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Abstract 

Optical coherence tomography (OCT) is a non-invasive imaging modality that 

uses low coherence interferometry to generate three-dimensional datasets of a sample’s 

structure. OCT has found tremendous clinical applications in imaging the retina and has 

demonstrated great utility in the diagnosis of various retinal diseases. However, such 

diagnoses rely upon the ability to observe abnormalities in the structure of the retina 

caused by pathology.  By the time an ocular disease has progressed to the point of 

affecting the morphology of the retina, irreversible vision loss in the eye may already 

occur. Changes in the functionality of the tissue often precede changes to the structure. 

Thus, if imaging methods are developed to provide additional functional information 

about the behavior and response of the retinal tissue and vasculature, earlier treatment 

for disease may be prescribed, thus preserving vision for the patient.  

Within the last decade, significant technological advances in OCT systems have 

enabled high-speed and high sensitivity image acquisition using either spectral domain 

OCT (SDOCT) or swept-source OCT (SSOCT) configurations. Such systems use Fourier 

processing to extract structural information of a sample from interferometric principles. 

But such systems also have access to the optical phase information, which allows for 

functional analysis of sample dynamics. This dissertation details the development and 

application of methods using both intensity and phase information as a tool for studying 
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interesting biological phenomena. The goal of this work is an extension of techniques to 

image the vasculature in the retina and enhance the clinical utility of OCT. 

I first outline basic theory necessary for understanding the principles of OCT. I 

then describe OCT phase imaging in cellular applications as a demonstration of the 

ability of OCT to provide functional information on biological dynamics. Phase imaging 

methods suffer from an artifact known as phase wrapping, and I have developed a 

software technique to overcome this problem in OCT, thus extending its usefulness in 

providing quantitative information. I characterize the limitations in measuring moving 

scatterers with Doppler OCT in both SDOCT and SSOCT system. I also show the ability 

to image the vasculature in the retina using variance imaging with a high-speed retinal 

imaging system and software based methods to correct for patient motion and create a 

widefield mosaic in an automated manner. Finally, future directions for this work are 

discussed.  

 

 



 

 

vi

Contents 

Abstract ......................................................................................................................................... iv 

List of Tables ................................................................................................................................. xi 

List of Figures .............................................................................................................................. xii 

1. Introduction ............................................................................................................................... 1 

1.1 Clinical Motivation for Functional Retinal Imaging .................................................... 1 

1.1.1 Overview of Clinical OCT Relevance ....................................................................... 1 

1.1.2 Review of Retinal Flow Studies ................................................................................. 3 

1.1.2.1 Fundus Photography ............................................................................................... 4 

1.1.2.2 Angiography Techniques ........................................................................................ 5 

1.1.2.3 Adaptive Optics Methods ....................................................................................... 6 

1.1.2.4 Laser Doppler Techniques ...................................................................................... 7 

1.1.2.5 Laser Speckle Imaging ............................................................................................. 9 

1.1.2.6 Color Doppler Ultrasound .................................................................................... 10 

1.1.2.7 Blue Field Entoptic Method .................................................................................. 11 

1.1.2.8 Optical Coherence Tomography .......................................................................... 11 

1.2 Applications in Cellular Biology .................................................................................. 14 

1.3 Optical Coherence Tomography .................................................................................. 15 

1.3.1 Time Domain Optical Coherence Tomography .................................................... 16 

1.3.2 Fourier Domain Optical Coherence Tomography ................................................ 18 

1.3.3 OCT Signal Information ........................................................................................... 22 



 

 

vii

1.4 Phase Imaging Artifacts ................................................................................................. 25 

1.4.1 Phase Wrapping ........................................................................................................ 25 

1.4.2 Fringe Washout .......................................................................................................... 27 

1.5 Specific Aims ................................................................................................................. 27 

2. Cellular Imaging and Applications ...................................................................................... 31 

2.1 Three-Dimensional Spectral Domain Phase Microscopy for Cardiomyocyte 
Imaging .................................................................................................................................. 32 

2.1.1 Cardiomyocyte Imaging Methods .......................................................................... 32 

2.1.1.1 Cell Preparation.................................................................................................. 32 

2.1.1.2 Three-dimensional SDPM System Design ...................................................... 33 

2.1.1.4 Data Acquisition Protocol ................................................................................. 34 

2.1.2 Cardiomyocyte Imaging Results ............................................................................. 36 

2.1.3 Discussion of Three-Dimensional SDPM ............................................................... 40 

2.2 Depth-Encoded SDPM for Dual Site Simultaneous Detection................................. 41 

2.2.1 DESDPM Theory ....................................................................................................... 42 

2.2.2 DESDPM System Description .................................................................................. 44 

2.2.3 Results and Discussion of DESDPM Experiments ............................................... 46 

2.2.3.1 Mirror Modulation Experiment ....................................................................... 46 

2.2.3.2 Chick Cardiomyocyte Imaging ........................................................................ 48 

2.2.4 Further Considerations of DESDPM ...................................................................... 52 

3. Synthetic Wavelength Phase Ambiguity Removal ............................................................ 55 

3.1 SDOCT Synthetic Wavelength Phase Unwrapping Theory ..................................... 59 



 

 

viii

3.1.1 SDOCT Interferometric Signal and Phase Wrapping ........................................... 59 

3.1.2 Synthetic Wavelength Phase Unwrapping ............................................................ 60 

3.1.3 Synthetic Wavelength Windowing and Noise Analysis ...................................... 63 

3.1.4 Noise Reduction ........................................................................................................ 68 

3.1.5 Algorithm Summary ................................................................................................. 69 

3.2 SDOCT Synthetic Wavelength Methods ..................................................................... 70 

3.3 Results of Synthetic Wavelength Phase Unwrapping ............................................... 72 

3.4 Conclusions ..................................................................................................................... 80 

4. Doppler Velocity Detection Limitations .............................................................................. 81 

4.1 Theory of Doppler Velocity Limitations ..................................................................... 84 

4.1.1 Minimum Detectable Velocity ................................................................................. 85 

4.1.2 Phase Wrapping Threshold Velocity ...................................................................... 86 

4.1.3 Fringe Washout Threshold Velocity ....................................................................... 87 

4.2 Methods for Doppler Limitation Experiments ........................................................... 93 

4.3 Results of Doppler Limitation Experiments ............................................................... 96 

4.4 Discussion of Doppler Limitation Results ................................................................ 101 

4.5 Conclusions ................................................................................................................... 105 

5. Transverse-Scanning Doppler OCT ................................................................................... 107 

5.1 Angle-Insensitive Flow Measurements ..................................................................... 108 

5.2 Transverse-Scanning OCT Methods .......................................................................... 111 

5.2.1 Description of TSOCT Principles .......................................................................... 111 

5.2.2 Doppler TS-OCT Processing .................................................................................. 113 



 

 

ix

5.2.3 DTS-OCT System Description ............................................................................... 115 

5.3 DTS-OCT Results .......................................................................................................... 117 

5.4 Conclusions ................................................................................................................... 120 

6. Non-Rigid Registration for Motion Artifact Removal in Retinal Vascular Imaging 
Using OCT.................................................................................................................................. 122 

6.1 Methods ......................................................................................................................... 125 

6.1.1 System Description .................................................................................................. 125 

6.1.2 Image Registration Algorithm ............................................................................... 128 

6.1.2.1 Data Acquisition ............................................................................................... 130 

6.1.2.2 Motion Detection and Image Sub-Division .................................................. 131 

6.1.2.3 Gabor Filtering ................................................................................................. 132 

6.1.2.4 Global Registration .......................................................................................... 134 

6.1.2.5 Local Optimization .......................................................................................... 136 

6.1.2.6 Composite Image Generation ......................................................................... 138 

6.1.3 Widefield Mosaicing ............................................................................................... 139 

6.1.3.1 Data Acquisition and Initial Motion Correction .......................................... 139 

6.1.3.2 Global Registration .......................................................................................... 140 

6.1.3.3 Local Registration ............................................................................................ 141 

6.1.3.4 Mosaic Generation ........................................................................................... 141 

6.2 Image Registration Results .......................................................................................... 141 

6.3 Discussion ...................................................................................................................... 148 

6.4 Conclusions ................................................................................................................... 151 



 

 

x

7. Imaging of Macular Telangiectasia Patients Using Variance OCT ................................ 152 

7.1 Methods ......................................................................................................................... 153 

7.2 Results ............................................................................................................................ 155 

7.3 Discussion ...................................................................................................................... 158 

7.4 Conclusions ................................................................................................................... 160 

8. Conclusions ............................................................................................................................ 161 

References .................................................................................................................................. 163 

Biography ................................................................................................................................... 181 



 

 

xi

List of Tables 

Table 1: Summary of Doppler OCT velocity detection limits ............................................... 92 

 

 



 

 

xii

List of Figures 

Figure 1: Michelson interferometer setup used in a time-domain OCT setup.. ................. 17 

Figure 2: Results of TDOCT data acquisition and processing .............................................. 18 

Figure 3: Implementations of FDOCT ...................................................................................... 20 

Figure 4: Basic signal detection process in FDOCT ................................................................ 21 

Figure 5 : Phase wrapping example ......................................................................................... 26 

Figure 6: SDPM microscope for cellular imaging. .................................................................. 35 

Figure 7: SDPM Microscope components ................................................................................ 35 

Figure 8: Bright field image of a rat cardiomyocyte ............................................................... 36 

Figure 9: Cross-sectional image of a beating cardiomyocyte ................................................ 37 

Figure 10: En face view of a depth slice of a beating cardiomyocyte .................................. 38 

Figure 11: Montage of phase B-scans acquired from a beating cardiomyocyte ................. 39 

Figure 12: Phase plots of axial motions in cells....................................................................... 40 

Figure 13: Design schematics for DESDPM validation .......................................................... 45 

Figure 14: Piezo actuator characterization. ............................................................................. 46 

Figure 15: Piezoelectric mirror motion validation of DESDPM ........................................... 48 

Figure 16: DESDPM of beating cardiomyocytes. .................................................................... 50 

Figure 17: Synthetic wavelength unwrapping procedure ..................................................... 61 

Figure 18: Effects of window separation ................................................................................. 68 

Figure 19: SDPM system schematic .......................................................................................... 71 

Figure 20: Phase map from a step target .................................................................................. 75 



 

 

xiii

Figure 21: Smoothing of synthetic wavelength phase map .................................................. 76 

Figure 22: Phase images of human epithelial cheek cells ...................................................... 79 

Figure 23: Theoretical predictions for velocity limitations of Doppler OCT systems ....... 91 

Figure 24: Schematics of spectrometer-based and swept-source systems .......................... 96 

Figure 25: Doppler phantom experiment results comparing flow velocity ....................... 99 

Figure 26: Retinal data acquired from the optic nerve region of the left eye ................... 100 

Figure 27: Axial shift correction of SSOCT Doppler image by velocity interpolation .... 103 

Figure 28: Illustration of the angle-independent flow principle ........................................ 110 

Figure 29: TS-OCT conceptual system ................................................................................... 113 

Figure 30: TS-OCT Doppler processing ................................................................................. 114 

Figure 31: TS-OCT system design schematic ........................................................................ 116 

Figure 32: DTS-OCT data on an intralipid phantom. .......................................................... 119 

Figure 33: DTS-OCT using phase information from the ST-FTs. ....................................... 120 

Figure 34: System schematic of SSOCT retinal scanner. ...................................................... 126 

Figure 35: Example of layer specific angiography ............................................................... 127 

Figure 36: Example of retinal motion artifacts in speckle variance OCT datasets ........... 130 

Figure 37: Example of image sub-division ............................................................................ 132 

Figure 38: Example of Gabor filtering on speckle variance image of retinal vessels. ..... 134 

Figure 39: Examples of image registration process .............................................................. 136 

Figure 40: Diagram of image processing algorithm. ............................................................ 139 

Figure 41: Registration result from subject 1. ........................................................................ 143 

Figure 42: Enlarged view of images in Figure 40. ................................................................ 144 



 

 

xiv

Figure 43: Registration results from a second subject .......................................................... 144 

Figure 44: Enlarged view of images in Figure 43. ................................................................ 145 

Figure 45: Widefield mosaic of the ganglion cell plexus ..................................................... 146 

Figure 46: Widefield mosaic of the superficial capillary plexus ......................................... 147 

Figure 47: Widefield mosaic of the deep capillary plexus .................................................. 147 

Figure 48: Widefield mosaic of retinal layers showing a color encoded depth ............... 148 

Figure 49: OCT data from an 84-year-old MacTel patient. ................................................. 157 

Figure 50: SVPs for retinal layers in a MacTel patient ......................................................... 158 

 

 



 

 

1

1. Introduction 

1.1 Clinical Motivation for Functional Retinal Imaging 

1.1.1 Overview of Clinical OCT Relevance 

The retina is composed of intricate neural tissue that functions as an extension of 

the brain. Complex metabolic processes are required to nourish the cells involved in 

processing light information into neural signals for transmission to the brain. The retina 

is composed of about ten distinct layers, each with different cells involved in processing 

visual signals. Two different circulatory systems provide the various layers with the 

necessary nutrients. The inner retina is fed by the retinal vasculature, while the outer 

retina is supplied by the choroidal vasculature. Vessels range in diameter from small 

capillaries (~ 5 μm) to large arteries and veins (~200 μm). Blood flow velocity can range 

from several millimeters per second in the smaller vessels [1] up to ~30 centimeters per 

second for the ophthalmic artery [2].  

