancements in hardware manufacturing, the proposed strategy can further enhance 

system performance, even beyond the current bandwidth limitations. 
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The choice of the laser source spectral bandwidth was deliberate; a 20 nm bandwidth can 

provide ~29.6 μm axial resolution in tissue, which is significantly higher than the resolution of 

X-rays commonly used in dentistry. It is fully capable of handling tasks related to tooth or soft 

tissue detection. It's worth noting that the narrowband spectrum is less affected by k-clock 

nonlinearity than the broadband spectrum. This is one of the reasons why a narrowband laser 

source was chosen in this study. The imaging field of 42 × 42 mm² can cover 14 human teeth, 

meaning the entire oral cavity can be covered in two scans. The acquisition time for a single 

structural image is only 4.75 seconds, allowing the majority of patients to remain stable in such 

a short time. The depth-resolved en-face and cross-sectional structure images enabled the 

observation of general oral cavity features, including the ability to distinguish enamel health, 

detect carious lesions, and visualize distinct boundaries of different types of gingival. With 

OCTA capabilities, we successfully visualized the blood perfusion by delivery of a macroscopic 

distribution map of capillaries, small connective blood vessels, and large blood vessels. When 

precise examination of local lesions is needed, the system can provide excellent high-precision 

resolution by switching objective lens and scanning protocols. 

The system presented in this study is not limited to dental imaging; it is equally applicable 

to other fields with demanding requirements for imaging speed, field of view and ranging 

distance, such as dermatology, orthopedic surgery, or intraoperative applications in general 

surgery, and so on. Although the proposed system can achieve long-range imaging, it has 

limitations. At the maximum imaging distance, image resolution severely decreases due to 

defocusing. Combining this system with a tunable lens might be a solution to maximize image 

quality throughout the entire oral cavity [138,139]. Moreover, while the proposed system can 
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quickly scan comprehensive OCT images, the wide-field long range imaging mode increase 

also results in larger data sizes and longer computational times for reconstructing 3D results. 

This challenge underscores the need for efficient data processing solutions. Recent 

advancements in compressed sensing algorithms with optimized sampling strategies offer 

promising solutions. These algorithms can reconstruct 3D OCT image volumes from as little as 

10% of the original data, significantly reducing both scan time and computational load [140]. 

In conclusion, we have demonstrated a high-speed and long-range wide-field OCT/OCTA 

system for oral cavity imaging based on a 600kHz MEMS-VCSEL swept laser source, enabling 

an expanded FOV of 42 × 42 mm² and an extended imaging range of 36 mm for OCT and 

OCTA imaging without compromising scanning time. We introduced a concept of electrical 

dispersion and a global k-clock compensation approach to improve overall performance of the 

proposed imaging system. We demonstrated that the system provides visualization of both 

macroscopic and microscopic oral environments, offering a potential non-invasive approach for 

diagnosing and monitoring oral diseases. We expect the proposed system will provide new 

opportunities for wide-field imaging applications in dentistry and other clinical fields. 
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4 ADAPTIVE CONTOUR-TRACKING TO AID WIDE-FIELD SWEPT-

SOURCE OPTICAL COHERENCE TOMOGRAPHY IMAGING OF 

LARGE OBJECT WITH UNEVEN SURFACE TOPOLOGY 

4.1 Background and Motivation 

The development of optical coherence tomography (OCT) technology has evolved from time-

domain to spectral domain implementations, eventually leading to the development of swept 

source configurations (SS-OCT) [1,108]. SS-OCT has gained prominence due to its capability 

of higher imaging speed and longer ranging distance [37,87,141], finding widespread 

applications in biomedical imaging fields including ophthalmology [8–10], endoscopy 

[115,120], dermatology [14,116,142,143], dentistry [11,127,144,145], neuroscience 

[122,123,146], among others.  

Recent technical advancements in SS-OCT have primarily focused on enhancing imaging 

speed and depth ranging [60,147]. The driving force behind this trend includes the growing 

demand in clinical medicine for rapid acquisition of high-quality images and the needs of 

biomedical research for observing tissue structures and functions over larger field of view. 

High-speed SS-OCT enables the efficient imaging of a broader range of tissue structures within 

a short timeframe, providing timely information to aid the clinical decision making [79]. 

Moreover, the evolution towards wider fields of view (FoV) and longer ranging distance 

facilitates a more comprehensive understanding of physiological and pathological processes, 
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proving valuable in applications such as comprehensive eye examinations [36,148], whole-

brain vascular visualization in neuroscience [27,149], and large FoV skin imaging [31]. 

However, OCT imaging quality deteriorates with the increase of depth, particularly in the 

case of large-field imaging [87,150]. The primary factors affecting OCT imaging quality at the 

system level are defocus and system sensitivity roll-off [138,151,152]. Defocus occurs when 

the sample is not near the focal plane while sensitivity roll-off affects the imaging quality when 

the sample is located too far from the zero-path difference plane. In wide-field imaging, samples 

are more likely to be away from the focal plan or zero path difference plane, especially with 

irregularly shaped samples, such as gum-line in the oral cavity. As a result, some imaged 

regions may appear blurred due to either defocus effect or the tissue region of interest located 

at relatively deep imaging positions. 

To address these challenges, dentists often require OCT systems with high-speed, long-range, 

and wide-field capabilities that also maintain excellent image quality at larger ranging depth 

positions. Some studies have explored improving image quality at deeper positions by 

optimizing the optical system, such as using longer focal length objective lenses (lower 

numerical aperture) for an increased confocal depth [148]. However, this approach trades the 

lateral resolution with the confocal depth. Other methods focus on reducing system sensitivity 

roll-off by optimizing the OCT data acquisition mode, mitigating sensitivity drop caused by k-

clock nonlinearity in high-speed and long-ranging modes [31]. While these methods can reduce 

the rate of sensitivity drop, they do not eliminate system sensitivity roll-off. Commercial OCT 

systems often employ autofocus devices to find the optimal focal plane for imaging, using 

mechanical methods to adjust the focal plane. However, this process is typically slow [153]. 
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Using a movable probe to adjust the distance or angle between the probe and the sample can 

enhance image quality, but this method is impractical when the distance cannot be freely 

adjusted and may introduce motion artifacts [154]. 

The introduction of tunable lens has significantly alleviated these issues [139,155]. Acousto-

optic tunable lenses (AOTL) [156]and electrically tunable lenses (ETL) are widely used in OCT 

to optimize imaging quality [157]. AOTL achieves focal adjustment by inducing changes in 

refractive index through sound waves, while ETL adjusts the lens shape and curvature by 

altering the electric field. Studies have utilized tunable lenses to scan multiple times at the same 

B-scan position, adjusting focal length during each scan and fusing the resulting images to 

obtain final high-quality images across the entire depth range [138,155]. However, this method 

significantly increases imaging time and data volume that the system and computing must 

handle. Other studies have reported imaging samples by searching and selecting the optimal 

focal length throughout the entire focal range [81], but real-time focus adjustment significantly 

extends data acquisition time.  

Although tunable lenses can alleviate defocusing effects, system sensitivity roll-off remains 

an issue, especially at relatively long-ranging distances where sensitivity loss can exceed 20 dB, 

affecting the efficient identification of tissue structures of interest and blood flow signals at 

deeper positions [138]. Simultaneously adjusting both the focus and optical pathlength 

difference between reference and sample arms, allowing the effective imaging window to adapt 

along the sample surface contour, may offer further opportunities for improving image quality 

at different depths. This adaptive contour-tracking and scanning (ACTS) strategy, based on dual 

adjustment of focus and optical delay line, does not require changes in spatial distance between 
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the system and the sample, overcoming some limitations above and reducing motion artifacts. 

However, it has not yet been reported in wide-field SS-OCT, and its performance improvements 

and challenges in practice remain unknown. 

In this paper, we present the realization of an ACTS method through the automatic and joint 

control of ETL in the sample arm and adjustable optical delay line (AODL) in the reference 

arm. The method partitions the entire system's ranging distance into several segments 

determined by the confocal length of the SS-OCT system. It first acquires the surface contour 

within a large FoV of the sample by rapid pre-scanning in the slow scan direction. The system 

then analyzes the surface variations and generates a personalized scanning protocol. 

Subsequently, it uses a shorter ranging mode to adaptively image along the surface contour in 

the defined segments, employing multiple confocal functions to eliminate unevenness in image 

signal intensity caused by multiple focuses. We detail the implementation process of this 

strategy, emphasizing its limitations and potential improvements. Its feasibility is validated 

through phantom experiments and in vivo oral imaging. A comprehensive analysis from 

multiple perspectives, including image contrast, sensitivity, signal-to-noise ratio (SNR), 

imaging time, penetration depth, and storage space, is conducted to evaluate the benefits and 

costs of this method. The paper concludes with a discussion on the practical application value, 

applicable fields, and future development directions of this method. 
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4.2 Materials and Methods 

4.2.1 System setup 

A high speed, wide-field SS-OCT system was constructed to demonstrate the proposed ACTS 

strategy (Figure 4-1). The system employed a laser source operating at 600 kHz, with a central 

wavelength of 1310 nm and a 20 nm optical bandwidth, theoretically providing an axial 

resolution of approximately 41 µm in air. The laser output was split 99:1 to power both the 

OCT imaging system (99%) and an auxiliary Mach–Zehnder interferometer (MZI, 1%) that 

was used to generate a k-clock signal for OCT signal acquisition. The optical path difference 

(OPD) in the MZI was set at 72 mm. With the use of single-edge and double-edge sampling 

modes, the ranging distance of the system was 18 mm (short range mode) and 36 mm (long 

range mode), respectively. Note that this system was designed to interchangeably employ 

single-edge and dual-edge sampling modes when triggering and capturing the OCT interference 

signals of interest, where the short ranging mode significantly reduces the data volume that 

must handle, an important consideration for large field of view imaging. 

n the OCT system, a 90:10 coupler splits the light beam into the reference arm (10%) and the 

sample arm (90%). In the sample arm, the light passed through a circulator (Thorlabs, USA) 

and was collimated using a fiber collimator, generating in a collimated beam with a diameter 

of approximately 2.8 mm. The beam then traversed through an ETL (Opotune Ltd) before being 

directed to a galvo mirror. The response time of the ETL is 2.5 ms, with a stabilization time of 

15 ms. A f-theta lens with a focal length of 100 mm was employed in the sample arm to achieve 

a large FoV of up to 42×42 mm. 
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Figure 4-1. Schematic of the 600 kHz SS-OCT system. FC: fiber coupler; CIR: circulator; ODL: 
optical delay line; AODL: adjustable optical delay line. PC: polarization controller; 
BPD: balanced photodetector; ETL: Electrically Tunable Lenses. GM: 
galvanometer. 