Changes in hemodynamics may be indicative of retinal pathologies [3]. Changes 

in blood flow and vessel diameter can accompany the onset of diseases such as 

glaucoma [4], diabetic retinopathy [5], age-related macular degeneration [6], and retinitis 

pigmentosa [7]. Various types of retinopathies can lead to ischemia, edema, or 

neovascularization [8]. This in turn causes impairment of the functionality of the retinal 

cells, potentially leading to blindness. Because these effects are often difficult to detect 
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and diagnose early in patients, irreversible vision loss may occur by the time treatment 

can be prescribed. The ability to measure blood flow holds potential promise as an 

important diagnostic technique for identifying retinal disease early in its onset.  

There are currently a broad range of techniques to monitor the functionality of 

the retina [3, 9]. Methods such as fluorescein angiography and indocyanine green video 

angiography allow for visualization of vasculature function and development in the 

retina but require the injection of dyes into the patient’s blood stream, potentially 

causing irritating side effects. Electroretinography (ERG) is an established method for 

monitoring the electrical response of neural tissue to a visual stimulus but requires the 

use of contact electrodes and lacks spatial resolution, even with multi-focal ERG. Laser 

Doppler velocimetry can non-invasively measure blood flow velocities in the retina, but 

lacks depth resolution. Ultrasound color Doppler imaging provides depth-resolved 

images of the retina and can measure flow velocities. However, ultrasound can only be 

used to image larger vessels due to the technique’s low resolution in the eye. 

Optical coherence tomography (OCT) [10] is a relatively new imaging modality 

that is finding increasing use in ophthalmology, even becoming a standard diagnostic 

tool. OCT holds potential as a non-invasive, high speed imaging method for obtaining 

functional information about retinal blood flow for use in medical diagnosis. This work 

will seek to advance the capabilities of optical imaging for monitoring blood flow and 
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vasculature development in the retina by developing OCT technology and applying it to 

retinal imaging. 

1.1.2 Review of Retinal Flow Studies 

 The posterior portion of the eye possesses an intricate vascular system to meet 

the high metabolic demands of the retina [11]. The ophthalmic artery transports blood 

from the internal carotid artery towards to eye. The central retinal artery branches from 

the ophthalmic artery to move blood to the optic nerve in order to feed the inner retina 

while posterior ciliary arteries branch to provide the choroidal circulation. The major 

arteries and veins transporting blood to and from the inner retina stem from the optic 

nerve and branch to form smaller arterioles, venules, and finally capillaries that perfuse 

the inner retinal tissue. 

There has been significant interest in measuring blood flow and visualizing the 

vasculature the retina, as possible correlations may exist between blood flow and disease 

states. Total retinal blood flow is a measure of the amount of blood flowing into and out 

of the inner retina and holds potential as a quantitative measure for the health of the 

retina. Angiography describes the visualization of the vessels, allowing for observation 

of areas of perfusion by the vasculature. Typically, angiography methods provide only 

qualitative information of the blood flow but allow for visualization of the capillary 
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beds. Total retinal flow measurements are quantitative and typically measure flow in the 

largest retinal vessels, but provide no information on local areas of perfusion. 

A number of techniques have been used to study blood flow of the retina, each 

with certain advantages and disadvantages. A brief review of methods to study retinal 

blood flow is covered here, and more detail about the techniques and relevant clinical 

studies can be found in Schmetterer, et al. [5], Flammer, et al. [4], and Pournaras et al. 

[12].  

1.1.2.1 Fundus Photography 

Fundus photography of the retina has been one of the main clinical methods 

used to image and observe any abnormal morphology of the retinal surface. In relation 

to retinal blood flow, fundus photography has primarily been used to measure the 

diameter of vessels while other techniques are used to provide quantitative information 

about the velocity of blood. Fundus imaging has become a clinical standard, and 

systems such as the Zeiss Retinal Vessel Analyzer have helped to ease the measurement 

of vessel dimensions [13]. 

The Retinal Function Imager (RFI) uses a high resolution fundus system that uses 

stroboscopic illumination to take rapid images of the retina and image red blood cells as 

they move over time [14]. By illuminating the retina with green light, red blood cells 

appear dark and may be followed from one image to the next as they move through the 
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vessels. RFI uses no exogenous contrast agents and is capable of measuring blood 

velocities in all but the smallest of capillaries. It is also possible to measure the diameter 

of each vessel to enable the calculation of the local flow rate, though this does not appear 

to have yet been implemented. However, RFI cannot resolve the location of the vessels 

in depth and is very sensitive to motion of the patient caused by heart beats. 

Furthermore, the RFI is unable to measure velocities faster than ~20 mm/s, and thus 

cannot measure flow rates in the larger vessels. On the other hand, the capillaries are 

also beyond the resolution limit of the system and also pose a problem for imaging. 

1.1.2.2 Angiography Techniques 

One of the most common forms for clinical imaging of the retinal vasculature 

involves the injection of fluorescent dyes into the patient’s blood stream. As the dye 

travels to the retina, images of the fluorescence can provide high resolution images of 

the vessels. Both fluorescein [15] and indocyanine green [16] angiography have proven 

useful for visualization of vessels in the retina and choroid, respectively, and are used 

routinely for clinical diagnosis. Though typically a qualitative form of imaging, 

techniques employing time-based imaging of dye perfusion have been used to provide 

quantitative data. By observing the time required for the dye to pass through the arteries 

and to return through the veins, the average retinal circulation time may be calculated, 

which is related to the inverse of the blood velocity in those vessels. Both fundus video 
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recordings [17] and scanning laser ophthalmoscopy (SLO) [18, 19] techniques have been 

used to perform such measurements. However, a number of difficulties exist with this 

method [5] . The first involves the requirement of injecting a patient with the fluorescent 

dye, which may cause some discomfort and has a risk, though small, of causing an 

allergic reaction in the subject. Problems with the dye leaking in patients with diseased 

eyes may affect its rate of passage through the vessels, thus affecting the calculation of 

retinal circulation time. Assumptions regarding whether the blood from one artery is 

completely drained by its corresponding vein may also be inaccurate. Furthermore, 

difficulties in correlating the change in circulation time to changes in blood flow also 

exist as the velocity is not calculated directly. 

1.1.2.3 Adaptive Optics Methods 

Adaptive optics (AO) uses deformable mirrors to alter the wavefront of light 

used in retinal imaging to compensate for ocular aberrations, thus resulting in a higher 

resolution image of the retina with the capability of visualizing the rods and cones of the 

photoreceptor layer [20]. There have also been demonstrations of performing 

angiography imaging without the need for exogenous contrast. Adaptive optics SLO 

(AOSLO) has been used to imaging single blood cells moving through blood vessels, 

allowing for velocity calculation based on the distance the cell moves per frame [21]. By 

measuring the diameter of the blood vessel, the flow rate can also be computed [22]. 
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AOSLO has also been used to compare changes in the velocity profiles through a vessel 

during the pulsatility cycle [23]. AO has also been used with standard fundus imaging to 

provide high resolution capillary maps of the retina by observing changes caused by the 

motion of blood cells from one frame to the next [24]. One of the challenges with using 

adaptive optics is that only a small field of view (~1-2°) can be imaged, thus limiting the 

ability to measure blood flow to the inner retina or requiring large amounts of imaging 

time and data to build up a mosaic. Furthermore, SLO images are not depth-resolved 

and cannot distinguish vessels in different layers of the retina. AO setups also require 

additional hardware and more complex optical design, which can result in an 

impractical system to use in a clinical setting. 

1.1.2.4 Laser Doppler Techniques 

One of the main, noninvasive, quantitative techniques used to study total retinal 

flow in the past has been laser Doppler velocimetry (LDV). The method involves 

illuminating a blood vessel with coherent light and detected the spectrum of 

backscattered light. Moving scatterers, such as blood cells, generate a frequency shift in 

the power spectrum of the reflected light that is linearly related to their velocity, 

allowing for a direct measurement of the Doppler shift caused by blood flow. The 

maximum detected frequency shift provides a way to measure the centerline velocity of 

the vessel under interrogation. Combining this method with fundus photography to 
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measure the diameters of the vessels allows for calculation of blood flow. One problem 

with LDV is its inability to distinguish the depth of the vessel in tissue. Furthermore, 

LDV is unable to determine the velocity profile within a given vessel, as only the 

centerline velocity is measured. This may prevent accurate assessment of the flow rate. 

LDV also provides no information on the structure of the tissue or geometry of the blood 

vessels and must rely upon other imaging methods for this information. The consistency 

of the results of LDV may vary with the exact measurement methodology used. Studies 

using LDV have shown total retinal blood flow in normal retina to have average blood 

flows varying from 20 – 90 μl//min [1, 25, 26]. The large variability in the measurements 

may have resulted from differences in the techniques used as well as the difficult in 

ascertaining the cross-sectional area of the vessels measured.  

Laser Doppler flowmetry (LDF) is similar to LDV, but provides a method to 

measure changes in blood flow, rather than just the velocity. By using coherent light to 

illuminate an area of the retina away from major blood vessels, flow information from 

capillaries may be determined. Light from the illuminated region is randomly scattered 

and impinges against blood cells in the surrounding vessels from different directions. 

The light that is then scattered from the blood vessels is detected along a different 

optical path from the illumination beam. The power spectrum of the detected 

backscattered light undergoes broadening based on the blood volume of the vessel 
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under interrogation. Using scattering theory and measuring the average Doppler shift of 

the power spectrum (as opposed to simply using the maximum frequency shift as in 

Doppler velocimetry) calculations of the blood flow can be made in relative units [27]. 

Scanning techniques may be used to extend LDF measurements to different areas of the 

retina, such as with the Heidelberg retina flowmeter. However, this method only 

provides a relative measure of the blood flow in response to various types of stimuli [28] 

or in comparison to relative changes across different subjects [29]. Thus, LDF cannot 

provide absolute measurements of blood flow. LDF, like LDV, cannot distinguish 

vessels in different retinal layers. 

1.1.2.5 Laser Speckle Imaging 

Scattering from coherent illumination results in a speckle pattern due to 

interference from wavefronts scattered from a rough surface. Motion of the scatterers 

within the spot size of the imaging beam causes fluctuations in the speckle pattern. The 

rate of the fluctuations of this laser speckle can be correlated to the velocity of moving 

particles. Laser speckle imaging has been used to detect blood velocities in the 

microcirculation of rabbits [30] as well as the optic nerve [31]. However, laser speckle 

does not directly measure the velocity of moving scatterers and must infer the velocity 

based on the blurring of the speckle pattern over time. Speckle imaging also cannot 
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measure the dimensions of the vessels, thus preventing calculation of the flow without 

the aid of other techniques. 