I In the reference arm, an electrically adjustable optic delay line (AODL) was used to align 

the optical pathlength with that of the sample arm. The response speed of the AODL is 6 mm/s. 

The backscattered light from the sample was directed to a 50:50 beam splitter through a 

circulator and combined with the light from the reference arm. Subsequently, the optical 

interference signal was converted to electrical signals through a balanced photodetector. The 

signal was then processed and collected using a digitizer (ATS 9630, AlazarTech, Canada). To 

ensure synchronized data collection, all hardware components, including ETL, galvo scanners, 

AODL, and digitizer, were synchronized using the laser sweep-trigger and controlled through 

a customized LabView program, including the procedures required by the ACTS (see below 

section). 



 

78 
 

4.2.2 Adaptive contour-tracking scanning 

The purpose of ACTS is to enable the system to adaptively adjust the focal position relative to 

the sample of interest. This is achieved using an automated tunable lens that can alter the focal 

position during imaging, in conjunction with adjusting the reference optical delay line to ensure 

the sample of interest falls within the effective OCT imaging window. This adjustment is 

facilitated by near real-time feedback from the sample surface contour information, initially 

obtained through a rapid pre-scan of the sample. This strategy allows the effective OCT imaging 

window to follow changes in the sample contour, optimizing image quality within a wide FoV. 

Note that the effective OCT imaging window refers to the imaging depth range defined by the 

confocal depth of the system, over which range the lateral resolution remains relatively constant. 

Figure 4-2 illustrates the entire scanning strategy workflow. 

Taking a phantom sample as an example (Figure 4-2A), the sample first undergoes a rapid 

pre-scan (Figure 4-2B), which involves a sparse scan along the slow scan direction 

(approximately 0.1sec for 20 B-frames) using the long-range scanning mode (36 mm). The 

primary purpose of this step is to determine the rough surface contour of the sample. The system 

processes the pre-scans by removing isolated points, yielding slow-axis B-scans (Figure 4-2C), 

with which the surface contour is then extracted. This contour information is used to partition 

the entire ranging distance (36mm) into several segments based on the system's confocal depth 

(Figure 4-2D). The intersections of the sample's surface contour with these segments indicate 

when the system's focus and AODL are required to adjust.  
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Figure 4-2. Flowchart of the adaptive contour tracking and scanning (ACTS) strategy. (A) 
Photograph showing a phantom sample of interest oriented in a big slope towards 
the slow scan direction. (B) Rapid pre-scan protocol where the fast axis (B-scan) 
marked as X and the slow axis marked as Y. (C) B-scan image along the Y-scan 
direction and the surface contour detection. (D) Dividing the entire ranging distance 
into segments based on the confocal depth of the system, and marking the time 
moment when the system is required to adjust the ETL and AODL. (E) Generation 
of scanning protocol for each segment. (F) Automatic stage-wise scanning to obtain 
3D images for each segment. (G) Fusing the images at each segment to form final 
3D image with increased ranging distance. (H) Depth-collapsed en face image of 
the final image. (I) Confocal functions of the system when imaging each individual 
segment. (J) Depth-collapsed en face image of the finally confocal-depth corrected 
3D image. 

Based on the response speed of the ETL and AODL, sufficient time is allocated for system 

to act to adjust, and an adaptive contour-tracking scanning protocol is then automatically 

generated (Figure 4-2E). Instructed by this protocol, the system the performs stage-wise scans 

of the sample using the short-range scanning mode (18 mm) (Figure 4-2F). By combining all 

stage-wise images based on the adjusted distance of the AODL (Figure 4-2G), a true 3D image 
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over a long ranging distance and the entire FoV is obtained (Figure 4-2H). At each segment 

(effective imaging window), the reflected light strength along the depth can be affected by the 

system confocal function, which requires compensation. Therefore in the last step of the 

processing, the confocal functions at each segment (Figure 4-2I) are used to compensate the 

light strengths in the OCT images, leading to final compensated wide field OCT image (Figure 

4-2J). Detailed descriptions of each step are provided below.  

4.2.3 Selection of focal length of objective lens 

The ETL alters the focal length by altering the driving current (ranging from -290 mA to 290 

mA). Increasing the current converges the light beam, while decreasing it diverges the beam. 

To maintain OCT system stability, high-speed galvo-scanner is typically smaller in size (3mm 

x 3mm in this study), which may not be enough to cover the entire diverging beam, leading to 

energy loss. To address this issue, we tested the energy loss after the galvo-mirror due to the 

ETL with a function of the driving currents. Because of the inherent properties of the 

electroactive deformable material in ETL, the ability to alter focal length differs when the 

driving current increases compared to when it decreases. Figure 4-3A illustrates the measured 

light energy after the galvo-mirror during the processes of increasing and decreasing driving 

currents. The green area marks the region where the system can maintain relatively high energy, 

within 1/3 of the maximum energy loss.  
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Figure 4-3. Selection of focal length range of lens group that determines the system numerical 

aperture (NA). (A) The measured light energy as a function of the driving current, 
either increasing (blue) or decreasing (red) current. The marked green area 
represents the region where the system can maintain relatively high energy 
utilization. (B) The focal length as a function of increasing (blue) or decreasing 
(red) driving current. The gray-purple area represents the range where the system 
can maintain stable and optimal operation, in terms of both efficient usage of the 
light beam and the confocal depth.  

The ability of the ETL to alter focal length exhibits a smaller range when the current 

increases compared to when the current decreases. This characteristic can impact on the overall 

system performance. We tested the alternation of focal length determined by the lens system 

composed of ETL and f-theta lens together (which determines the eventual imaging NA), as 

shown in Figure 4-3B. When the current varies within the range of -100 to 100 mA (marked 

purple), the focal length is least affected by either increasing or decreasing the driving current. 

The marked green area (from ~-10 mA to 300 mA) indicates the region where the system 

possesses minimal energy loss. The overlap between these two regions represents the selected 

focal length range in this study. As a result, the tuning range for the focal length is selected 

from 95mm to 130mm.  
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4.2.4 Generation of scanning protocol and control signal  

The ACTS strategy divides the entire imaging depth range into depth segments, each segment 

corresponding to the effective imaging window. When the sample transitions from one depth 

segment to another, the system needs to adjust the focal length and the reference optical delay 

line. This adjustment is crucial to maintain high resolution throughout the entire depth range. 

Therefore, determining each segment is of great importance. In this study, the segments are 

determined based on the confocal depth (Rayleigh length). Long-range mode was employed 

during the pre-scanning process to determine the indicative profile of the sample. In this mode, 

the entire ranging depth is 36 mm, and the minimum focal length obtained from the previous 

section is 95 mm. The lateral resolution at the beam waist is approximately 55 µm, 

corresponding to a Rayleigh length of 2.4 mm, i.e., a confocal depth of 4.8mm (effective 

imaging window). In OCT imaging, the sample position is typically maintained at a certain 

distance from the zero optical path planes to avoid image wrapping. In this study, we reserved 

a buffer zone of one Rayleigh length. The remaining 33.6mm was divided into 7 segments, each 

4.8mm (Figure 4-4A). 

In Figure 4-4A, the black curve represents the sample surface contour obtained from the fast 

pre-scan. This contour covers all 7-depth segments, which provide the time stamps where the 

horizontal coordinate indicates the time points at which the system is required to adjust the 

focus and reference optical delay line. For each time stamp, an additional time interval, τ, is 

added to the time stamps, determined by the response and stabilization time required for ETL 

and AODL to act. This process generates the control signal sequence shown in the first row 
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Figure 4-4. Schematic diagram of control signal and scanning protocol generation. (A) 

Determination of time stamps t0, t1, … t6. The black curve represents the sample's 
surface contour. The orange line indicates depth segments determined by the 
confocal depth (7 segments in this case). The purple vertical lines give the time 
stamps where it requires the system to activate the ETL and AODL to adjust the 
focal length and reference optical delay line. (B) Generation of control signal and 
scanning protocols for each segment in (A). The positions marked red denote the 
time stamps to inform the system to adjust and the time duration, τ, required for the 
ETL and AODL to act. From top to bottom, 1) control time sequence generated to 
inform the system when to adjust the ETL and AODL, 2) corresponding driving 
current to drive the tunable lens at each defined segment, 3) corresponding curve 
to tell the AODL where to move, 4) driving voltage to drive the galvo-scanner in 
fast-scan axis (B-scan), 5) driving voltage to drive the galvo-scanner in slow-scan 
axis (C-scan), and 6) k-clock trigger signals for data acquisition generated by the 
auxiliary MZI.     

of Figure 4-4B. Data acquisition was initiated with the control signal set to a low level and 

ceased upon its transition to a high level, optimizing the efficiency of data streaming. Due to 

the significantly faster response of the ETL compared to the AODL, the selection of τ is 

dominated by the AODL. It takes 0.8s for the AODL to move 4.8mm. Thus, to ensure system 

stability, τ = 1.5s (including start-up and stop time) was allocated. The controlling and scanning 

protocol are then automatically generated based on this process (Figure 4-4B) where the control 

signals are given for tunable lens, AODL, fast scan, slow scan, and k-clock for data acquisition, 

respectively. This protocol finally instructs the system to perform the adaptive scans of the 
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sample. We refer to this method of dynamically tracking the imaging window along the sample 

surface contour as adaptive contour tracking and scanning (ACTS). 

To demonstrate the system’s performance, the ACTS scanning protocol was designed to 

include 1500 × 1500 A-lines in OCT imaging mode and 1500 × 1500 × 4 A-lines in OCT 

angiography (OCTA) mode, covering an approximately 42 × 42 mm² field of view. In addition 

to provide a large field of view, this scanning protocol achieves a frame rate of approximately 

300 Hz, similar to conventional OCT devices, which enhances contrast for OCTA imaging, 

enabling detailed visualization of vascular structures in the oral cavity. 

4.2.5 System performance evaluation 

This study employed two scanning modes, the long-range and short-range modes, with ranging 

distance of 36 mm and 18 mm, respectively. These were achieved by employing either k-clock 

dual-edge triggering or single-edge triggering. Traditional OCT often uses the long-range mode 

to cover large variations in sample contours in wide field imaging applications. However, 

ACTS allows the effective imaging window to slide along the sample surface contour for 

sampling and scanning, eliminating the need for an excessively long imaging range to cover the 

entire sample structure. Therefore, the long range scanning mode is only used to obtain the 

surface profile of the sample, while the short-range scanning mode (18mm) is used for actual 

OCT imaging of the sample. 

We analyzed the system sensitivity roll-off curves for both scanning modes under two 

conditions: with and without an objective lens. Without an objective lens, the system only has 

the ETL installed but in a “sleeping” state (i.e., incident and exit light are both parallel). The 



 

85 
 

roll-off curve was obtained by moving a reflector (as the sample) placed in the sample arm. In 

this situation, system sensitivity is only related to the ranging distance (i.e., OPD). With an 

objective lens, the system sensitivity is related not only to the ranging distance but also to the 

focal position. To highlight the advantages brought by the joint adjustment of focus and AODL, 

we compared the roll-off curves with the situation where only the focal length was altered 

without altering the OPD. 

Figure 4-5A and 5C illustrate the roll-off curves of the system without an objective lens in 

the long-range and short-range modes, respectively. The 3dB roll-off distances are 13 mm and 

7 mm, and the stable axial resolution distances are 28 mm and 13 mm, respectively. It is evident 

that in the short-range mode, the roll-off rate of system sensitivity and axial resolution is much 

faster than that in the long-range mode. Figure 4-5B and D show the roll-off curves of the 

system with an objective lens installed in the long-range and short-range modes. It can be 

observed that, in the presence of an objective lens, the focus is the primary factor affecting the 

system's sensitivity. The system can maintain high sensitivity only within the confocal depth, 

highlighting the importance of dynamic focusing in maintaining the imaging quality. 
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Figure 4-5. Sensitivity and axial resolution in different ranging-modes. (A, C) Roll-off curves 

of the system without objective lens and ACTS in the long-range and short-range 
modes. The black square box outlines the depth range where the sensitivity drop is 
less than 3dB. (B, D) Roll-off curves of the system with an objective lens but 
without ACTS in the long-range and short-range modes. (E) Roll-off curve of the 
system with an objective lens and ETL modulation in the long-range mode. (F) 
Roll-off curve of the system with ACTS in the short-range mode. 

Figure 4-5E displays the roll-off curve under the condition of only adjusting the system's 

focal length (i.e., dynamic focusing). Compared to Figure 4-5C, the system's sensitivity and 

axial resolution have been greatly improved, especially in the deeper regions. However, the 

system sensitivity roll off is not eliminated. The decline of the sensitivity is similar to that in 

Figure 4-5A, indicating that the OPD is the main factor responsible for deteriorating the system 

sensitivity.  

Figure 4-5F presents the system's roll-off curve obtained using the proposed ACTS. 

Throughout the entire depth range of 36mm, both sensitivity and axial resolution are maintained 

at a consistently high level. It is worth noting that each mirror reflection signal in Figure 4-5F 
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is obtained through the short-range acquisition mode, and almost the entire depth range is within 

the 3dB roll-off range.  

4.2.6 Elimination of multiple confocal effects 

As seen from the previous section, the sensitivity roll-off curves with the objective lens exhibit 

a significant degradation across the entire imaging depth range, affecting imaging contrast. Due 

to the focus adjustment along the entire depth range, the signal strength in the slow scan 

direction fluctuates when the ACTS is in action (Figure 4-6A). In this study, a multi-confocal 

function was employed to compensate for this effect. Confocal function, h(z), and Rayleigh 

length, zR, are described as: 

 ℎ𝑚𝑚(𝑧𝑧) = ��𝑧𝑧−𝑧𝑧𝑧𝑧𝑚𝑚
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where, z represents depth, measured in mm. m represents the depth-segment number. zfm 

denotes the focus position. α is used to distinguish specular reflection (α=1) from diffuse 

reflection (α=2) [158]. n is the refractive index, ΔXm is the lateral resolution. λ is the central 

wavelength of the light source.  

We used Zemax software to simulate the focusing process of the lens system (ETL and 

objective lens) as a function of focal length (Figure 4-6B). The ETL was designed with a static 

offset and a current-controlled lens, allowing for a dynamic focal tuning range from -666 mm 

to 286 mm. The objective f-theta lens (f = 100 mm and d = 75 mm) was positioned at a fixed 
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distance of 50 mm from the ETL, as per our OCT prototype configuration. The system input 

was specified as a collimated beam with a wavelength of 1310 nm. During the simulation, we 

adjusted the ETL focal length to control the entire system focal length within the range of 95 

mm to 130 mm and measured the corresponding spot sizes. 

Figure 4-6C shows the curve of the system's lateral resolution as a function of the focal 

length. In Figure 4-6D, the variation of Rayleigh length with focal length, calculated using 

equation 4-2, is presented. Figure 4-6E illustrates the single-focus confocal function, while 

Figure 4-6F represents the multi-focus confocal function curve when the focal position is 

adjusted from 4.8 to 33.6 mm. For the OCT scans at each depth-segment, we used the 

corresponding confocal function hm(z) to correct it along the depth direction. This involved 

dividing each point of the A-scan signal by the corresponding confocal function curve, resulting 

in a more uniform sensitivity across the entire ranging distance of 36 mm (Figure 4-5F).  

4.2.7 Imaging quality evaluation 

In order to quantify the improvement of the ACTS on image quality, we adopted three metrics: 

contrast, signal-to-noise ratio (SNR), and penetration depth for quantitative comparison. Image 

contrast is commonly used to describe the difference in grayscale values between the target 

region and the background region, calculated by.  

 𝐶𝐶 = 𝐼𝐼𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡 −𝐼𝐼𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏  

𝐼𝐼𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡𝑡 +𝐼𝐼𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏𝑏  
  (4-3) 

where Itarget and Ibackground represent the signal intensities in the target and background regions, 

respectively. In practical applications, taking a phantom sample as an example, the target region 
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is defined as the area below the sample surface to a depth of 2 mm, roughly corresponding to 

the penetration depth of SS-OCT in the phantom.  

 

 

Figure 4-6. The Generation of the multi-confocal function. (A) Roll-off curve obtained by the 
adaptive contour tracking scanning strategy. The red curve represents the envelope 
of sensitivity. (B) Simulation of the focusing process of the lens system using 
Zemax software. (C) Lateral resolution as a function of the focal lengths of lens 
system. (D) Rayleigh length as a function of the focal lengths. (E) single-focus 
confocal function. (F) multi-focus confocal function curve when the focal position 
is adjusted from 4.8 to 33.6 mm. 

SNR represents the relative strength between signal and noise in an image, calculated by 

 𝑆𝑆𝑆𝑆𝑆𝑆 = 10 × log10 �𝑃𝑃𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆𝑆 
𝑃𝑃𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛 

� (4-4) 

where Psignal represents signal power, calculated by ∑𝐼𝐼𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠2 𝑁𝑁𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠𝑠�  with Isignal being the 

signal intensity. Pnoise represents noise power, calculated by ∑[𝐼𝐼𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛 −𝑀𝑀𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛]2 𝑁𝑁𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛𝑛⁄  with 

Inoise being the noise signal and Mnoise representing the mean of the noise. Nsignal and Nnoise are 

the number of signal pixels and noise pixels in the region of interest. 
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Penetration depth is evaluated by thresholding the SNR. This involves establishing a specific 

SNR threshold, whereby pixels in the image surpassing this threshold are categorized as signal, 

while those falling below the threshold are designated as noise. The calculated thickness 

measured between the sample surface and the thresholded boundary serves as an indicator of 

the system's penetration depth for that specific sample. 

4.3 Results 

4.3.1 Phantom study 

The feasibility of the ACTS strategy was tested (Figure 4-7) using flat and right-angled objects 

that were 3D printed, with their photographs shown in Figure 4-7A and F, respectively. The 

sample was scanned with the OCT beam pointing to it from the left. Figure 4-7B and G show 

the imaging results of the two samples along the slow scan direction using traditional OCT in 

long-range mode. The ranging distance was 36mm, and the focal plane was positioned at 4.8mm 

away from the zero-delay line plane. It can be observed that the imaging quality at the focal 

plane is high, but as the imaging depth increases, the image quality significantly deteriorates. 

This is a direct result of both the confocal depth and the system sensitivity roll off. Figure 4-7D 

and I depict the 3D images obtained by traditional OCT, showing a gradual decrease in image 

brightness, contrast, and clarity with increasing ranging depth. 

Figure 4-7C and H show the B-scans in the slow scan direction obtained by the ACTS, where 

the short-range scanning mode was employed. The effective imaging window adaptively 

adjusted along the sample surface contour, providing exceptionally high imaging quality at all 
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depth positions. Figure 4-7E and J depict the 3D images obtained by the ACTS, with signal 

strength remaining consistent with increasing depth. 

 
Figure 4-7. Imaging the phantom samples. (A, F) Photographs of the flat and right-angled 

samples. (B, G) B-scan images in the slow-scan axis obtained by traditional OCT. 
(C, H) B-scan results in the slow-scan direction obtained by adaptive contour 
tracking OCT. (D, I) 3D imaging results obtained by traditional OCT. (E, J) 3D 
imaging results obtained by adaptive contour tracking OCT. (K, L, M) Statistical 
results of image contrast, signal-to-noise ratio, and penetration depth in the slow-
scan direction for the flat sample. Scale bar in (B) = 5mm 

For a more intuitive comparison between the two imaging methods, we statistically analyzed 

the image contrast, signal-to-noise ratio, and penetration depth using the first sample, as shown 

in Figure 4-7K, L, and M, respectively. The blue curve represents the results of traditional OCT, 

while the red curve represents the results of the ACTS. The shaded areas indicate their 

respective standard deviations. The statistical results demonstrate that for traditional OCT, 

compared to shallow positions, the image contrast decreases from 0.3 to 0.1 at deeper positions 
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(a decrease of 67%); the signal-to-noise ratio decreases from 13 dB to 3 dB (a decrease of 77%); 

and the penetration depth decreases from 2.6 mm to 0.7 mm (a decrease of 73%). In contrast, 

the ACTS does not show a significant decrease over the entire depth range. Importantly, the 

data volume was only half that of traditional OCT. However, a price paid here is an increase in 

total imaging time by 7.5s (5 adjustments, each lasting 1.5s). The second sample (Figure 4-7F) 

required a total of 9 adjustments, resulting in an additional time consumption of 13.5s. 

4.3.2  in-vivo imaging oral cavity 

Next, we applied the proposed ACTS strategy for wide-field imaging of the human oral cavity. 

We defined the direction with significant physiological curvature (i.e., left-right direction) as 

the slow scan direction and the up-down direction of the teeth as the fast scan direction. For 

comparison, we also imaged the oral cavity by using the traditional OCT scan protocol with a 

long-range scan mode and with the focus adjusted to a position that was approximately located 

at the canine tooth.  