1.1.2.6 Color Doppler Ultrasound 

Color Doppler imaging (CDI) with ultrasound can provide quantitative 

measurements of blood velocities [32]. The penetration capability of ultrasound allows 

imaging of the ophthalmic artery behind the eye. CDI is able to measure the blood vessel 

over the pulsatility cycle of a heart beat at this major vessel. By measuring the peak 

systolic and diastolic velocities, the resistance index may be calculated as a measure of 

the vascular resistance. Blood flow through a vessel is determined by the perfusion 

pressure through the vessel as well as the vascular resistance. Although the vascular 

resistance cannot be measured directly, the resistance index may be an indicator of the 

vascular resistance, and hence the blood flow. However, a significant disadvantage is 

that color Doppler ultrasound provides no direct quantitative measurement of the vessel 

diameters, preventing quantification of the blood flow. Furthermore, it is unclear 

whether resistance index is a useful indicator of blood flow [33]. While advances have 

been made for improved resolution [34], ultrasound is still limited to imaging only the 

largest vessels, usually the ophthalmic artery and the central retinal artery, thus limiting 

its use for imaging vessels in the retina. However, the greater penetration depth 



 

 

11

afforded by ultrasound could provide useful information for imaging the large vessels 

located behind the eye. 

1.1.2.7 Blue Field Entoptic Method 

The blue field entoptic phenomenon describes the ability to observe moving 

corpuscles, assumed to be leukocytes, in the eye when the retina is illuminated by 

diffuse blue light. As subjects observe the movement of these corpuscles, a computer 

screen simulating moving objects at varying velocities is also shown, and the patient is 

asked to match the speed of the moving object with the speed of the moving leukocytes 

in their vision [35, 36]. The velocity of the leukocytes, and therefore the blood velocity, 

may be determined. However, this technique is somewhat subjective, as the velocity 

calculation depends upon the patient’s ability to correctly match the speed of the 

corpuscles with a simulated moving particle on a screen. This results in large variability 

in the measurements [37], limiting its usefulness as a clinical tool. Furthermore, the 

assumption that leukocyte velocity directly correlates to blood velocity may not be true, 

especially in the presence of pathology. 

1.1.2.8 Optical Coherence Tomography 

Although OCT has proven tremendously useful in the clinic for diagnosing 

retinal pathologies based on changes to the structure and morphology of the tissue, 

additional clinical value may be gained from analysis of the blood flow and perfusion of 
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the retina. Doppler OCT provides the ability to obtain quantitative information about 

the speed and direction of blood flow in vessels. Furthermore, recent developments in 

imaging techniques within OCT have enabled angiographic imaging of the microvessels 

to provide vasculature maps similar to fluorescein angiography. Doppler OCT grants 

the ability to measure the 3-dimensional shape of each vessel and to quantify the 

velocity of blood without the need for exogenous contrast agents or additional imaging 

modalities. This gives OCT a distinct advantage for measuring total retinal flow as well 

as vascular perfusion over other techniques. 

Wang, et al. first demonstrated the ability to use OCT to measure total retinal 

blood flow [38] by collecting a Doppler OCT volume over the optic nervehead region. 

The total retinal flow in normal subjects was found to be on the order of 40 μl/min using 

OCT. The collection of a Doppler volume with standard clinical systems (20-50 kHz) 

requires a significant amount of imaging time during which patient motion artifacts are 

likely to corrupt the data. Thus, a technique using 2 circular B-scans to bisect all major 

vessels from the optic nerve was developed to decrease the imaging time [39, 40]. An 

initial study using this method in patients with proliferative diabetic retinopathy 

showed a reduced total retinal flow, although only 2 diabetic subjects were used [41]. 

Larger scale studies on patients with glaucoma, diabetic retinopathy, vein occlusions, 

and optic neuropathy also showed reduced total retinal flow compared to normal 



 

 

13

patients [42, 43]. These findings contrast some previous results using other methods that 

correlated a higher retinal flow in diabetics [44-46]. However, other studies are in 

agreement [47], illustrating the difficulty in correlating quantitative total retinal flow 

measurements to clinical value. Differences in the methods used to quantify blood flow 

have also contributed to the confusion as well as differences in the type of diabetes 

under study. However, the 3-dimensional imaging ability of OCT holds promise as a 

method to both obtain quantitative velocity information as well as structural 

information needed to ascertain the physical dimensions of each vessel and compute the 

flow rate.  

One of the challenges with using Doppler OCT to quantify blood flow is that the 

measurement of the Doppler angle is difficult. An angle independent method for 

measuring blood flow was demonstrated by Srinivasan, et al. [48] in rat cerebral cortex 

using a method similar to that of surface integration of velocity vectors used in 

ultrasound [49]. The method was then demonstrated in human retina using a high speed 

imaging system [50] as well as rat retina using a novel technique to measure the 

pulsatility in each vessel by taking repeated rapid volumes over a single vessel [51]. 

Adaptive optics has also been used with OCT to provide capillary level imaging [52, 53]. 

High speed OCT systems have also demonstrated the ability to visualize the capillary 

beds in the retina without the use of adaptive optics [54-56]. These new techniques may 
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aid in increasing the ability to acquire quantitative information on total retinal flow and 

in the detection of retinal pathologies. 

1.2 Applications in Cellular Biology 

Phase-based microscopy has enabled observation and measurement of biological 

processes and dynamics occurring on a sub-wavelength scale. The idea of using phase 

microscopy to enhance image contrast has existed since the early twentieth century. 

Phase contrast [57, 58] and differential interference contrast microscopy [59] are long-

standing techniques that convert the phase changes of light passing through a sample 

into intensity changes, thereby allowing for visualization of transparent objects. These 

techniques have dramatically changed the field of cellular imaging, in which many 

samples of interest, while thin and optically transparent, lack the intrinsic contrast 

necessary for bright field visualization of internal structures. Such objects alter the phase 

of reflected or transmitted light based on local changes in the optical path length (either 

due to differences in the refractive index or the physical path length). While these early 

phase microscopy techniques enabled qualitative observations of underlying sample 

structure, they were unable to provide quantitative information due to the non-linear 

relations between the phase and intensity changes. 

In recent years, there has been considerable interest in developing quantitative 

phase imaging modalities for application in cellular imaging. Phase shifting 
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interferometry [60], digital holography [61, 62], Fourier phase microscopy [63, 64], 

Hilbert phase microscopy [65], and diffraction phase microscopy [66] have all 

demonstrated the ability to translate phase changes into quantitative optical path length 

changes that arise due to either index of refraction or thickness changes throughout a 

given sample. Phase-sensitive derivatives of OCT have also been used for quantitative 

phase imaging. OCT is an imaging modality that uses low-coherence interferometry to 

generate depth-resolved, reflectivity maps of a given sample [10]. This technique has 

most often been used for imaging the scattering structure of biological samples to 

provide morphological data [67, 68]. However, phase maps corresponding to minute 

changes in refractive index of the tissue medium or the position of sample scatterers 

may also be extracted from the interferometric signal generated during OCT imaging. 

Thus, OCT also holds an important place in basic science research through its ability to 

sense cellular dynamics that are spatially resolved in three dimensions.  

1.3 Optical Coherence Tomography 

OCT is an imaging modality that uses low coherence interferometry to 

reconstruct the structure of a sample under interrogation in three dimensions. OCT was 

developed in the early 1990s [10] with the first generation of systems known as time 

domain OCT (TDOCT). The next decade saw the demonstration of the speed and 

sensitivity advantage of Fourier domain systems (FDOCT) [69-71], which are classed as 
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either spectral domain OCT (SDOCT) or swept-source OCT (SSOCT). This section will 

introduce the relevant background and theory for the principles of OCT as well as the 

differences among the different sub-types of systems. 

1.3.1 Time Domain Optical Coherence Tomography 

A typical OCT setup is shown in Figure 1using a standard Michelson 

interferometer configuration. Light from a broadband source is split (generally in a 50:50 

ratio) between a reference arm containing a mirror and a sample arm. The light reflected 

from each arm recombines at the beam splitter and generates an interference pattern at 

the detector. Due to the low-coherence nature of the source, interference for a given 

sample reflector is observable only when the optical path length between the reference 

and sample arms are matched to within the coherence length of the source (i.e., 

coherence gating). A one-dimensional, depth-resolved reflectivity profile of the structure 

(e.g., position of optical interfaces) of the sample may be generated either by axially 

scanning the reference mirror, as in time-domain OCT (TDOCT), or through Fourier 

processing of a spectrally encoded interference signal (also called an interferogram), as 

in Fourier domain OCT (FDOCT). Coherence gating, therefore, provides the ability to 

resolve sample structure along the axis of the incident probing beam; the reflectivity 

profile thus created is known as an A-scan. The sample beam may be scanned laterally 

across the sample to build a two-dimensional image (B-scan) or a three-dimensional 
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volume dataset. Time domain and Fourier domain systems represent the two major 

subdivisions of OCT systems. The processing methods for TDOCT are detailed in Figure 

2. 

 

Figure 1: Michelson interferometer setup used in a time-domain OCT setup. 

Major components consist of a broadband light source, beamsplitter, reference arm 

with a modulating retroreflector, sample arm, and detector arm. The processing 

scheme for the 3 layered sample shown here is presented in Figure 2. 
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Figure 2: Results of TDOCT data acquisition and processing from Figure 1. 

The interference signal is collected over time as a function of the reference mirror 

position. A fringe burst pattern results when the optical path length of the reference 

arm matches that of light reflected from each of the three distinct sample layers.  

Software processing yields the envelope of each fringe burst, showing the locations of 

the three reflective interfaces as a depth-resolved reflectivity profile of the sample. 

The dashed lines indicate the geometrical distance between each reflector. The 

detected profile (blue trace) shows the optical path length difference between each 

surface, which differs from the geometrical distance according to the index of 

refraction of each layer. The full-width at half maximum of each peak gives the axial 

resolution of the system, determined by the source bandwidth. 

1.3.2 Fourier Domain Optical Coherence Tomography 

In contrast to TDOCT, Fourier domain optical coherence tomography (FDOCT) 

employs the same Michelson interferometer setup but uses a stationary reference mirror 

to encode the depth information of a given sample as a function of wavenumber. Two 

different implementations of FDOCT have been developed: spectral domain OCT 

(SDOCT) and swept-source OCT (SSOCT), diagramed in Figure 3. A broadband source 

along with a spectrometer are used in the former case, and a tunable wavelength swept 

source and photodiode detector are used in the latter. FDOCT implementations have 

been demonstrated to have a sensitivity advantage of at least 20 dB over TDOCT 
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systems and also can achieve faster data acquisition rates [69-71]. The example in Figure 

3 shows the imaging configuration for a sample with three distinct layers, as before; 

Figure 4 shows the basic method for signal detection and processing. 

In FDOCT, the interferogram is sampled as a function of the wavenumber of the 

source. Spectrometer-based systems typically sample linearly in wavelength, but 

processing is used to convert the wavelength sampling into samples that are linearly 

spaced in wavenumber. A few groups have demonstrated spectrometer designs and 

swept-source systems that directly sample linearly in wavenumber [72, 73]. The 

frequency of the interference pattern varies with the path length mismatch between the 

reference and sample arms. The detected spectral interferogram is a summation of 

interference patterns generated by photons backscattered from each sample reflector 

and mixed with light from the reference mirror (i.e., the interference patterns of all 

samples in depth for a given wavenumber overlap). Fourier transformation of the signal 

yields information about the reflectivity strength and position of each scatterer and can 

be used to obtain a reflectivity map of sample scatterers. A large peak centered at zero 

path length difference is generated by non-interfering light reflected from the reference 

arm and sample reflectors. This constant peak, known as the DC peak, is collocated with 

the position of the reference mirror. The position of each individual reflector is thus 
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shifted away from DC by the optical path difference between the reference mirror and 

sample reflector.  

As seen in Figure 4, Fourier processing of the resulting interferogram yields a 

twin-sided image of the sample structure with identical structural features occurring 

both on the negative and positive sides of DC. This is because the detected signal is real-

valued, so the Fourier transform operation results in an artifact profile (known as the 

complex conjugate) on the opposite side of the DC peak from the real position of the 

sample scatterer. It is possible to ignore this artifact by confining the sample structure to 

one side of the DC peak, though a scattering profile sufficiently extensive in depth may 

necessitate the use of techniques to remove the complex conjugate image [74-78]. Such 

methods are collectively known as complex conjugate resolution techniques. 

 

Figure 3: Implementations of FDOCT. (A) SDOCT setup using a broadband 

source and spectrometer-based detection. (B) SSOCT setup with a narrow linewidth 

wavelength swept-source and photodiode detector. The same two-layer sample as in 

Figure 1 is presented. 
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Figure 4: Basic signal detection process in FDOCT.  Each distinct sample 

reflector generates an interference pattern that overlays the source spectrum. The 

frequency of the interference fringes increases with the optical path length mismatch 

between the reference and sample arms. The detected spectral interferogram is the 

summation of the interference patterns generated from each sample reflector. Taking 

the magnitude of the Fourier transform of the interferogram yields a depth-resolved 

A-scan. A large peak centered at zero path length difference, known as the DC peak, 

results from non-interfering photons. Because the detected interferogram is real-

valued, the Fourier transform results in a complex conjugate artifact, or mirror image 

of each reflector on the opposite side of the DC peak. Using only half of the A-scan 

profile yields the same information as in TDOCT. Black dashed lines indicate 

geometrical positions of each reflector relative to DC. The blue profile shows the 

detected reflector positions, which are shifted from those in black due to differences 

in the index of refraction of each layer. 
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1.3.3 OCT Signal Information 

In FDOCT, the interferogram is sampled as a function of the wavenumber of the 

source yielding a detected signal given by 

 

 
{ }))(2cos()(

2

1
)( xxknRRRRkkSki SRSR ∆+++= δρ .    (1.1) 

 
where S(k) is the spectral density of the source, ρ is the detector responsivity, δk is the 

wavenumber spacing per detector pixel, RR and RS are the reference and sample 

reflectivities, respectively, n is the index of refraction, and x+Δx is the distance between 

the reference and sample reflectors.  Here, x accounts for the discrete sampling of the 

detector in the spatial-domain while Δx represents sub-resolution differences in the 

sample position from x [79]. The first two terms in Eq. 1.1 are so-called “DC terms” that 

are mapped to the position of the reference reflector while the third term contains the 

interferometric data of interest in OCT and SDPM. Taking the Fourier transform of Eq. 

1.1 and ignoring the DC terms yields a depth-dependent reflectivity profile of the 

sample, known as an A-scan, with peaks located at ±2nx.  These peaks can be described 

as 
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where S is the total source power, Δt is the detector integration time, e is the electronic 

charge, E(2nx) is the coherence envelope function, j is the imaginary number, and ko is 

the center wavenumber of the source. The phase of the detected signal during the jth 

measurement can be used to track sub-wavelength deviations in the sample with respect 

to a reference phase measurement, ϕo. These deviations are related to the detected phase 

by 

 n
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where Δx is the sub-resolution feature of the sample reflector, λo is the center 

wavelength of the source, Δϕ = ϕj  - ϕo, the difference between the jth measurement and 

a reference phase, and m is an integer number of half wavelengths. A factor of two in the 

denominator accounts for the double pass in the optical path length due to the reflection 

geometry of the optical setup traditionally used in FDOCT. It should be noted that the 

phase reference may be a point in time or a spatial location. 

The movement of scatterers in OCT can cause detectable shifts in the 

interferometric signal, corresponding to a Doppler frequency shift. These frequency 

shifts manifest as measurable phase shifts after Fourier transformation of the detected 

interferogram. By taking the difference between two phase measurements in time and 

dividing by the time in between acquisitions, the instantaneous velocity, v(t), of a sample 
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reflector at that position can be measured [79, 80]. The detected phase change results 

from the component of the scatterer velocity along the direction of the probing beam. If 

the angle of the velocity vector of the scatterer and the probing beam is known, v(t) is 

given by  

 TT
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where θ is the Doppler angle between the optical axis and the direction of scatterer 

motion, T is the integration time, and the index j indicates the jth measurement in time.  

The factor Δϕ/T is the slope of the phase between sequential measurements and is 

related to the Doppler shift frequency, fDopp, as 
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 The sensitivity of the Doppler measurement depends upon phase stability.  The 

lower velocity limit is determined by [79] 
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where φδ
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is the phase stability, measured as the standard deviation of the phase over 

time, and SNR is the signal to noise ratio of a given reflector. The upper limit of 

unambiguously measurable velocities is determined by the phase wrapping condition 

[74]  
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which is caused by a phase shift of π between sequential A-scans. Should the velocity 

exceed this limit, phase wrapping occurs, giving an ambiguous measurement. Large 

velocities may also cause fringe washout, a condition where signal is lost due to an 

averaging out of the interferometric fringes over the period of the integration time of the 

detector. This condition results in a total loss of information about the scatterer.   

There have been recent demonstrations of the abilities of Doppler OCT to image blood 

flow in the human retina [38, 41, 74, 81-83]. Clinical applications have included 

quantification of total retinal blood flow [38] as well as autoregulation [74]. Additionally, 

other methods for measuring blood flow have been developed that utilize either speckle 

variance [84, 85] or frequency power spectra [86-88] methods. Novel scanning 

procedures have also been shown to enable higher sensitivity to slow flows [89, 90]. The 

work presented here seeks to further explore the possibilities of using Doppler OCT as a 

functional imaging tool in the retina. 

1.4 Phase Imaging Artifacts 

1.4.1 Phase Wrapping 

All phase imaging modalities suffer from phase wrapping artifacts. The phase in 

the OCT signal is linearly related to the sample motion over time. However, the 

measured phase is limited to a range of [–π, +π). Phase wrapping occurs when a change 
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in phase between consecutive measurements is such that the absolute phase change falls 

outside this range and thus yields an ambiguous result, as illustrated in Figure 5. OCT 

typically operates in a reflection geometry, so changes in a sample reflector’s position 

greater than half of the source center wavelength will induce phase wrapping. Software 

implementations for phase unwrapping have been used in OCT, but are complex and 

computationally intensive [91]. A technique to resolve the 2π ambiguity in low 

coherence interferometery used a dispersion imbalance in the sample arm and 

polarization effects to simultaneously detect two interferograms from different lateral 

locations on a sample. This method required two spectrometer channels as well as 

additional polarization optics which add complexity to the optical setup. 

 

Figure 5 : Phase wrapping example. Detectable bandwidth is shifted to be [0, 

2π] for this illustration. (A) A linearly sloped profile would appear as a sawtooth form 

in the detected phase during imaging. (B) A profile with sharp transitions would 

create an ambiguously wrapped phase profile. 
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1.4.2 Fringe Washout 

Another problem occurs when imaging vessels containing fast moving scatterers. 

While phase wrapping occurs when the phase shift between sequential A-scans exceeds 

π, fringe washout ultimately determines the upper limit of the measurable velocity from 

a given sample. A moving sample with a sufficiently high velocity will cause a loss in 

SNR [92, 93], which in turn degrades the phase noise of the system. This “fringe 

washout” effect results from the integration of the interferometric signal over the line 

acquisition time of the detector in OCT. Rapidly moving scatterers will cause the 

interference fringes to average out to the same value across detector pixels, thus 

reducing the visibility of the sinusoidal oscillations in Eq. 1.1. This effect limits the 

ability of Doppler OCT to image high velocity flows. 

1.5 Specific Aims 

The goal of this work centers on developing functional methods for retinal 

imaging using optical coherence tomography. The specific aims are as follows: 

 

Specific Aim 1: Develop a method to overcome phase imaging artifacts in OCT 

Because the detected phase used in Doppler OCT is limited to be within [-π,+π), 

phase wrapping artifacts can prevent accurate assessment of blood flow in vasculature. 

Imaging with a longer wavelength can avoid phase wrapping, and a long synthetic 
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wavelength can be generated using the information from the broadband OCT spectrum 

to mitigate phase wrapping artifacts. A processing technique using a synthetically 

generated longer wavelength from the OCT spectrum will be developed. This method 

can be implemented through software processing, so it is applicable to any standard 

OCT system for conditions where phase wrapping is problematic. Using the synthetic 

wavelength will not require any modification to existing hardware setups or data 

acquisition protocol. 

 

Specific Aim 2: Develop an OCT imaging system capable of imaging high speed flow 

While the synthetic wavelength method developed in Aim 1 can allow for robust 

phase unwrapping, high speed imaging is still required for visualization of the fastest 

blood flow velocities to avoid fringe washout of the signal. Additionally, high speed 

imaging will reduce the effects of bulk sample motion, which is present when imaging in 

vivo specimens. A swept-source system will be developed along with a standard OCT 

microscope to demonstrate this capability to enable unambiguous velocity 

measurements of high speed flow. The high speed system will be applied to imaging of 

the retina. 
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Specific Aim 3: Develop a novel method to image retinal blood flow 

 One of the potential clinical applications for Doppler OCT involves detecting the 

blood flow in the arteries and veins stemming from the optic nerve as a measurement of 

the total amount of blood flowing into and out of the inner retina. By taking either 

volumes or circular B-scans around the optic nerve, cross-sections of all major vessels 

can be acquired, and thus the total blood flow entering and leaving the inner retina may 

be calculated. One of the problems with total retinal flow calculations is the 

measurement of the Doppler angle, in which even slightly erroneous estimates of the 

imaging angle can greatly affect the measured flow rate. A system that is capable of 

measuring the flow rate of moving scatterers independent of the imaging angle will be 

developed for applications of imaging total flow. 

 

Specific Aim 4: Develop a method to correct for motion artifacts in retinal 

microvascular imaging 

 Imaging the capillaries in the retina may yield information about the health of 

the tissue, as areas of neovascularization or that lack of perfusion may be detected. 

Recent advances in OCT techniques have enabled capillary level imaging similar to 

fluorescein angiography. However, patient motion during acquisition of an OCT 

volume results in artifacts that can make interpretation of microvascular images 
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difficult. A system capable of imaging the microvasculature in the retina will be 

developed along with processing methods to correct for subject motion artifacts. 
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2. Cellular Imaging and Applications 

One of the benefits of using FDOCT systems is that the phase information from 

the sample is acquired along with the amplitude, although the phase is typically ignored 

in standard OCT methods for imaging sample structure. Because the optical phase is 

related to changes in optical path length or index of refraction within the sample, the 

phase may be used as a functional measure for sub-resolution sample dynamics. In 

interferometric techniques, such as OCT, phase changes arise due to differences in 

optical path length between the sample and reference beams. The two separate optical 

arms used in the standard OCT system design often result in large phase drifts due to 

uncoupled motion between the reference mirror and the sample. An offshoot of FDOCT 

that uses a common path geometry for the sample and reference beams known as 

spectral domain phase microscopy (SDPM) [94, 95] was developed. By placing the 

sample of interest on a glass coverslip, the bottom surface of the coverslip serves as the 

reference reflection. Since sample and reference photons travel along the same path, 

phase noise caused by mechanical jitter is common mode and provides a very stable 

phase imaging system, which has a demonstrated sensitivity as low as 53 pm [94]. Thus, 

sub-pixel resolution of the axial motions of a sample may be detected. The demonstrated 

exquisite sensitivity, which is less than an atomic length, is achieved by effectively 

averaging the motions of all scatterers within an image voxel. This method was 
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developed primarily for cellular imaging, and the work in this chapter details my 

contributions to advance this technique.  

2.1 Three-Dimensional Spectral Domain Phase Microscopy for 
Cardiomyocyte Imaging 

 Previous work with SDPM showed the ability to detect cellular dynamics at a 

single sample point or along a two-dimensional cross-section [79, 96]. However, 

acquiring phase information over an entire volume of the sample is desirable. I worked 

to develop and demonstrate the ability to use gated acquisition to image the beating 

pattern of rat cardiomyocytes using SDPM. 