Figure 4-8 shows the imaging results of the oral cavity in one human subject with the 

conventional OCT scan protocol that provides both the volumetric structural (Figure 4-8A) and 

microvascular (Figure 4-8B) information. The scan field of view was 42mm x 42mm, covering 

upper and lower right quadrant of the total 12 teeth, where there is a significant curvature in the 

gumline. The imaging time for structural scan alone was 4.75 sec, and that for both structural 

and blood flow imaging (OCTA scan protocol) was 19 sec. It is apparent that the image quality 

for both the structural and blood flow OCT images decreases with the increase of ranging 

distance, where the contrast at the regions near molar teeth are diminishing (pointed by white 
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arrows). In addition, the vessels appeared blurred due to the defocus of the OCT beam at those 

regions. This is because the regions near molar teeth are located away from the focal and zero-

delay line planes, causing blurring and reduced contrast and signal strength in the final images. 

For better scrutinizing the results, the microvascular image is zoomed for upper (Figure 4-8C) 

and lower gum (Figure 4-8D) regions, where the challenges of wide field of view imaging of 

uneven samples are clearly appreciated.  

In contrast, ACTS OCT maintains high resolution and signal strength throughout the entire 

FoV (Figure 4-9). The issues observed in the conventional scan protocol are mostly mitigated. 

Note that in ACTS strategy, the number of segments for effective imaging window was 

determined to be 5 in the rapid pre-scan mode for this subject. And compared to the 

conventional OCT scans (Figure 4-8), the imaging time consumed an additional 7.5 sec of 

acquisition time, due to the need of moving from one segment to another.  
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Figure 4-8. In vivo imaging of the human oral cavity using conventional OCT scan protocol 

with the long-ranging mode (36 mm). (A) 3D rendering of OCT structural 
information showing upper and lower right quadrant of the oral cavity, covering a 
total of 12 teeth. (B) corresponding microvascular image within gingival tissue. It 
is apparent that the regions of incisor teeth are seen with excellent quality while 
those near the molar teeth (pointed by white arrows) are diminished in imaging 
quality in both the structural and microvascular images due to significant curvatures 
from the incisor to molar teeth. (C) and (D) are zoomed images of the upper and 
lower gingival regions marked as blue and green boxes in (B), for scrutinization. 
Scale bar in (A) = 5 mm.   
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Figure 4-9. In vivo imaging of the human oral cavity using the proposed ACTS strategy with 

the short-ranging mode (18 mm). (A) 3D rendering of OCT structural information 
showing upper and lower right quadrant of the oral cavity, covering a total of 12 
teeth. (B) the corresponding microvascular image within gingival tissue. It is 
apparent that the ACTS OCT maintains high resolution and signal strength 
throughout the entire FoV. For better appreciation of the ACTS advantages, (C) 
and (D) are zoomed images of the upper and lower gingival regions marked as blue 
and green boxes in (B), respectively, for scrutinization. Scale bar in (A) = 5 mm.   

Such wide field imaging could be useful in aiding the clinical diagnosis of oral diseases. For 

example, OCT structural information may be used to detect tooth structures, including enamel 
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and dentin, aiding in the detection of pathologies such as caries, tooth fractures, and enamel 

wear. OCTA image provides information about the gingival vascular system, which may be 

used to assess the blood flow in the gums, improving our understanding of inflammation, gum 

diseases, and blood flow recovery after gum repair surgeries. It may also be envisioned that 

OCT can be used in conjunction with other imaging modalities, for example 3-shape topological 

tool [159] or simply a camera image, to provide complementary information in aiding clinical 

decision making. In this case, OCT images may be fused together with the images provided by 

other imaging technologies to present to dentists for better scrutinization of the relationships 

between topology, microstructural and microvasculature within the oral cavity. Figure 4-10 

provides such an example that fuses the OCT structural (Figure 4-10A) and microvascular 

(Figure 4-10B) images with the camera RGB photo of the oral cavity. Note here that the teeth 

information was extracted from the 3D OCT structural image and retained (Figure 4-10A) for 

image fusing purpose in this exercise. We believe this comprehensive image could be useful to 

provide dental professionals with convenient and comprehensive oral health information. 
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Figure 4-10. Example of fusing and registering OCT and OCTA images with RGB photograph 

of the oral cavity. (A) Extracted teeth information from 3D OCT structures, (B) 
OCTA microvascular image, and (C) photograph of the oral cavity. (D) Fused and 
registered final image of the RGB photo, OCT structures and OCTA blood flows.  

 

4.4 Discussion and Conclusion 

This study has described an adaptive contour tracking strategy for wide field OCT imaging of 

large samples with uneven surface contours and demonstrated its feasibility through verification 

in phantoms and in vivo experiments. In the phantom experiments, we quantified image contrast, 

signal-to-noise ratio, and penetration depth. Compared to traditional OCT imaging, the ACTS 

OCT imaging significantly improves imaging quality at deeper locations. In the in vivo 

demonstrations, we also observed visual improvement in both structural and blood flow signals 

with the ACTS strategy, especially for long ranging distance regions. ACTS prevents 
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deterioration of image quality with increasing imaging distance, maintaining high contrast and 

signal-to-noise ratio at both shallow and deep locations. 

Another advantage of the ACTS strategy is the adaptive adjustment of the imaging window 

along the sample contour, which offers the potential to achieve an extended working range with 

a reduced system-ranging distance. Each incremental scan requires only half of the spectral 

sampling rate to meet the requirements. The system in this study adopts the k-clock triggering 

acquisition method. Without compromise of the performance in k-clock acquisition card, there 

is a competitive mechanism among sweep speed, bandwidth, and spectral sampling rate, which 

correspond to OCT parameters such as imaging speed, axial resolution, and imaging range. If 

the short-range mode is used, the burden on spectral sampling rate is relaxed. The released 

parameter space can then be utilized by the other two parameters. In other words, the system 

can choose a light source with a faster sweep speed or a wider bandwidth to improve imaging 

speed and axial resolution. Additionally, the reduction in spectral sampling rate means an 

increase in data transfer speed, saving storage space and computational power.  

  The adjustment of focus and reference optical delay line requires additional time, which is 

the primary cost of the ACTS strategy. The electro-controlled tunable ODL used in this system 

has a relative low response speed, approximately 6 mm/s. Each adjustment distance of 4.8 mm 

takes about 0.8 seconds. Due to the unstable start and stop processes of AODL, more time needs 

to be reserved, bringing the total time for each modulation to about 1.5 seconds. The additional 

imaging time required depends on the number of depth segments. The good news is that electro-

controlled refractive index ODL modulation devices [160] or voice coil motor [161] systems 

are now available on the market with faster response speeds. If the system adopts these 
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components to adjust the optical path length of the system's reference arm, the additional 

imaging time consumption can be significantly reduced. Another alternative approach is to 

leverage the state-of-the-art integrated photonics circuit strategy [162,163], where multiple 

optical pathlength delay lines may be fabricated within a chip for rapid and programmable 

switching of the desired optical delay lines.   

  Another aspect of the ACTS strategy that can be improved is the pre-scan section. In this 

study, we used 20 B-scans along the slow axis as the pre-scan, taking approximately 0.1 seconds. 

Although it did not consume much imaging time, its limitation lies in the fact that the pre-scan 

needs to use the long-range mode to detect the surface contour across the entire field of view 

of the sample. As mentioned earlier, the actual imaging process for ACTS OCT only requires 

the short-range mode, and the released burden on spectral sampling rate can be used to improve 

imaging speed or axial resolution. However, if the pre-scan needs to use the long-range mode, 

the pressure on the spectral sampling rate of the system cannot be released, which affecting the 

further improvement of system performance. Additionally, even if the long-range mode is used, 

there is a limitation on the maximum contour variation that the system can accept for the sample 

(36 mm in this study). If the variation of the sample's contour along the slow axis is greater than 

36 mm, the system cannot fully cover it. One improvement approach is to use other devices 

such as structured light illumination or stereo cameras strategy instead of OCT for slow-axis 

pre-scanning to detect the sample's contour. This solution can release the pressure on OCT's 

spectral sampling rate and is applicable to samples with larger surface variations. Of course, 

the detection algorithm for surface contours based on structured light illumination and stereo 
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cameras also needs to be upgraded as the hardware system improves. Algorithms based on deep 

learning may be a good choice. 

  The main limitation of the ACTS strategy lies in the difficulty of real-time adjustment of 

surface contour variations along the fast-scanning direction, especially in high-speed imaging 

modes. The system in this study employed a 600 kHz swept-source, completing a cross-

sectional image comprising 1500 A-scans in just 2.5 ms. Therefore, current ETL and AODL 

technologies may not be capable of real-time adjustments along the fast axis. One feasible 

solution is to adopt an orthogonal scanning strategy, conducting separate adaptive scans along 

the fast axis (X-axis) and slow axis (Y-axis) directions. Subsequently, data fusion through post-

processing could potentially achieve high-quality signals across the entire imaging field. 

  Currently, we consider the ACTS strategy to be most suitable for the wide field imaging in 

dentistry due to the significant physiological curves along the horizontal direction in the oral 

cavity, while the vertical direction remains relatively flat. The wide-field OCT's structural 

imaging provides clear visualization of the internal microstructure of hard tissues, accurately 

displaying the distribution and morphology of tissues such as enamel and dentin. This is helpful 

for diagnosing dental diseases and assessing the health status of tooth structures. Additionally, 

OCTA offers a detailed three-dimensional presentation of the soft tissue vascular network. In 

oral medicine, OCTA may be used to observe the distribution of gingival vessels, 

microcirculation, and to assess periodontal lesions. The fused image shown in Figure 4-10D 

provides comprehensive oral information for clinical professionals, aiding them in quickly and 

comprehensively appreciating oral health conditions. 
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Additionally, we believe the ACTS strategy is also applicable to ophthalmology. Although 

ETL has been widely used in ophthalmic OCT, AODL's adaptive adjustment ensures that the 

region of interest consistently falls into the imaging range with the highest sensitivity, which is 

beneficial for improved quality of ophthalmic OCT imaging. It would be also applicable for 

dermatology or plastic surgery, where a large field of view is often needed.  

To conclude, we have shown that the proposed ACTS strategy significantly improves the 

wide FoV imaging quality of samples with an uneven surface contour. By employing a high-

speed AODL and a pre-scanning scheme, this strategy requires minimal additional time 

consumption while alleviating spectral sampling rate pressure, thereby enhancing the overall 

performance of OCT.  
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5 HIGH-SPEED, WIDE-FIELD FIBER-BASED PS-OCT SYSTEM 

WITH REAL-TIME SURFACE STOKES FEEDBACK FOR 

CIRCULAR INPUT POLARIZATION  

5.1 Background and Motivation 

Optical Coherence Tomography (OCT) is a non-invasive, high-resolution imaging 

modality that enables cross-sectional visualization of biological tissues by detecting 

backscattered light through low-coherence interferometry [4,46,151]. It offers 

micrometer-scale spatial resolution and millimeter-scale penetration depth, making it an 

indispensable tool in ophthalmology [8,9,164], dermatology [14,18,165], dentistry 

[30,166,167], and numerous other clinical and research applications [26,168,169]. Its 

capability for real-time, label-free imaging has led to widespread clinical translation. As 

an extension of conventional OCT, Polarization-Sensitive OCT (PS-OCT) leverages 

polarization contrast to extract additional tissue-specific structural and compositional 

information [59,170]. PS-OCT enables three-dimensional imaging of birefringent 

structures, providing insight into the microstructural organization of anisotropic 

biological tissues such as tendon, muscle, mineralized tissue, retinal nerve fiber layers, 

and scar tissue [59,171]. These birefringence-based contrasts have proven valuable for 

diagnosing and monitoring various pathological conditions, including dental caries 

[127,172], intravascular abnormal [115,119], glaucoma [173,174], fibrosis [175], and 

pulmonary diseases [176]. 
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Over the past decade, PS-OCT systems have evolved from free-space optical 

configurations to fiber-based implementations to enhance system compactness, 

robustness, and clinical applicability [177,178]. Fiber-based PS-OCT, particularly in 

handheld configurations, offers the potential for broader clinical deployment due to its 

flexibility and ease of integration [179,180]. However, several persistent challenges 

continue to hinder their broader adoption. A primary limitation is the uncontrolled 

variation in the state of polarization (SOP) within the sample arm, typically caused by 

fiber bending or scan alignment during imaging [57,181]. Such instability disrupts the 

intended circular input polarization, resulting in relative rather than absolute optic axis 

measurements and compromising the accuracy and reproducibility of birefringence 

mapping [182,183]. 

Fiber-based PS-OCT systems generally adopt either dual-input or single-input 

illumination schemes [184,185]. Dual-input designs, using sequential orthogonal 

probing or polarization multiplexing, offer a predefined orthogonal polarization state of 

probing light incident on the sample and can derive absolute birefringence 

measurements [184,186]. However, these configurations introduce greater system 

complexity and may reduce imaging speed, limiting their clinical practicality. In 

contrast, single-input systems are more compact, faster and easier to implement, but are 

more susceptible to SOP change, thereby restricting their output to relative polarization 

measurements [183]. 

To compensate for SOP variability in single-input systems, recent work has proposed 

using calibration structuressuch as ring-shaped birefringent targets placed at the probe’s 
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distal end, for absolute SOP referencing [183]. While effective, these methods introduce 

several drawbacks, including reduced imaging depth and field of view, mandatory 

physical contact with the sample, and the need for complex post-processing to digitally 

calibrate the target and the tissue. These challenges are further exacerbated in wide-field 

imaging, where the sample surface is often highly curved or irregular [ref]. Additionally, 

the computational burden increases significantly with larger datasets inherent to wide-

field scans [187]. 

Another critical factor that degrades the accuracy of fiber-based PS-OCT is 

polarization mode dispersion (PMD). PMD results from birefringence and asymmetric 

stress within the optical fiber, causing wavelength-dependent group delay differences 

between orthogonal polarization modes [188]. In systems employing broadband swept-

source lasers, this leads to SOP distortion across the spectrum and compromises the 

fidelity of measured retardation and optic axis orientation [184]. A common mitigation 

strategy is spectral binning, which partitions the spectrum into narrower bands for 

separate processing [186]. Although this approach is relatively simple to implement and 

effective in suppressing PMD artifacts, it is computationally intensive and may reduce 

sensitivity. Other solutions involve hardware-based polarization compensation or 

advanced calibration routines, but these often increase system complexity and cost 

[117,189]. 

In this work, we present a high-speed, wide-field, fiber-based PS-OCT system that 

addresses these challenges through two key innovations. First, we introduce a real-time 

surface Stokes vector feedback mechanism to dynamically stabilize the circular input 
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polarization. By analyzing the Stokes vector of light backscattered from the tissue 

surface, our system actively compensates for SOP fluctuations in the sample arm, 

maintaining a stable and uniform circular polarization state without the need for 

reference targets or post-processing corrections. Second, to mitigate PMD, we employ 

a relatively narrow optical bandwidth swept-source laser, which reduces group delay 

dispersion between orthogonal polarization modes. This design choice balances axial 

resolution with reduced PMD sensitivity, simplifying data processing and improving 

measurement stability. 

We validated our system using repeated phantom scans with intentional manual SOP 

perturbations, achieving an overall 6.52° variation in birefringence measurement, 

thereby demonstrating the effectiveness and robustness of our surface-based SOP 

feedback method. Furthermore, we performed in vivo imaging of the human oral cavity, 

obtaining depth-resolved birefringence maps of both teeth and gingiva. These results 

confirm the system’s capability for robust and accurate polarization imaging over 

uneven and clinically relevant tissue surfaces. This approach not only simplifies the 

system architecture but also enhances polarization measurement reliability in complex 

geometries, enabling practical and scalable wide-field PS-OCT imaging for clinical 

applications. 
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5.2 Materials and Methods 

5.2.1 System setup 

To demonstrate the proposed dynamic circular input polarization strategy using surface 

Stokes vector feedback, we developed a high-speed, wide-field, all-single-mode fiber-

based PS-OCT prototype system. The system employs a swept-source laser operating 

at 600 kHz with a central wavelength of 1310 nm and a spectral tuning range of 20 nm. 

The relatively narrow bandwidth was deliberately chosen for three main reasons: 1) To 

enable an extended imaging range of approximately 18 mm, which is critical for 

accommodating uneven surfaces in wide-field imaging within the constraints of 

available sampling rates; 2) To mitigate polarization mode dispersion (PMD) in the 

fiber-based system, thereby avoiding the need for post-acquisition spectral binning; 

3)To maintain an acceptable axial resolution of approximately 37.8 μm in air (~28.4 μm 

in tissue), which is well matched to the lateral resolution and sufficient for wide-field 

structural and polarization imaging. 
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Figure 5-1 Schematic of the high-speed, wide-field, single-input fiber-based PS-OCT 

system. PC: polarization controller; CIR: circulator; FC: fiber collimator; 
ETL: electrically tunable lens; ODL: optical delay line; PDDM: 
polarization-diverse detection module; BS: beam splitter; PBS: polarization 
beam splitter; P: polarizer; BPD: balanced photodetector; H: horizontal 
polarization component; V: vertical polarization component. 

The system is built on a Mach–Zehnder interferometer configuration (Figure 5-1). 

The laser output is split by a 90:10 fiber coupler (TW1300R2A2, Thorlabs, USA), 

sending 90% of the light to the sample arm and 10% to the reference arm. In the sample 

arm, a fiber-based circular polarizer (CIR-1310-50-APC, Thorlabs, USA) is used to 

circulate the input light and returned scattering with high efficiency. The light is then 

collimated by a fiber collimator (F260APC-C, Thorlabs, USA), yielding a beam with a 

diameter of approximately 2.8 mm. This beam is directed to a pair of galvanometric 

scanners (6210H, Cambridge Technology Inc., USA) via an electrically tunable lens 

(Optotune Ltd.), which enables dynamic focal adjustment to help locate and scan the 

target region. A scan lens with a 100 mm focal length focuses the beam onto the sample, 
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achieving a field of view (FOV) up to 40 × 40 mm² with a lateral resolution of ~57 μm 

in air (~42.9 μm in tissue). 

In the reference arm, patch fibers and an electrical optical delay line (ODL) are used 

to match the optical path length with the sample arm. The backscattered light from the 

sample, returned via the circulator, and the delayed reference light are combined in a 

polarization-diverse detection module (PDDM). A 50:50 beam splitter (BS) directs the 

combined light to two polarization beam splitters (PBS), which separate the signals into 

orthogonal linear polarization components (horizontal and vertical). These components 

are converted to electrical signals using two balanced photodetectors (BPDs). 

A dual-channel digitizer (ATS9360, AlazarTech Inc., Canada) with an integrated k-

clock from laser is used for synchronized acquisition of the two polarization-resolved 

interferograms. To optimize interference efficiency and enable robust birefringence 

detection, four fiber-based polarization controllers (PCs) are strategically placed in both 

sample and reference arms to allow fine adjustment of the system’s polarization states. 

Additional implementation details are provided in the subsequent sections. A 

customized LabVIEW-based software interface was developed for system 

synchronization, scan control, real-time imaging preview and data acquisition. 

5.2.2 System calibration and surface stokes feedback 

To ensure accurate birefringence detection and optimal interference efficiency, four 

polarization controllers (PCs) are strategically placed within the system to manage the 
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state of polarization (SOP) across both sample and reference arms. The calibration 

procedure is performed as follows: 

1. Adjust PC1 to minimize the insertion loss in the circulator: 

PC1 is used to optimize light transmission through the fiber circulator. The 

paddles of PC1 are adjusted to vary the input SOP, while monitoring the optical 

power at port 2 of the circulator. The goal is to maximize the output power, 

thereby minimizing insertion loss due to SOP misalignment. 

2. Adjust PC2 to generate a circular polarization at the sample interface: 

PC2 controls the SOP of light incident on the sample. Using a polarimeter 

(PAX1000IR2, Thorlabs), the output polarization from the sample arm is 

monitored. The paddles of PC2 are adjusted until a right-handed circular SOP is 

achieved, ensuring consistent polarization illumination for birefringence 

sensitivity. 

3. Adjust PC3 to balance the polarization-diverse detection channels: 

To ensure accurate and efficient polarization-diverse detection, a mirror is placed 

at the sample plane to reflect the circularly polarized beam back into the detection 

path. PC3 is then adjusted to maximize the contrast between the two orthogonal 

interferograms. In this implementation, we maximized the vertical channel while 

minimizing the horizontal channel, thereby optimizing signal separation. 

4. Adjust PC4 to maximize the interference efficiency in the reference arm: 

A linear polarizer oriented at 45° is inserted in the reference arm before 
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recombination with the sample signal. This ensures equal optical power in both 

orthogonal polarization channels. The paddles of PC4 are tuned to maximize the 

interference amplitude in both channels simultaneously, enabling symmetric and 

high-efficiency detection. 

Once the polarization controllers are properly adjusted, the system is calibrated and 

ready for birefringence imaging. During practical imaging, most optical paths remain 

stable, except for the single-mode fiber (SMF) linking the main system to the handheld 

probe. This segment, referred to as the probing SMF in this work, is particularly 

susceptible to perturbation when the probe is moved or reoriented to locate the imaging 

target. Such perturbations alter the input SOP at the sample surface, degrading 

polarization sensitivity and leading to inconsistent birefringence measurements. 