2.1.1 Cardiomyocyte Imaging Methods 

2.1.1.1 Cell Preparation 

Cardiomyocytes were obtained by the following procedure. The heart of an 

anesthetized and decapitated rat was placed in a depolarizing solution at 4°C for 15 

minutes. The aorta was perfused through a cannula with Ca+2 free Ringer solution for 1-2 

minutes. The supernatant was removed and replaced with an enzymatic solution in 3-5 

minute intervals. The cell suspensions were filtered into either a low sodium or 

depolarizing nutrient solution. Cells were typically imaged within 24 hours of harvest, 

although the depolarizing solution allowed cells to remain viable for several days. 

The cell chamber consisted of a cell culture dish with a glass coverslip attached to 

the bottom. The bottom of the glass dish was coated with Alcian blue dye, which served 
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to adhere the cells to the coverslip surface. Cells were washed with Ringer’s solution 

prior to imaging to remove excess dye and cells that did not attach to the coverslip. The 

stimulus chamber was placed on a temperature controlled microscope stage during 

imaging to maintain the cells at 37°C. Platinum wire stimulus electrodes were placed 

around the culture dish and connected to a custom stimulus generator that applied 0.5 

Hz pulses of 5-20 V lasting 10 ms to induce regular beating of the cardiomyocytes. 

2.1.1.2 Three-dimensional SDPM System Design 

 The optical design of the SDPM microscope is shown in Figure 6. A common 

path imaging geometry was implemented here. The source was a Ti:Saph mode locked 

laser (Femto Lasers) with λ0 = 780 nm and Δλ = 70 nm. A 2x1 fiber coupler fed light into 

the sample arm optics, which were composed of a pair of scanning galvo mirrors and 

lenses. The light was sent into the side port the inverted microscope (Zeiss, Axiovert 

200) and coupled into the sample path. For imaging, a 20x objective was used with a 

lateral resolution of 2 μm. The axial resolution of the system was 4 μm. The inverted 

microscope also had an additional port with a CCD camera (Pixelink A642) to allow for 

brightfield visualization of the sample. An linescan CCD (Atmel, 2048 pixel) was used 

for detection of the OCT signal with a maximum linerate of 20 kHz. The cells of interest 

were placed in a custom cell chamber with a glass coverslip on the bottom. The 

reflection from the bottom surface of the coverslip served as the reference reflector. The 
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top coverslip surface was anti-reflection coated (Guernsey Coating Labs, R < 0.25%) to 

reduce the backscattered signal from the interface and to reduce phase corruption 

artifacts that can arise from strong reflectors that are close to the sample of interest [97].  

2.1.1.4 Data Acquisition Protocol 

During a volume acquisition, multiple B-scans were acquired at each position 

along the slow scan axis. This allowed for the capture of the entire contractility cycle of 

the cell at each B-scan location. With the assumption that each contraction event was 

similar to the preceding contractions, a three-dimensional image of the cell could be 

reconstructed. Frames consisting of 120 A-scans/B-scan with a 160 μs integration time 

were acquired with 100 B-scans at each of 25 discrete location along the slow scan axis. 

Each B-scan also contained an additional 5 inactive A-scans during the flyback period of 

the galvo scanner. Each sequence of 100 B-scans thus required 2 seconds of imaging 

time. The electrical stimulus was applied almost 1 sec after the start of each sequence of 

100 B-scans in order to capture the entire contractile cycle. Bioptigen software was used 

to control the acquisition. Figure 7 shows the electrical and optical components of the 

system design.  
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Figure 6: SDPM microscope for cellular imaging. 

 

 

Figure 7: SDPM Microscope components. Electrical and optical signal paths 

are shown. 



 

 

36

2.1.2 Cardiomyocyte Imaging Results 

 Figure 8 shows a bright field image of an isolated cardiomyocyte with the 

direction of acquisition of a B-scan shown. The phase at each point in a B-scan sequence 

of 100 frames was compared to the initial phase at the start of the sequence. Figure 9 and 

Figure 10 show cross-sectional and en face frames from a beating cardiomyocyte at 

different points in the contractile cycle. The images show a large change in the cellular 

phase midway through the acquisition period, but no change in signal in areas around 

the cell, including the coverslip surface. The middle column in Figure 9 shows 

magnitude and phase B-scans at a location 9.4 μm from the edge of the cell while that of 

Figure 10 shows C-scans at a depth 9.5 μm from the coverslip surface.  

 

Figure 8: Bright field image of a rat cardiomyocyte. Arrow indicates the 

orientation of B-scans that were acquired across the volume of the cell.  

A temporal montage of sequentially acquired B-scans is shown in Figure 11. The 

changes in phase indicate the axial motion at each point throughout the cell in response 

to the stimulus-induced contraction. The cell can be seen returning to its starting state 
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towards the end of the frame sequence. Figure 12 shows phase plots indicating axial 

motion in a different cell due to the stimulus. In Figure 12(B), points on opposite ends of 

the cell appear to move in opposite directions. This may have occurred if one side of the 

cell was not adhered to the coverslip surface. In Figure 12(D), locations in the cell further 

from the coverslip surface appear to undergo larger motion. This was expected, as the 

portions of the cell that are adhered to the surface would have restricted motion.  

 

Figure 9: Cross-sectional image of a beating cardiomyocyte. Inset in top left 

shows location of frames displayed relative to the sample. Top row shows magnitude 

B-scans of the cell. Rows 2-4 show phase images of the beating cell with each row 

showing a different point in time. The left and right columns show locations on either 

side of the cell for reference. The cell reached a peak displacement at 1.02 sec of the 

acquisition during the contractile cycle. 
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Figure 10: En face view of a depth slice of a beating cardiomyocyte. Inset in top 

left shows location of frames displayed relative to the sample. Top row shows 

magnitude C-scans. Rows 2-4 show phase images of the beating cell with each row 

showing a different point in time. The left and right columns show locations of the 

coverslip and above the cell, respectively, for reference. The cell reached a peak 

displacement at 1.02 sec of the acquisition during the contractile cycle. No phase 

changes were seen at the coverslip surface, as expected. 
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Figure 11: Montage of phase B-scans acquired from a beating cardiomyocyte. 

The numbers indicate the time of the acquisition of the first frame in each row. Each 

frame from left to right was acquired 20 ms after the previous frame. 
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Figure 12: Phase plots of axial motions in cells. (A) Bright field image of the 

cardiomyocytes. The imaged cell has black, blue, and red dots corresponding to the 

location of the data plotted in (B). (B) Phase plots showing the axial motion at 

different lateral locations at a depth of 6 μm away from the coverslip surface. (C) 

Cross-sectional B-scan of the cell. The red vertical line shows the location of the data 

plotted in (D). (D) Phase plots showing the changes in optical path length in the cell 

at points of various distances from the coverslip surface. 

2.1.3 Discussion of Three-Dimensional SDPM 

The gated acquisition technique developed here allowed for axial phase changes 

in a cellular sample to be obtained over a three-dimensional volume. This method was 

used due to the slow rate of data acquisition of the system. In recent years, there have 

been many demonstrations of high speed systems with acquisition rates of hundreds of 

kilohertz or even up to megahertz linerates [98-100]. Such systems would alleviate the 
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need to use gated acquisition as they could potential acquire an entire volume of the cell 

with sufficient time sampling. A single Bscan in this experiment required 20 ms of 

imaging time. Acquiring an entire volume in the same amount of time would be possible 

with a 150 kHz system, assuming adequate power was used to obtain a high SNR.  

A key assumption was the consistency of the cellular response over time across 

multiple B-scans and stimulus pulses. It is possible that repeated stimulation may 

induce different responses over time. Furthermore, a single B-scan also requires 20 ms, 

and dynamics that occur on shorter time scales may not be observable. Faster imaging 

systems can help to overcome these problems.  

This study demonstrated the feasibility of using SDPM to monitor small scale 

sample dynamics that might be of interest to cellular biologists. SDPM provides the 

ability to localize in depth any detected motion, which is a distinct advantage over other 

phase based cellular imaging techniques. Although SDPM lacks the resolution to resolve 

sub-cellular organelles, its ability to provide quantitative information about sample 

dynamics can be useful for studying cellular response in pharmacokinetics or basic 

biology research.  

2.2 Depth-Encoded SDPM for Dual Site Simultaneous Detection 

While SDPM was developed as a technique to monitor cellular sample dynamics, 

rapidly occurring phenomena, such as neural conduction, is difficult to measure due to 
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the high speed of action potential propagation. Multi-dimensional SDPM is limited by 

the scan rate of the mirrors used in the sample arm optics. Other techniques devised to 

provide full field [101] or linear illumination [102] may be limited by phase stability or 

imaging speed due to the use of 2D detectors. In order to overcome these limitations, we 

describe an extension of SDPM which depth-encodes multiple SDPM signals through 

the use of distinct common-path sample arms. The use of multiple reference surface 

locations in SDOCT has been explored previously to extend the maximum imaging 

depth [103-105]. In this section, I describe work to develop depth-encoded SDPM 

(DESDPM) in which common path data from more than one sample arm are 

multiplexed for acquisition within the maximum imaging depth of a single A-scan. This 

provides instantaneous acquisition at two or more laterally displaced sample sites, 

limited only by the acquisition rate of the detector, with the displacement sensitivity of 

SDPM.  Due to the sensitivity of the phase measurement, sub-coherence length changes 

in the optical path length along the axial dimension may be monitored simultaneously at 

each distinct sampling location.  

2.2.1 DESDPM Theory 

The DESDPM system is a modified SDOCT system that uses a beamsplitter to 

divide light from the sample arm fiber into two sample paths to be focused at two 

laterally separated locations, each with a common path reference reflection. With a 
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sufficiently large total pathlength difference between the two sample arms, cross-

correlation signals between reflectors in the two paths are positioned outside the 

bandwidth of the detector. Hence, ignoring DC components, the interferometric signal 

for two reflectors that are pathlength-matched to separate reference reflections is given 

by: 

( )))](2cos())(2cos()(~)( 222222111111 SRSSRSRSSR zzknRRzzknRRkSki δδ +∆++∆ −− .   (2.1) 

S(k) is the spectral power density of the source, RR1 and RR2 are the reference 

reflectivities, RS1and RS2 are the reflectivities of the sample at the two locations of 

interrogation, n1 and n2 are the indices of refraction for each sample, k is the 

wavenumber, ΔzS1-R1 and ΔzS2-R2 represent the pathlength difference between each 

sample and its reference reflector, and δzS1 and δzS2 represent any sub-coherence length 

shifts in the position of each sample reflector which give rise to phase changes in the 

detected interferogram.   

The spacing between ΔzS1-R1 and ΔzS2-R2 can be tailored such that 

ShiftRSRS zzz +∆=∆ −− 1122  
where zShift is a fixed frequency shift based on the mismatch 

between the reference reflector positions in the two arms, as illustrated in Figure 13. The 

resultant signal, defined in Eq. (2.2), allows for an interferogram to be collected with 

distinct frequencies separating reflections from each sample arm during a single 

integration period of the detector:   
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( )))](2cos())(2cos()(~)( 211222111111 ShiftSRSSRSRSSR zzzknRRzzknRRkSki ++∆++∆ −− δδ .
      (2.2) 

This equation assumes that the sample in either arm will not return a reflectivity profile 

that covers the entire imaging depth and that zShift is small enough to avoid detector-

dependent signal falloff [106]. 

2.2.2 DESDPM System Description 

To demonstrate the ability of DESDPM to measure nm-scale optical path 

variations, two different systems were constructed; the first for use with a high-

reflectivity phantom and the second for biological measurements. In the first, a modified 

SDOCT system, shown in Figure 13(a), the reference arm was blocked and a 

beamsplitter in the sample arm was positioned to split light between two imaging arms, 

each with a microscope slide to serve as a reference reflection and a piezo-actuator 

mounted mirror to serve as the sample. The microscope slide surface closest to the 

mirror acted as the reference. Power in the first sample arm (here indicated as S1 to 

specify its depth position within one A-scan) was 0.18 mW, and power in the second 

sample arm (S2) was 0.37 mW.  The depth of focus of the objective lenses in each arm 

(~50 μm) eliminated the cross-correlation terms between the surfaces of the microscope 

slide. The spacing between S1 and S2 was chosen such that reflections from the two 

mirrors were separated in depth by 250 μm after Fourier transformation of each A-scan, 

as shown in Figure 13(b).  