While polarimeters can be used to verify the SOP at the probe output during 

calibration, they are impractical for real-time monitoring during in-vivo imaging due to 

concerns over patient comfort and imaging efficiency. To address this, we propose a 

surface Stokes vector feedback strategy, which leverages the backscattered light from 

the sample surface to infer the SOP of the probing beam in real time. This feedback 

mechanism enables pre-scan adjustment to recover and stabilize the circular input SOP 

before data acquisition begins. The concept is modeled in Figure 5-2A. We assume that 

the reflected signal from the sample surface undergoes minimal sample-induced 

birefringence and preserves the SOP of the incident beam. As such, the light experiences 

a round-trip through the probing SMF, from circulator output to sample and back. The 

probing SMF can thus be modeled as an effective "virtual layer" on top of the sample. 
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As the light exiting the circulator and detected by the PDDM, the polarization 

transformation induced by the probing SMF can be visualized and characterized on the 

Poincaré sphere using the surface-reflected Stokes vector. By manually tuning PC2 

before imaging and monitoring the corresponding changes in the surface Stokes vector, 

the SOP at the sample interface can be adjusted to restore circular polarization, thereby 

ensuring robust and consistent polarization-sensitive imaging. 

 
Figure 5-2 Sample arm modeling and imaging workflow. (A) Modeling sample arm 

state of polarization detection and (B) System workflow of PS-OCT data 
acquisition and birefringence imaging, integrating surface Stokes vector 
feedback for SOP stabilization. 

The overall system workflow incorporating surface Stokes vector feedback is 

illustrated in Figure 5-2B. After initial system calibration, imaging begins by 

positioning the handheld probe to locate the region of interest (ROI), which is similar 

to the standard OCT imaging workflow. Prior to initiating a full 3D scan, SOP alignment 

of the probing SMF is performed to ensure circular polarization at the sample interface. 

This is particularly important after repositioning the probe, which may induce SOP 

variations due to fiber bending. A preview scan is first conducted to capture a cross-
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sectional image of the sample. From this image, the sample surface is segmented, and 

the Stokes vector near the center of the field of view is extracted. 

This surface Stokes vector is then plotted on the Poincaré sphere in real time. The 

paddles of PC2 are adjusted until the measured Stokes vector indicates a right-handed 

circular SOP, confirming that the probing beam at the sample interface has returned to 

the desired polarization state. Once this condition is satisfied, the wide-field 3D scan is  

extract birefringence information, including local retardation and optic axis 

orientation. This surface-guided SOP correction mechanism ensures consistent 

polarization input and repeatable measurements across sessions, improving imaging 

reliability in real wide-field imaging scenarios. 

5.2.3 PS-OCT imaging scanning protocol and data acquisition 

To evaluate the feasibility and performance of the proposed system with surface Stokes 

vector feedback, both phantom and in vivo imaging experiments were conducted under 

standardized protocols. 

Phantom Imaging: a 3D-printed ring-shaped phantom made from polylactic acid 

(PLA) was used to validate the system’s ability to detect well-defined birefringence 

patterns. The phantom was designed with its optical fast axis oriented circumferentially, 

creating a known birefringence distribution suitable for polarization mapping. The outer 

diameter of the ring was 36 mm. A volumetric scan consisting of 1500 × 1500 A-lines 

was performed over the phantom, with a scan time of approximately 5 seconds using 
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raster scan with a duty cycle of 80%. The phantom study was conducted to assess the 

SOP stability and birefringence detection capabilities of the system under controlled 

conditions. 

In vivo Imaging and Ethics Approval: to demonstrate the clinical applicability of the 

system, in vivo imaging was performed on healthy human volunteers, targeting the oral 

cavity region. The imaging probe was mounted onto a movable slit-lamp platform that 

offered three degrees of freedom, allowing fine positioning of the target area. 

All in vivo procedures were conducted in compliance with the Declaration of 

Helsinki and the Health Insurance Portability and Accountability Act. The study 

received ethical approval from the Institutional Review Board (IRB) of the University 

of Washington. Written informed consent was obtained from all participants prior to 

imaging. 

In vivo imaging protocol: powered by the high-speed 600 kHz swept-source laser, A 

scan protocol of 1500 × 1500 A-lines covering an area of ∼40 × 40 mm², completed 

within ~5 seconds. During scanning, subjects were seated comfortably and asked to rest 

their head on a chin support to minimize motion. The movable slit-lamp platform was 

manipulated to align the imaging window with the anatomical region of interest. Once 

the region was within range, the surface Stokes vector feedback loop was initiated. A 

short preview scan was used to segment the sample surface and monitor the Stokes 

vector at the center of the field. Polarization Controller 2 was then adjusted to achieve 

right-handed circular SOP, as visualized on the Poincaré sphere, ensuring consistent and 



 

114 
 

high-fidelity birefringence measurements. Subjects were instructed to remain as still as 

possible throughout the scan. For oral cavity imaging, a mouth opener was used to 

maximize exposure of intraoral structures and facilitate wide-field OCT acquisition. 

5.2.4 Data processing and birefringence calculation 

To achieve real-time SOP monitoring and extract depth-resolved birefringence 

measurements, the acquired OCT signals were processed through several stages, 

including dispersion compensation, Fourier transformation, Stokes vector computation, 

and polarization state analysis. 

For surface Stokes vector monitoring, the raw spectral interferograms from the two 

orthogonal detection channels were first apodized with a window function and corrected 

for dispersion mismatch. The resulting spectra were converted to complex depth-

domain signals via inverse Fourier transform. The SOP of the backscattered signal from 

the sample surface was described using the Stokes parameters, calculated from the 

horizontal and vertical polarization channels as follows [190]: 
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Where Ex and Ey represent the complex amplitudes of the orthogonal polarization 

components, and δdenotes the phase delay between them. In our implementation, we 

assume S0=1for SOP visualization on the Poincaré sphere, since the normalized 

condition S02=S12+S22+S32 inherently holds. The sample surface was segmented based 
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on the intensity envelope (Stokes S0), and a 10-pixel wide region at the center of the 

field of view was extracted. The corresponding ten Stokes vectors were averaged and 

normalized to improve robustness against noise. This averaged vector was then 

visualized on the Poincaré sphere to monitor the SOP at the sample interface in real time. 

Figure 5-3A and B show the OCT structural images of the 3D-printed phantom from 

horizontal and vertical channels, respectively. Figure 5-3C displays the RGB-coded 

Stokes vector image, where Q, U, and V are mapped to red, green, and blue channels, 

respectively. Figure 5-3D shows the extracted SOPs from the surface region plotted on 

the Poincaré sphere, blue dots represent individual pixel vectors, while the bold red dot 

shows the averaged SOP. With a workstation equipped with an AMD Ryzen 7 5800X 

CPU and 64 GB RAM, our custom software achieved real-time SOP monitoring at up 

to 24 frames per second, enabling efficient and responsive adjustment of the probing 

SMF polarization state 

To retrieve depth-resolved polarization parameters, the two orthogonal spectral 

signals were processed to generate complex A-lines following windowing and 

dispersion correction. Stokes vectors were calculated for each pixel throughout the 

depth profile. Using the structural OCT signal (S0), the tissue surface was segmented, 

and all subsequent Stokes vectors were flattened with respect to the surface to ensure 

accurate depth referencing for polarization analysis. To reduce speckle noise, a 4×4 

pixel spatial averaging filter was applied to the cross-sectional Q, U, and V components 

of the Stokes vectors. Birefringence parameters, including local optic axis and phase 

retardation, were then computed using a discrete differential geometry (DDG)-based 
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polarization state tracking algorithm [191], which traces the evolution of polarization 

states along depth to extract high-fidelity birefringence metrics. 

5.3 Results 

5.3.1 Real-time input SOP monitoring and local axis detection 

To demonstrate the capability of our system to monitor and control the input state of 

polarization (SOP) in real time, we first evaluated how the surface-reflected Stokes 

vectors from the sample can be used to track and adjust the SOP of the probing beam. 

Stokes vectors extracted from the surface of a ring-shaped PLA birefringence 

phantom were plotted on the Poincaré sphere during a stepwise manual adjustment of 

PC2, which controls the probing SMF. The goal was to tune an arbitrary SOP to a right-

handed circular SOP. As shown in Figure 5-3E, four consecutive adjustments were 

performed, and the resulting trajectory of the SOP on the Poincaré sphere is displayed. 

The blue, red, yellow, and purple dots denote intermediate SOPs during each adjustment 

step, and gray arrows indicate the convergence trend toward circular polarization. 

As the SOP of the probing beam varied, corresponding changes were observed in the 

RGB color-coded Stokes vector maps, as shown in Figure 5-3F–H. These reflect the 

evolution of the Q, U, and V components of the surface Stokes vectors, confirming the 

system’s ability to detect and respond to input polarization changes. This result validates 

the effectiveness of our surface Stokes vector feedback strategy as a real-time tool for 

stabilizing the circular input SOP prior to scanning. 
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Figure 5-3 Stokes vector extraction and real-time monitoring of the sample arm SOP. 

(A) OCT image of the 3D-printed phantom from the horizontal channel. (B) 
Corresponding vertical channel image. (C) RGB-coded Stokes image using 
Q, U, and V as red, green, and blue channels, respectively. (D) Poincaré 
sphere visualization of Stokes vectors from 10 surface pixels (blue dots), 
with the averaged SOP shown as a bold red dot. (E) Real-time SOP 
trajectory during manual adjustment of the probing SMF polarization state. 
Different colored dots represent SOP states at different timepoints, and gray 
arrows indicate the convergence trend toward circular polarization. (F–H) 
Stokes vector displays corresponding to different SOP states marked by 
blue, yellow, and purple arrows in (E). All scale bars denote 1 mm. 
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To evaluate the impact of input SOP on birefringence accuracy, we imaged the 

phantom under two conditions: (1) with a circular input SOP achieved through surface-

based feedback control, and (2) with an elliptical SOP representing a typical uncorrected 

polarization state. As shown in   Figure 5-4A, the phantom consists of a 3D-printed 

PLA ring with its fast axis oriented circumferentially, generating a known birefringence 

distribution. The OCT structural en face projection is displayed in Figure 5-4B. The 

input SOPs used for the two scans are plotted on the Poincaré sphere in Figure 5-4C, 

with the circular SOP marked in purple and the elliptical SOP marked in blue. The 

resulting local axis orientation maps are shown in Figure 5-4D (circular SOP) and 

Figure 5-4E (elliptical SOP). The circular input produced a smooth, symmetrical 

distribution of axis orientations consistent with the phantom geometry, while the 

elliptical input introduced distortions and biased orientations, particularly visible as 

reddish regions indicating angular drift. 