 

 

45

 

Figure 13: Design schematics for DESDPM validation. (a) Schematic of the 

DESDPM setup. The spectrometer used a 2048 pixel, 20 kHz linescan CCD camera.  

SLD: superluminescent diode (λo = 841 nm, Δλ = 49 nm), L: lens, BS: beam splitter, M: 

mirror, MS: microscope slide for common path phase reference, PA: piezoelectric 

actuator, S1 and S2: sample arms, ΔzS1-R1 and  ΔzS2-R2 indicate pathlength differences 

between reference and sample reflectors in each arm. zShift indicates difference in 

reference reflector position in each arm relative to the mirrors. (b) A-scan showing the 

position of each mirror surface in a single depth reflectivity profile. (c) Alternate 

DESDPM sample arm setup for cellular imaging with a separate reference arm. CB: 

calcite block, WC: water cell to compensate for dispersion, GS: glass slide, Obj: 

microscope objective, CS: coverslip. The top coverslip surface served as a phase 

reference in this case. Cells were also illuminated by a bright field source and imaged 

onto a CCD camera in a transillumination setup.   
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The range of motion of the mirrors was characterized initially by measuring the 

maximum amplitude of the phase change caused by driving the mirrors at varying 

voltages with sinusoidal waveforms. Although non-linearities may affect piezo actuator 

motion, linear phase slopes of 35 nm/V and 39 nm/V were calculated for the two 

actuators over a range of driving voltages as shown in Figure 14.  

 

Figure 14: Piezo actuator characterization. The motion of mirrors mounted on 

the piezoactuators was measured as a function of the driving voltage. Both actuators 

used showed linear responses over the range of voltages tested at rates of 35 and 39 

nm/V.   

2.2.3 Results and Discussion of DESDPM Experiments 

2.2.3.1 Mirror Modulation Experiment 

By driving the two mirrors with a different waveform, it was possible to show 

that even nanometer-scale optical path length changes could be accurately and 

simultaneously measured at two lateral locations, as shown in Figure 15. S1 was driven 
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with a 100 Hz, 0.06 Vpp sinusoidal signal and S2 with a 80 Hz, 0.1 Vpp triangular 

waveform. The data in Figure 15(a) and Figure 15(c) were acquired synchronously from 

S1 and S2, and the measured phase signals were correlated to mirror positioning 

according to Eq. (2.1). During a second trial, large amplitude motion was measured 

using a 100 Hz, 8 Vpp sine wave at S1 and a 80 Hz, 9 Vpp triangle wave at S2 with the data 

shown in Figure 15(b) and (d). The measured mirror motion matched that expected 

based on actuator characterization. Hence, both large scale and very small scale sample 

motions could be measured simultaneously at laterally separated positions with good 

fidelity.  

The phase stability of the system was measured by applying a 0 V waveform to 

each actuator. A-scans consisting of the interference signals from S1 and S2 were 

recorded with an integration time of 100 μs for a total of 50 ms. Data lines were 

corrected for dispersion, interpolated from wavelength to wavenumber, and Fourier 

transformed. The phase was recorded as a function of time across A-scans at the location 

of each mirror surface. The minimum displacement was calculated from the standard 

deviation of the phase, which yielded 584 pm in S1 and 349 pm in S2. This discrepancy 

may be attributed to differences in power illuminating the sample in each arm as greater 

sample power increases SNR and improves the phase stability of the measurements [79]. 
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Figure 15: Piezoelectric mirror motion validation of DESDPM. (a, b) Data 

recorded from mirror motion at S1. (c, d) Recorded mirror motion at S2. Data in (a) 

and (c) were acquired synchronously with DESDPM. Data in (b) and (d) were 

acquired concurrently with each other.   

2.2.3.2 Chick Cardiomyocyte Imaging 

For cellular imaging, a second DESDPM setup was adapted for use with an 

inverted brightfield microscope (Zeiss Axiovert 200) as shown in Figure 13(c). A calcite 

block was used in the sample arm to split light into two separate beams according to 

their polarization states. The zshift between the two beams was adjusted by adding a glass 

slide to extend the optical pathlength in one of the sample arms. A 20x, 0.5 NA objective 

provided a ~2 μm spot size at the focal plane and ~4 μm depth of focus in air. A separate 
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reference arm was used to position each of the cross-correlation signals within the 

imaging depth range and to enable optimal beam focusing of both spots simultaneously 

in the sample plane. Spontaneously beating chick cardiomyocyte cells were prepared as 

previously described [96] and placed upon a glass coverslip. Their beating pattern was 

recorded using DESDPM with the top surface of the coverslip as a phase reference. A-

scans with an integration time of 1 ms were acquired over 10 seconds and processed as 

described above. The acquired phase data from the coverslip at each site was subtracted 

from the phase of the corresponding cell surface to eliminate common-mode noise. This 

self-referenced phase was then unwrapped manually over time by adding or subtracting 

integer multiples of 2π to smooth jump discontinuities. 
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Figure 16: DESDPM of beating cardiomyocytes. (a) Bright field images of 

multiple cell clusters. Arrows indicate locations at which DESDPM data was 

recorded. (b) DESDPM trace of spontaneously beating cell clusters one and two. 

Traces were acquired simultaneously and unwrapped manually. The cluster at site 

one was beating at 1.43 Hz, while the site two cluster was beating at 1.19 Hz. (c) 

DESDPM trace of cell clusters three and four. Cell cluster three was not beating while 

cluster four was beating at 1.68 Hz.   
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Simultaneous measurements of contractile motion from separated clusters of 

chick cardiomyocytes are shown in Figure 16.  Figure 16(a) shows a bright field image of 

multiple cell clusters. Figure 16(b) shows the motion profiles acquired in parallel from 

two distinct cell clusters with regular but unsynchronized beating patterns from sites 

labeled 1 and 2 in Figure 16(a). The cellular contractions generated axial motion within 

the imaged cell clusters of ~1 μm and occurred at rates of 1.43 Hz and 1.19 Hz at sites 1 

and 2 respectively. Figure 16(c) shows simultaneous phase traces from one cell cluster 

beating at 1.68 Hz and one non-beating cell cluster from sites 3 and 4. A drift in the 

baseline of cells at sites 3 and 4 can be observed. The cells were not attached to the 

coverslip surface and so may not have completely settled into position at the time of 

data recording. It is also possible that contractile motion could cause a shift in the 

position or structure of the cell group, resulting in drift of the baseline phase over time.  

Imaging cardiomyocyte cell clusters illustrates the potential of DESDPM to 

monitor dynamic activity of spatially separated cells simultaneously. Since each sample 

was composed of multiple atrial cells, the detected motion was an intricate summation 

of the motions of each individual contracting cell in the cluster. The phase changes 

generated by beating cells were well above the background noise level of non-beating 

clusters as seen in Figure 16(c). The beating patterns observed were similar to previous 

results [96] with cells contracting regularly at roughly 1-2 Hz. A further application of 
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dual-site DESDPM could allow measurements of nerve conduction velocity by 

concurrently sampling at 2 co-linear locations along the nerve and measuring changes in 

optical path length caused by neural activation [107]. The integration time used in this 

cell study would not be fast enough to resolve nervous activation and was limited by 

SNR considerations. The conduction velocity for the walking leg nerve in lobster has 

been reported as 8 m/s, or 0.8 cm/msec [108]. Thus, for a beam spacing of ~1 cm, a 1 kHz 

A-scan rate would be sufficient to observe the action potential propagation. The system 

used in this study has a maximum A-scan rate of 20 kHz, and faster OCT systems have 

become available in recent years [109, 110] which may facilitate the detection of fast 

action potential propagation. The system sensitivity could be increased either by using 

more sample power or a more efficient sample arm design. 

2.2.4 Further Considerations of DESDPM 

One problem in DESDPM is that the ability to multiplex distinct sample signals 

is limited by the imaging depth range of the detector. As in SDOCT, DESDPM suffers 

from the complex conjugate artifact due to Fourier transformation of a real valued 

interferogram, which limits the imaging depth to half of the full range. Complex 

conjugate resolution techniques allow for the recovery of the full depth [77]. This would 

allow for the placement of cross-correlation signals of interest closer to DC, which would 

reduce the effects of SNR falloff and improve phase stability. Also, the increased range 
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in depth would enable further multiplexing with additional sample beams. Extending 

the setup to multiple sample arms is possible through the use of additional 

beamsplitters. However, doing so reduces the amount of power at each site, which 

reduces the SNR from reflectors at each location. A more powerful source may be used 

to compensate for the reduction in power at each sample site. Using multiple sample 

beams will add to the complexity of the system and may provide additional difficulties 

in sample alignment. Further improvements in optical design could be made by using 

scanning optics to allow for sample interrogation over a larger lateral range as well as to 

aid alignment and placement of the beam foci on the sample of interest.     

The beam spacing is also determined by the sample arm optics. For the cellular 

study, the focal length of the objective lens yielded a beam spacing of 140 μm. Changing 

the NA of the objective accordingly adjusts the spacing between sample beams. A calcite 

block of different length may also be used to adjust the spacing of the beams. If a larger 

sample preparation is used, a beamsplitter with multiple objectives may be 

implemented to obtain a larger beam spacing. In this case, the physical dimensions of 

the optics place constraints on the minimum beam separation distance. Larger beam 

separation could be useful for imaging rapid changes across the length of the sample, as 

may occur in nervous tissue.   
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In summary, with DESDPM it is possible to record sub-coherence length sample 

dynamics at multiple lateral locations by depth multiplexing separate cross-correlation 

signals into a single A-scan. The presented results show the feasibility of performing 

multi-site phase measurements to obtain nanoscale displacement information from 

biological samples, and could be useful for monitoring fast cellular phenomena. 
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3. Synthetic Wavelength Phase Ambiguity Removal  

There has been much work in recent years to develop quantitative phase imaging 

techniques capable of detecting sub-wavelength dynamics in biological samples. 

Techniques such as phase contrast [57] and differential interference contrast 

microscopy[111] have been used to image transparent samples qualitatively by 

converting phase differences to intensity differences, but these methods suffer from a 

non-linear phase to amplitude conversion and thus do not directly provide quantitative 

data. Phase shifting interferometry [60], digital holography [61, 62], Fourier phase 

microscopy [63, 64], and Hilbert phase microscopy [65, 112] are interferometric 

techniques capable of detecting nanometer scale features in biological specimens. These 

quantitative methods have applications in the realm of cellular imaging due to their high 

sensitivity and use of intrinsic contrast agents but lack the ability to obtain depth-

resolved measurements from an optically thick sample. 

The development of Fourier-domain OCT (FDOCT), particularly spectrometer-

based spectral-domain systems with no moving parts (spectral-domain OCT or SDOCT), 

has greatly enhanced the phase stability of OCT systems due to improvements to the 

system SNR over time domain systems [69-71]. Common path implementations have 

given rise to a new class of functional, nanometer-scale sensitive quantitative phase 

microscopies termed spectral domain phase microscopy (SDPM) or spectral domain 
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optical coherence phase microscopy (SDOCPM) [94, 95], which have the advantage of 

being able to obtain depth–resolved information from a given sample with milliradian 

phase stability. 

In SDPM, phase information is obtained from Fourier processing as in standard 

SDOCT.  The phase of a given depth sample represents sub-coherence length changes in 

the optical path length through the sample as a function of time or a lateral dimension. 

Phase changes can be caused by changes in the sample refractive index, position of 

scattering objects, or both. SDPM is capable of producing depth-resolved phase maps 

measuring the motion of a dynamic sample throughout its volume. A common path 

geometry allows for cancellation of common mode noise, and such systems have 

experimental phase sensitivities as low as 53 picometers [94]. Common path systems 

have been used for lateral profiling of cells [95], and have also been used to study 

cytoplasmic streaming in Amoeba using Doppler flow[79], cytoskeletal rheology[113], 

and contractile motion of beating cardiomyocytes[96]. 

All the aforementioned phase imaging modalities suffer from phase wrapping 

artifacts. The phase in the OCT signal is linearly related to the sample motion over time.  

However, the measured phase is limited to a range of –π to +π. Phase wrapping occurs 

when a change in phase between consecutive measurements is such that the total phase 

change falls outside this range and thus yields an ambiguous result. SDPM operates in a 
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reflection geometry, so changes in a sample reflector’s position greater than half of the 

source center wavelength will induce phase wrapping. Software implementations for 

phase unwrapping have been used in SDPM, but are complex and computationally 

intensive [91, 95]. A technique to resolve the 2π ambiguity in low coherence 

interferometery used a dispersion imbalance in the sample arm and polarization effects 

to simultaneously detect two interferograms from different lateral locations on a sample 

[114]. This method required two spectrometer channels as well as additional 

polarization optics, which add complexity to the optical setup.   

The concept of using multiple wavelengths to obtain precise length 

measurements was first described by Tilford [115]. Use of two or three illuminating 

wavelengths to perform more robust phase unwrapping was first introduced in phase 

shifting interferometry [116] and has since been applied in digital holography [117-119] 

and phase imaging interference microscopy [120]. The difference in the phase 

information obtained at two or more wavelengths can be cast in terms of an equivalent 

phase that would be obtained at a longer synthetic wavelength, Λ, which is a function of 

each of the imaging wavelengths. This allows wrap-free measurements of changes in 

optical path length less than Λ/2, which can be significantly larger than any of the 

imaging wavelengths alone. A similar technique using a combination of low coherence 

and continuous wave sources was used to detect phase crossings in a Michelson 
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interferometer allowing for phase wrap removal [121]. These techniques require the use 

of multiple sources, which also complicate the optical setup. A similar technique in 

broadband interferometric confocal microscopy measured the group optical path delay 

through a sample by detecting relative phase changes between different wavelengths, 

allowing for measurement of the group refractive index while avoiding phase ambiguity 

[122]. 

This chapter presents the theoretical analysis and experimental verification of 

synthetic wavelength-based phase unwrapping in OCT. Synthetic wavelength phase 

unwrapping may be applied to OCT data and can correctly resolve sample motions that 

are larger than λo/2. Image processing in OCT uses the Fourier transform of a broadband 

spectrum. By windowing the signal spectrum before applying the Fourier transform, 

phase information at multiple center wavelengths may be obtained. A similar procedure 

to the multi-wavelength method previously used in other phase imaging modalities may 

then be applied for correct phase unwrapping, except that in OCT only a single source is 

needed due to the large spectral bandwidth used. Such a procedure could be applied to 

phase based implementations of OCT in both the Fourier or time domain including 

Doppler, common path, or other phase based implementations. 
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3.1 SDOCT Synthetic Wavelength Phase Unwrapping Theory 

3.1.1 SDOCT Interferometric Signal and Phase Wrapping 

For the case of a single reflector, the SD-OCT interferometric signal detected by a 

spectrometer as a function of wavenumber is given by 

 { }))(2cos()()( xxknRRRRkSki SRSR ∆+++∝    (3.1) 

where S(k) is the source spectral density, RR and Rs are the reference and sample 

reflectivities respectively, n is the index of refraction, and x+Δx is the distance between 

the reference and sample reflectors. x accounts for the discrete sampling of the detector 

in the x-domain while Δx represents subresolution changes in the sample position 

around x [79]. The first two terms in Eq. (3.1) represent DC terms while the third term 

contains the interferometric data of interest in OCT. Taking a Fourier transform of Eq. 

(3.1) and ignoring the DC terms yields a depth reflectivity profile of the sample, known 

as an A-scan, with peaks located at ±2nx. These peaks can be described as 

 )2exp()2()2( xnkjnxERRSnxI oSR ∆±=±   (3.2) 

in which S is the total source power, E(2nx) is the coherence envelope function, and ko is 

the source center wavenumber. The phase of the detected signal at time tj can be used to 

detect subresolution deviations in the sample with respect to the phase at a reference 

time, to. These deviations are related to the detected phase as 
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in which Δx is the subresolution motion of the sample reflector, λo is the center 

wavelength of the source, Δφ is the phase difference between times tj and to, and m is an 

integer number of half wavelengths. The factor of 2 in the denominator accounts for the 

double pass optical path length due to the reflection geometry of the optical setup used 

in SDOCT. 

A given phase value is not an absolute determination of Δx, but can potentially 

represent Δx plus any integer number of half wavelengths. Without a priori knowledge 

of the sample motion or structure, there is no way to know the exact value of m in Eq. 

(3.3), as any displacement that is a multiple of λo/2 will induce phase wrapping. If m = 

±1, simply adding or subtracting 2π to the phase can correctly unwrap the artifact. 

However, if |m| ≥ 2, it will be impossible to unwrap the phase using this simple method. 

A larger Δx may be correctly measured without phase wrapping if a larger λo is used.  

This is the basis for multi-wavelength unwrapping in other phase imaging modalities 

and will be applied here to OCT. 

3.1.2 Synthetic Wavelength Phase Unwrapping 

For two given wavelengths, λ1 and λ2, a longer synthetic wavelength Λ may be 

defined as  
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The synthetic wavelength has a corresponding synthetic phase, Δφsyn, that can be 

calculated by the difference of the phase measurements made at each of the two single 

wavelengths then adding 2π to the result whenever Δφsyn is less than zero [117].  Δφsyn is 

the phase one would obtain had Λ been the actual illumination wavelength used and 

thus allows for wrap-free phase measurements of a large Δx. Δφsyn may still suffer from 

phase wrapping if Λ is not chosen to be sufficiently large. It should also be noted that the 

noise level in the synthetic wavelength phase map suffers from noise magnification due 

to amplification by Λ, as is discussed in the next section.   

 

Figure 17: Synthetic wavelength unwrapping procedure using two Gaussian 

windows. The spectra have been linearly interpolated to even k spacing. 
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In OCT, λ1 and λ2 can correspond to the center wavelengths of two different 

subsets of the broadband source spectrum. The broadband spectrum acquired during 

SD-OCT imaging can be divided by applying Gaussian windows to different portions of 

the spectrum as shown in Figure 17. The spectrum is first interpolated to be evenly 

spaced in wavenumber. The DC components of the signal are isolated by applying a 

Fourier transform low pass filter. The raw spectrum is then divided by the DC spectrum 

which leaves the interferometric term from Eq. (3.1). The Gaussian windows are applied 

to the remaining interference signal. The resulting signals have the form 
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with k1 < k2 being the centers of the two Gaussian windows and Δk1 and Δk2 as their 

bandwidths. Though in principle the windows may be of any desirable shape, Gaussian 

windows offer a convenient spectral shaping tool due to their Fourier transform 

properties and for their ability to suppress sidelobe artifacts, allowing for separation of 

closely spaced reflectors [123, 124]. A side effect is that spectral reshaping also decreases 

the SNR in OCT images, which affects the phase stability as described in the following 

section. Applying the windows in the described manner allows the resulting spectra to 

be Gaussian shaped regardless of the form of the original spectrum. Performing a 

Fourier transform separately to the two windowed spectra yields two sets of phase 
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information, and this process allows the group optical path length to be measured from 

the difference of the observed phases. In order to determine the exact center 

wavelengths of the two resulting spectra, a center of mass calculation over each 

windowed spectrum was performed, which for Gaussian windows simply yields their 

respective center wavelengths. 

3.1.3 Synthetic Wavelength Windowing and Noise Analysis 

In the shot-noise limit, the phase sensitivity, δφ, of a reflector in an acquired OCT 

interferogram is given by [79] 

 2
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δϕ , (3.6)  

and the SNR is described as  
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where ρ(k) is the detector responsivity, S(k) is the spectral density function detected, Δt 

is the integration time, and e is the electronic charge [70]. The SNR used here is the SNR 

of the sample reflector of interest which determines the sensitivity of the phase 

measurement [94]. The phase sensitivity can be converted to a displacement sensitivity 

by combining Eq. (3.6) with Eq. (3.3) for m = 0 giving  
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Several important observations can be made regarding Eqs. (3.6), (3.7), and (3.8).  

δφ depends upon the integrated power at the detector, and δx is affected both by δφ and 

λo. Each of the two spectra produced by windowing has phase noise, δφ1 and δφ2, 

respectively. Because Δφsyn=φ1-φ2, the synthetic wavelength phase noise, δφsyn depends 

on a quadrature addition of the noise levels of each spectra. The noise of each of the two 

spectra is correlated according to the amount of overlap of the two windows, which can 

be described by their covariance. Thus, the synthetic wavelength has a phase noise given 

by 

 ),cov( 2
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where cov(δφ1,δφ2) is the covariance of the phase noise between the two spectra. As a 

first simple model for the covariance, we assume 
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in which a(k) is a function describing the amount of overlap of the two Gaussian 

windows described as 
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with β = (k1Δk2+k2Δk1) / (Δk1+Δk2)  being the point at which the two windows intersect.  

If it is assumed that Δk1 = Δk2, then as 1)(,0lim
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overlap of the two windows. In this case, δφsyn = 0 as cov(φ12,φ22)=φ12+φ22. If the two 

windows are greatly separated, a(k) = 0, indicating that δφsyn is equal to δφ1 and δφ2 

added in quadrature.   

Windowing the original spectrum reduces both the bandwidth and SNR. The 

SNR becomes 

 
e

dkekSkRkt
SNR

k

kk

s

2

)()()(
2

2
1 )(

∫ ∆

−

∆
=

ρ
 , (3.12) 

where the Gaussian in the integrand is centered at k1 and has a bandwidth of Δk. The 

SNR of the windowed spectrum is lower than that of the original spectrum. This 

effectively degrades δφsyn, and the reduced bandwidth results in a loss of axial resolution 

in each of the images generated from the windowing procedure. It is desirable to use 

broad windows to preserve the axial resolution. If the synthetic wavelength Λ were to 

replace λo in Eq. (3.8) and δφsyn replaced δφ, the synthetic wavelength displacement 

sensitivity, δxsyn, is given as 
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The maximum displacement in the sample that can be detected without phase 

wrapping is determined as 
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As 0lim
|| 21

→
−λλ

, Λ continuously increases. Larger displacements can be resolved by 

placing the two windows closer together. Doing so also increases the SNR of each 

windowed spectra by integrating over a larger area of the spectral density function.  

However, Eq. (3.13) reveals that δxsyn also scales with Λ. 

It is important to note the distinction between δφsyn and δxsyn in this analysis.  

δφsyn approaches 0 as the separation between the windows decreases because the 

synthetic phase is based upon the difference between the measured phases of each 

window. When the windows are completely overlapped, they possess complete 

correlation and thus their covariance is equal to the sum of their variances, which from 

Eq. (3.9) yields δφsyn = 0. However, δxsyn is not zero because Λ approaches ∞ in this case.  

For situations where window separation is large, Λ becomes small while δφsyn becomes 

large because the SNR of the windowed spectra degrades with increasing distance from 

the source center. Thus, Λ and δφsyn act to balance each other, keeping δxsyn non-zero and 

finite.    

These observations indicate that the optimal choice of window placement over 

the original spectrum is determined by balancing the separation of the windows about 

the source center such that Λ is sufficiently large to unwrap expected phase jumps and 

yet still maintains sufficient phase stability to keep δxsyn low. Figure 18 illustrates the 

results of this analysis. Experimental data is obtained from the surface of a glass 
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coverslip as described in the Methods section. Eq. (3.13) is plotted theoretically using Eq. 

(3.9) and the SNR dependent expressions to determine δφsyn. The measured SNR for the 

lower wavelength window decreased from 46.3 dB to 39.4 dB while that of the higher 

wavelength window decreased from 46.6 dB  to 43 dB as the wavelength separation 

increased. Because the power of the source was less concentrated for wavelengths far 

from the source center, the strength of the interference fringes was also reduced at these 

wavelengths. Experimentally, δφsyn is determined by the standard deviation of the Δφsyn 

measurements.   