To quantitatively assess detection accuracy, we extracted local axis orientations 

along a 90-degree arc on the phantom circumference (0°–90° in Cartesian coordinates), 

denoted by the white dashed arc in Figure 5-4F. The extracted axis orientations are 

plotted in Figure 5-4F, where the purple and blue dashed lines represent measurements 

under circular and elliptical SOPs, respectively. Linear fits (solid lines) reveal the 

angular trends. Under circular input SOP, the detected orientation ranges from 

approximately –5° to 90°, closely matching the actual arc geometry. In contrast, the 

elliptical input SOP yields a distorted orientation range of –45° to 30°, with an initial 

bias far from zero and a total detection span (~75°) notably smaller than the expected 
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90° arc. These findings confirm that non-circular input SOPs lead to significant 

orientation bias and inaccurate estimation of the true angular span. In contrast, the real-

time surface Stokes vector feedback enables the circular input illumination, thereby 

ensuring accurate and robust birefringence detection. 

 
Figure 5-4 Depth-resolved local axis detection under varying input SOPs. (A) 

Photograph of the 3D-printed PLA birefringence phantom. (B) En face 
structural OCT projection of the phantom. (C) Poincaré sphere showing the 
two input SOPs: circular (purple dot) and elliptical (blue dot). (D–E) Depth-
resolved local axis orientation maps acquired under circular (D) and 
elliptical (E) input SOPs. (F) Extracted local axis orientation along a 90° 
arc (indicated by the white dashed curve) in (D) and (E), with dashed lines 
showing measured angles and solid lines indicating linear fits. All scale bars 
denote 3 mm.  

5.3.2 Evaluation of SOP monitoring repeatability  

To evaluate the repeatability and robustness of our real-time SOP monitoring and 

correction strategy based on surface Stokes vector feedback, we conducted a series of 
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controlled phantom imaging experiments. A ring-shaped birefringent phantom was 

imaged in three independent sessions. Prior to each session, the probing SMF was 

intentionally perturbed to simulate practical handling-induced SOP variation. After 

perturbation, the input SOP was adjusted using surface Stokes vector feedback to restore 

a circular SOP before beginning each scan. 

Figure 5-5A–C show the resulting local axis orientation maps from the three 

independent measurements. Each image displays a consistent central-symmetric pattern 

along the phantom’s circumference, with a gradual change in orientation which is 

consistent with the phantom’s geometry. Visually, the local axis distributions across all 

three trials are highly consistent, demonstrating the repeatability of the SOP 

stabilization process. 

To quantitatively assess performance, we extracted the local axis orientations along 

a 90-degree arc (from 0° to 90° in Cartesian coordinates), indicated by the white dashed 

arc in each map. The extracted orientation values from the three trials were averaged, 

and the mean and standard deviation were calculated for each position along the arc. 

The results are plotted in Figure 5-5D, where the solid purple line indicates the mean 

local axis orientation, and the light purple ribbon represents ±1 standard deviation. The 

orientation values start near 0° and increase gradually to ~90°, matching the known 

birefringent profile of the phantom. The narrow spread across the repeated 

measurements reflects excellent measurement consistency. To further validate 

reproducibility, we computed the intra-class correlation coefficient (ICC) for the 

repeated orientation measurements, yielding a value of 0.935, which indicates excellent 
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repeatability of the SOP correction and local axis detection. These findings confirm that 

our surface Stokes vector feedback strategy provides stable and reproducible input SOP 

correction, enabling consistent and accurate polarization-sensitive imaging in fiber-

based PS-OCT systems. 

 
Figure 5-5 Phantom local axis detection across repeated measurements. (A–C) Local 

axis orientation maps from three independent imaging sessions using 
surface Stokes feedback after deliberate SOP perturbation. (D) Statistical 
results of local axis orientation along a 90° arc (white dashed curve in A–
C). The solid purple line shows the average detection, and the light purple 
band represents ±1 standard deviation across the three trials. All scale bars 
denote 3 mm. 
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5.3.3 Wide-field in vivo PS-OCT imaging of the human oral cavity 

In vivo imaging of the human oral cavity was conducted using the proposed wide-field 

fiber-based PS-OCT system, enabled by real-time SOP stabilization via surface Stokes 

vector feedback. Figure 5-6A presents a 3D-rendered volume of the anterior oral cavity, 

acquired in a single wide-field scan covering 40 × 40 mm². The image reveals detailed 

structural features, including 13 teeth and surrounding soft tissues. The white and gray 

arrows indicate the growth directions of the four central incisors and adjacent side teeth, 

respectively. To assess tissue birefringence, Figure 5-6B shows an en face degree of 

polarization uniformity map computed at 100 μm below the tissue surface. DOPU 

reflects the stability of the detected polarization state and is modulated by tissue 

scattering and structural organization. A 5 × 5 window filter was applied to the Stokes 

vector for the DOPU computation, and the overall average DOPU across the oral cavity 

was 0.63, indicating a mix of ordered and disordered birefringent regions. 

Figure 5-6C displays the en face optic axis orientation map at 100 μm below the 

tissue surface. The local axis map highlights variations in collagen fiber organization in 

soft tissue and hydroxyapatite crystal alignment in enamel. Both teeth and gingiva 

exhibit strong birefringence signals, but distinct orientation patterns are observed. The 

central incisors show more uniform and vertically aligned orientations, indicated by 

light green and yellow hues, consistent with their symmetrical growth patterns. In 

contrast, side teeth show more angular and heterogeneous orientation distributions, 

reflecting their oblique orientation and more complex anatomical structure. Furthermore, 
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Figure 5-6 In vivo PS-OCT imaging reveals wide-field oral cavity anatomy and 

birefringence contrasts. (A) 3D rendering of anterior oral cavity volume. 
White arrows indicate incisor growth direction; gray arrows indicate side 
teeth growth angles. (B) En face DOPU map at 100 μm depth, computed 
with 5 × 5 Stokes vector filtering. (C) Reconstructed 3D optic axis 
orientation map at 100 μm depth. White and gray arrows point to edge 
variations in axis orientation. White dashed lines denote free gingiva and 
attached gingiva boundary, and black dashed lines denote the  attached 
gingiva and mucosa boundary. (D) Phase retardation map at 100 μm depth. 
All scale bars denote 3 mm. 

at the edges of central incisors, asymmetric optical axis distributions are observed: the 

upper teeth show dark green and magenta on the left and light magenta and yellow on 

the right, while the bottom teeth exhibit the reversed pattern. This suggests localized 

differences in hydroxyapatite crystal orientation, particularly at the dental edge region. 

Figure 5-6D shows the corresponding phase retardation map, where the enamel edges 
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exhibit higher phase delays than the central regions, consistent with increased enamel 

thickness near the dental edge [192], indicating the potential of PS-OCT as a tool for 

evaluating enamel morphology and integrity. 

In addition to capturing wide-field structure and polarization contrasts, the system 

also enables localized assessment of dental health. Figure 5-7A displays an averaged en 

face structural projection of the oral cavity. A zoom-in view of the central incisors is 

shown in Figure 5-7B–D, corresponding to the red box in Figure 5-7A. The local optic 

axis orientation map (Figure 5-7B) includes vector overlays on a 130 μm grid, allowing 

better visualization of enamel fiber direction at macro scale. The white arrows point to 

the upper margin of the bottom central incisor, where disrupted orientation patterns are 

observed, suggesting possible early-stage enamel lesions. These regions also exhibit 

reduced retardation in the corresponding phase map (Figure 5-7C) and correlate with 

subtle morphological abnormalities in the structural projection (Figure 5-7D). 

Beyond hard tissues, the wide-field birefringence imaging also provides valuable 

information about oral soft tissue organization. As shown in Figure 5-6B–D, both 

gingiva and mucosa exhibit strong birefringence signatures. The gingival region shows 

a higher average DOPU (~0.74) compared to adjacent alveolar mucosa, indicating a 

more stable and ordered fiber structure. In the optic axis map, the attached gingiva 

displays more scattered orientation patterns, compared with mucosa. Phase retardation 

in the gingiva is more uniform than in the mucosa, which reflects differences in collagen 

density, vascularity, and mechanical properties. To further investigate gingival 

birefringence, Figure 5-7E–G provide a close-up view of the central upper gingiva, 
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corresponding to the green box in Figure 5-7A. A narrow color band within the free 

gingiva is observed in the optic axis map (Figure 5-7E), indicating relatively uniform 

collagen orientation. The phase retardation map (Figure 5-7F) further shows a more 

uniform distribution in free gingiva region, indicating homogeneously distributed 

birefringence in this region. Structurally, the OCT projection (Figure 5-7G) and 

corresponding clinical photograph (Figure 5-7H) reveal that the free gingiva appears 

smoother and more connective, while the attached gingiva exhibits a stippled, pillar-like 

architecture with distinct microstructural cavities, features likely contributing to the 

observed birefringence heterogeneity. 

 
Figure 5-7 Localized PS-OCT mapping of enamel integrity and gingival birefringence. 

(A) En face structure of the entire oral cavity from average projection. (B–
D) Zoom-in views of the central incisors: local axis orientation (B), phase 
retardation (C), and structural (D) from the red box in (A). White arrows 
mark potential enamel lesion regions. (E–G) Zoom-in views of central 
upper gingiva: axis orientation (E), retardation (F), and structure (G) from 
the green box in (A). Dashed curve marks the boundary between free and 
attached gingiva. (H) Clinical photograph of typical human gingiva 
showing morphology differences. Small black arrows in (B) and (E) denote 
fiber orientation trends over 130 μm scale. All scale bars in (B–G) are 
denoting 1 mm. 



 

126 
 

5.4 Discussion and Conclusion  

In this study, we developed and demonstrated a high-speed, wide-field, single-input 

fiber-based PS-OCT system for in vivo imaging of the human oral cavity. The system 

incorporates a real-time surface Stokes vector feedback mechanism to dynamically 

stabilize the input polarization state at the sample interface, addressing a long-standing 

challenge in single-fiber PS-OCT design. By integrating this feedback strategy with a 

high-speed 600 kHz swept source and optimized system architecture, we achieved 

robust birefringence measurements over a 40 × 40 mm² field of view, enabling detailed 

structural and polarization-resolved imaging of both teeth and gingival tissues. 

Single-input PS-OCT architectures offer distinct advantages over dual-input systems, 

particularly in terms of system simplicity, compactness, and scanning speed. However, 

they are also more susceptible to input SOP drift [183], especially in handheld or wide-

field configurations. Prior solutions have relied on reference targets or digital post-

correction, which complicate probe design or require additional processing [181,183]. 

Our proposed method utilizes the sample surface-reflected Stokes vectors as a reliable 

real-time feedback to guide SOP alignment before each scan. This eliminates the need 

for external polarimetry hardware, simplifies the user workflow, and enables fast, 

repeatable polarization control. Phantom experiments demonstrated a median angular 

standard deviation of 6.52° in repeated local axis orientation measurements, providing 

enough precision and repeatability across multiple sessions in real clinical settings. 
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This strategy is enabled by the physical principle that the surface reflection, 

particularly from shallow tissue depths (<100 μm), undergoes minimal birefringence-

induced SOP transformation, and therefore preserves the probing beam’s incident 

polarization state [179,184]. In weakly birefringent or isotropic tissues, this reflection 

offers a near-direct measurement of the input SOP. Even in birefringent tissues such as 

enamel or gingiva, the shallow surface backscatter arises from a thin optical path with 

limited retardation and depolarization. As a result, the Stokes vector measured at the 

surface can be used as a proxy for the input SOP, enabling accurate alignment to a 

circular polarization state prior to deeper volumetric imaging. This rationale supports 

the generalizability of the surface Stokes feedback mechanism across a wide range of 

tissue types and anatomical sites. 

A key challenge in fiber-based PS-OCT is polarization mode dispersion (PMD), 

which distorts the measured polarization states and introduces depth-dependent phase 

errors. PMD arises from birefringence in fibers and optical components, including fiber 

couplers and circulators, and is especially problematic in systems using broadband light 

sources. To mitigate this, we adopted a relatively narrowband (20 nm) high-speed swept 

source, which balances axial resolution (~37.8 μm in air) with PMD suppression. 

Although this resolution is lower than ultra-broadband sources, it is still significantly 

higher than conventional clinical imaging modalities such as X-ray and ultrasound 

imaging [30,137]. Importantly, the system achieved a polarization extinction ratio 

exceeding 200, surpassing conventional PS-OCT implementations [178]. While 

circulators introduce PMD due to the round-trip passage of backscattered light, our 
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architecture and calibration approach help to contain its effects within acceptable limits 

without requiring additional polarization compensation stages. 

Wide-field imaging brings additional challenges to PS-OCT performance. As the 

scanning angle increases, the effective SOP of the probing beam can vary across the 

field due to fiber birefringence and non-normal incidence at the sample surface. This 

variation can degrade the uniformity of polarization sensitivity, particularly at 

peripheral regions of the scan. In our design, real-time feedback-based SOP correction 

was performed before each scan, which mitigates but does not fully eliminate such 

spatially varying artifacts. Potential future improvements may include field-dependent 

compensation, or localized SOP tracking during scan acquisition to further enhance 

wide-field fidelity. 

Our in vivo results demonstrate the potential of this system for comprehensive 

assessment of oral health, offering co-registered structural and functional contrast. The 

optic axis orientation and phase retardation maps captured fine variations in enamel 

crystal alignment, detected localized enamel damage, and visualized birefringent 

properties of gingival tissue, including distinctions between free and attached gingiva. 

These findings align with previous reports of the diagnostic value of PS-OCT in oral 

applications and suggest its utility in detecting early-stage enamel lesions, periodontal 

conditions, and soft tissue morphology changes with micrometer-scale precision 

[12,111]. 
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In conclusion, we developed a robust and clinically adaptable wide-field PS-OCT 

system that incorporates real-time input SOP stabilization using surface Stokes vector 

feedback. The system enables repeatable and accurate birefringence imaging across 

large fields of view, while minimizing polarization mode dispersion through a balanced 

optical bandwidth design. By integrating hardware simplification, real-time SOP 

monitoring, and high-speed volumetric acquisition, the system supports practical, 

handheld-compatible in vivo imaging. This approach not only streamlines system 

complexity but also improves the reliability of polarization-sensitive measurements in 

anatomically complex and dynamic environments, advancing the clinical translation of 

wide-field PS-OCT for dental and soft tissue diagnostics. 
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6 SUMMARY 

6.1 Work Summary 

 This study presents a comprehensive set of innovations in swept-source optical 

coherence tomography aimed at addressing four critical challenges that currently limit 

the clinical utility of OCT systems: restricted imaging depth, nonlinear phase distortion 

distortion in high speed and long raneg acquisition, imaging inconsistency over 

contoured surfaces, and polarization instability in fibered based PSOCT. By tackling 

these interrelated limitations through system-level solutions, the work advances OCT 

technology toward a more versatile, high-performance imaging platform capable of 

structural, angiographic, and birefringence-based functional imaging in real time. 

In Chapter 2, we introduced a multi-channel delay sampling method to overcome the 

depth limitations inherent in high-speed SS-OCT systems. By splitting the analog 

interference signal into two time-delayed channels and calibrating their phase 

relationship in k-space, we effectively doubled the axial imaging depth from 18 mm to 

36 mm without altering the k-clock trigger or reducing system speed. This technique 

provides a scalable solution for extending imaging range in swept-source systems 

constrained by digitizer bandwidth or k-clock resolution. 

In Chapter 3, we addressed the issue of nonlinear phase distortion and spatial warping 

that occur in high-speed, wide-field OCT imaging due to the finite analog bandwidth 

and dispersion in electronic components. We introduced the concept of electrical 
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dispersion, characterized its effects, and proposed a global k-space compensation 

strategy. In addition, we developed a vector field-based distortion correction algorithm 

to restore geometric accuracy in large-area scans. These innovations improve both 

spectral linearity and spatial fidelity, as demonstrated in volumetric imaging of the 

anterior oral cavity. 

Chapter 4 focused on improving imaging quality across uneven or highly contoured 

surfaces, such as dental arches or facial skin. In these regions, fixed optical focus and 

depth of field often result in degraded signal-to-noise ratio and image sharpness at the 

periphery of the scan. To address this, we implemented an adaptive contour tracking 

and scanning method, which integrates a real-time surface profiling algorithm with an 

electrically tunable lens and an adjustable optical delay line. This strategy dynamically 

maintains focus and optimal imaging conditions throughout the entire scan, thereby 

enhancing both structural and OCTA image consistency. 

In Chapter 5, we extended the imaging capabilities of the system to include 

polarization-sensitive OCT using a single-input fiber-based configuration. A key 

challenge in this setup is maintaining a stable incident state of polarization, especially 

during wide-field or handheld imaging. To solve this, we developed a real-time surface 

Stokes vector feedback mechanism, which continuously monitors the back-reflected 

polarization state and actively compensates for SOP fluctuations. This innovation 

enables stable circular polarization delivery, facilitating robust birefringence imaging 

across complex sample geometries and extended scan areas. 
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Collectively, the methods developed in this thesis enable an OCT system that 

operates at 600 kHz A-line rate, delivers a ~ 42 × 42 mm² lateral field of view, achieves 

36 mm axial imaging depth, and supports multi-modal imaging including structural 

OCT, angiography, and birefringence mapping. Each component of the system has been 

validated through ex vivo and in vivo imaging studies, with a focus on oral cavity 

applications. The combination of hardware advances, optical calibration, and 

algorithmic correction contributes to a robust and flexible high speed functinal OCT 

framework suitable for clinical translation. 

6.2 Future Perspectives 

While this thesis establishes a high-speed, long-range, wide-field, and functionally 

capable OCT system, several technical and translational aspects remain to be explored 

to further enhance its performance, robustness, and clinical applicability. To meet the 

demands of real-time clinical use, further acceleration of data processing and 

visualization is critical. One promising direction is the implementation of GPU-based 

real-time volume reconstruction. Leveraging parallel computing can significantly 

reduce the computational bottleneck associated with large 3D OCT/OCTF datasets, 

particularly under high-speed acquisition protocols [193]. 

Another important direction is the integration of 3D stereo vision and robotic arm 

systems with the OCT scanning apparatus[194,195]. In the current adaptive scanning 

strategy, the imaging range is constrained by the OCT pre-scan capabilities and the 

mechanical limits of the manual scanning interface. By incorporating a 3D structured-
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light or stereo vision system, it becomes possible to obtain global surface contour 

information over a much larger field. This data can then be used to guide a robotic arm 

equipped with the OCT probe, enabling intelligent path planning and optimized probe 

positioning relative to complex or irregular anatomical structures. Such a system would 

significantly extend the effective working distance and imaging coverage of the OCT 

system, allowing adaptive scanning to be performed over full facial surfaces, intraoral 

regions, or other anatomically challenging areas with improved precision and 

repeatability. 

In addition, the current system architecture trades off spatial resolution for imaging 

range and field of view. To mitigate this compromise, deep learning-based super-

resolution techniques could be introduced. These approaches can reconstruct fine 

structural details from undersampled or resolution-limited OCT volumes, potentially 

recovering detail lost during high-speed scanning or under large field configurations 

[196,197]. 

To facilitate the clinical translation of the proposed OCT system, expanded in vivo 

studies are essential to evaluate the system’s performance across a range of clinically 

relevant use cases. Applications such as periodontitis assessment, where changes in 

gingival thickness, vascularity, and connective tissue birefringence are critical 

diagnostic markers, represent ideal targets for high-resolution, functional OCT. 

Similarly, anterior segment imaging of the eye can benefit from the system’s speed and 

non-contact design, enabling detailed visualization of the cornea, iris, and iridocorneal 

angle for glaucoma screening or pre-surgical evaluation. 
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To enable broader clinical adoption, future work should also explore the integration 

of ultracompact optical and electronic components, including MEMS scanners, 

miniaturized optics, and fiber-coupled detection. These developments would support 

the creation of portable or handheld OCT probes, which are particularly suited for 

intraoral, dermatological, and point-of-care imaging scenarios. Handheld operation 

would also be facilitated by the system’s real-time processing capabilities and SOP 

stabilization features. 

Moreover, combining the OCT system with machine vision and robotic arm 

technologies offers a pathway to fully automated or semi-automated scanning, 

particularly in intraoperative or image-guided surgical environments. The integration of 

robotic arms with real-time stereo or structured-light vision systems can enable 

intelligent probe placement, adaptive trajectory control, and repeatable, operator-

independent scans over large or complex anatomical surfaces. Such a combination 

would be especially useful in guided interventions involving the oral cavity, craniofacial 

regions, or orthopedic procedures. 

Lastly, the system’s high A-line rate opens new opportunities for visualizing 

dynamic biological processes. One compelling application is the volumetric imaging of 

the trabecular meshwork in the anterior eye, a critical structure involved in aqueous 

humor drainage. By capturing volumetric datasets at high speed, it becomes feasible to 

monitor the biomechanical motion of the trabecular meshwork in response to 
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physiological pressure fluctuations or pharmacological interventions, offering new 

insights into glaucoma pathogenesis and treatment efficacy. 
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