Figure 18 shows that δxsyn increases (resolution degrades) as the two windows 

are moved very close together or very far apart. It is noted that both the independently 

measured displacement sensitivity and the SNR-calculated sensitivity follow the same 

general trend for windows that are separated by more than 20 nm. However, the 

theoretical model does not correctly predict the experimental trend of δxsyn for highly 

overlapped windows (|λ1 - λ2| < 20 nm) as δφsyn does not decrease fast enough to balance 

the rapid increase in Λ. The covariance model in Eqs. (3.10) and (3.11) could be an 

oversimplification of the process governing the effects of window overlap. 



 

 

68

 

Figure 18: Effects of window separation. Theoretical SNR based δxsyn is 

compared to experimentally measured δxsyn. The increase in δxsyn at large window 

separation (small Λ) is due to the SNR loss as the windows are moved further from 

the source center. At small window separation (large Λ), δxsyn also increases due to 

noise amplification by Λ. δxsyn is minimized when the SNR loss and Λ achieve a 

balance, which appears experimentally at a 50 nm window separation. 

Furthermore, it is critical that the coherence length for each of the resulting 

windows remains the same in order to ensure proper comparison of the phase at each 

pixel in depth. Because the synthetic wavelength method relies upon pixel to pixel 

comparisons between the two phase maps generated from windowing, differences in the 

coherence lengths can cause the location of a scatterer to shift resulting in errors in the 

synthetic phase measurement. 

3.1.4 Noise Reduction 

The noise level δφsyn can be reduced to that of δφo by using the synthetic 

wavelength image as a reference for correctly unwrapping the single wavelength image 
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[117, 120, 125]. After unwrapping using the synthetic wavelength method, the correct Δx 

in Eq. (3.3) is determined but contains a high level of noise. Simply dividing the 

synthetic wavelength result by an integer number of λo/2 allows for calculation of the 

appropriate value of m. This allows the data to be recast in terms of the source center 

wavelength.  The correctly unwrapped image has the same level of noise as is expected 

in the single wavelength case. However, areas of the image that possess noise levels of 

δx > λo/4 would cause a miscalculation of m resulting in spikes at these locations 

throughout the single wavelength corrected image. These spikes are within +/- 1 wrap 

and can be removed through a more simple unwrapping technique or filtering. 

3.1.5 Algorithm Summary 

The algorithm is summarized as follows:  

1. Acquire raw OCT spectrum 

2. Interpolate data to be evenly spaced in k. 

3. Perform FFT on data, low pass filter, then perform iFFT to obtain DC spectrum. 

4. Divide interpolated spectrum by DC spectrum. 

5. Apply two different Gaussian windows to resulting interference fringes. 

6. Perform FFT separately to each of the two newly formed spectra. 

7. Extract phase information from each FFT. 
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8. Subtract one phase dataset from the other and add 2π if the difference is less than 

zero.   

The resulting phase data will be unwrapped according to the synthetic 

wavelength. Conversion of the phase difference to a physical displacement 

measurement is obtained by substituting Λ and Δφsyn = φ1-φ2 into Eq. (3.3).  Reducing the 

level of noise in the image can then be accomplished by dividing the resulting 

displacement profile by an integer number of λo/2 and then adding the corresponding 

amount of wraps to the single wavelength data. 

3.2 SDOCT Synthetic Wavelength Methods 

The SDPM microscope shown in Figure 19 consisted of a fiber based Michelson 

interferometer with the sample arm inserted via a documentation port into an inverted 

microscope (Zeiss Axiovert 200). A mode locked Titanium-Sapphire laser (Femtolasers, 

Femtosource, λo ~ 790 nm Δλ ~ 70 nm) was used as the source with a measured axial 

resolution of 5.7 μm in air. The custom spectrometer contained a linescan CCD (Atmel, 

AVIVA, 2048 pixel, 19 kHz). The sample arm used two galvo mirrors to allow raster 

scanning of the sample. A microscope objective (Zeiss, 40x, 0.6 NA) focused light onto 

the sample giving a lateral resolution with a calculated diffraction limit of 1.6 μm. This 

objective was capable of resolving the smallest bars on a USAF test chart with 4.4 μm 

spacing per line pair (~ 2.2 μm per bar) in good agreement with the expected resolution. 
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Figure 19: SDPM system schematic. (L1, L2, L3): Imaging lenses. (TL): Tube 

lens. (CCD) PixleLinks camera used for bright field imaging. 

To analyze the effects of windowing on the noise of the synthetic wavelength 

image, a 150 μm thick glass coverslip was placed in the sample arm and 500 A-scans 

were acquired at a single point with 150 μs integration time per A-scan. Following the 

synthetic wavelength windowing procedure described above, dual Gaussian windows 

with 40 nm bandwidths were applied to each of the original spectra. The windows were 

equidistant from the source center. The synthetic phase was calculated by taking a 

difference of the phase measurements obtained from Fourier transformation of each pair 

of windows. This procedure was repeated for various values of Λ. The phase stability 

was measured experimentally by taking the standard deviation of δφsyn at the peak pixel 

location of the top coverslip surface in the A-scan profile. δxsyn was calculated using the 

measured phase stability in Eq. (3.13). Theoretically, the phase stability depends on the 
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SNR, which was calculated by taking the intensity at the A-scan peak squared divided 

by the variance of the noise floor over a region near the coverslip surface peak. The 

theoretical δxsyn was calculated by combining Eqs. (3.6), (3.9) and (3.13). Figure 18 shows 

the results of this analysis. 

3.3 Results of Synthetic Wavelength Phase Unwrapping 

An atomic force microscope (AFM) calibration grating (TZ011, Mikromasch Inc., 

~10 μm pitch, ~ 1.5 μm step height) was used to validate the synthetic wavelength 

technique. The grating was spaced 150 μm away from the coverslip surface to avoid 

phase corruption effects [97]. This caused a loss in signal due to the coverslip’s distance 

away from the axial focus. Calculating the loss of intensity for backscatterers away from 

the focal plane [126] revealed a loss in SNR of  -84 dB. Using Eq. (3.7), the theoretical 

sensitivity of our system for a perfect reflector may be calculated using ρ = 0.9 with 25 

mW power in the sample arm at 150 μs integration time, yielding 130 dB sensitivity.  

This allowed detection of reflectors beyond the depth of focus of our objective. 

We applied the synthetic wavelength unwrapping method to data obtained by 

laterally scanning the sample beam across the surface of the calibration step grating, 

which consisted of SiO2 steps coated with Si3N4 on a silicon wafer, to obtain a dataset 

consisting of 100x50 A-scans covering a 20 x 6 μm area with an integration time of 150 

μs. The 1.5 μm step height is roughly twice the center wavelength of the source and yet 



 

 

73

is less than its coherence length. Thus, the grating is expected to produce multiple 

wrapping artifacts in the phase data.   

The index of refraction for Si3N4 has a trivial complex component at 790 nm [127], 

implying normally incident light undergoes a π phase shift upon reflection. However, 

the index of refraction of silicon at 790 nm (n = 3.673 and k = 5x10-3 ) [127] could 

potentially cause a non-π phase shift in reflected light. The phase shift deviation from π 

for light incident upon a silicon surface from air may be describe as [128] 

 pSi −=∆ πϕ    (3.15) 
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where no=1 is the index of air, n1=3.673 is the real component of the index of silicon, and 

k1 = 5x10-3 is its imaginary index. The value of p was calculated to be less than 1 mrad, 

which is much less than the phase difference caused by the calibration grating step 

height (approximately 400 mrad at the synthetic wavelength). Thus, the difference in 

materials between the peaks and valleys on the grating was not expected to affect the 

phase measurement significantly.  

Figure 20(a) shows the raw, wrapped phase data obtained from the calibration 

step grating. Figure 20(b) shows results of the synthetic wavelength unwrapping. Two 

Gaussian windows were used with 50 nm bandwidths using Λ=41 μm. The phase of the 

peak pixel location in an A-scan corresponding to the peak surface of the grating for 
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each spectrum was used to calculate Δφsyn and yielded an SNR of 32.3 dB and 33.0 dB for 

the lower and higher wavelength windows respectively. The step height was measured 

by taking the difference of the average peaks and valley of the grating as outlined in 

Figure 20(b). The standard deviation over the valley indicated was 116 nm. The dual-

wavelength method correctly measures an average step height of 1.51 +/- 0.14 μm.  

Figure 20(c) shows a cross-sectional profile of the grating comparing the synthetic 

wavelength result with unwrapping performed by a simple one dimensional 2π 

addition/subtraction algorithm from Matlab. The Matlab algorithm only measures an 

average step height of 70 nm due to the method’s inability to correctly detect multiple 

wrapping. AFM profiling of the grating (Digital Instruments 3100, 0.5Å height 

resolution) measured an average step height of 1.52 μm. This confirms that using a 

synthetic wavelength can correctly unwrap a phase profile, even in the presence of 

multiply wrapped phase. Using values for Λ from 16.5 μm to 94.7 μm (|λ1-λ2| = 40 nm 

to 8 nm, respectively) yielded similar results for the measured step height. Using a 

smaller Λ resulted in underestimating the calculated step height, potentially due to 

errors in the phase measurement resulting from windowing the original spectral data far 

from the source center. 
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Figure 20: Phase map from a step target. (a) Raw, wrapped phase data from an 

AFM calibration step grating (b) Synthetic wavelength phase image of the grating.  

The step height was measured by taking the difference of the averages in the peak 

and valley regions indicated in the image. (c) Cross-sectional profile taken across the 

center of the grating comparing the synthetic wavelength unwrapping method with 

that of a simple unwrapping method from Matlab. 

Matlab uses a simple algorithm that unwraps the phase by searching for phase 

discontinuities along a one dimensional path. If the phase jump between two 

neighboring pixels in an image is greater than π or less than –π this is interpreted as a 

wrap, and 2π is subtracted or added to smooth the phase profile. Thus, if more than one 

wrap is contained within the pixel, it will not be correctly unwrapped. It is also possible 
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that a true absolute phase jump greater than π will be misinterpreted and perceived by 

Matlab to be a wrap. Another scenario is that a true wrap may not be detected if the 

resulting phase change between neighboring pixels does not yield an absolute phase 

difference greater than π. Thus, unwrapping using the phase from two different pixels 

still results in an ambiguous phase measurement. The synthetic wavelength method 

only uses the information contained within a single data point to generate an 

unwrapped profile and can utilize a sufficiently large Λ to ensure correct unwrapping.  

This is possible because of the broadband spectrum of the source and the ability to 

access its phase information by the Fourier transform. The phase at a single pixel in a 

given phase image can be measured unambiguously regardless of the phase in the 

surrounding pixels. 

 

Figure 21: Smoothing of synthetic wavelength phase map. (a) Single 

wavelength corrected phase image of the AFM grating. The spikes indicate regions 

the phase is incorrectly wrapped by +/- 2π. (b) Final corrected image. Spikes were 

removed by applying a 3x3 window to (a) and comparing the central point of the 

window to the surrounding pixels to determine locations that were wrapped by +/- 

λo/2. This image has a noise level reduced to the order of the single wavelength 

profile. Standard deviation of the indicated region was 3 nm. 
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Using the synthetic wavelength phase map as a reference, the original single 

wavelength image was corrected by dividing the synthetic wavelength image by λo/2 of 

the source to obtain an integer amount for m in Eq. (3.3). This result was then added to 

the single wavelength phase map to produce an intermediate image. The result in Figure 

21(a) shows regions throughout the dataset containing spikes or regions where the 

phase was incorrectly determined. The image was corrected by subtracting the 

intermediate image from the synthetic wavelength image and then adding +/-2π to areas 

of the difference map in excess of |π|. However, some spikes still remained in regions of 

the image containing high amounts of noise [117]. These areas are within a +/- 2π wrap 

(or equivalently, +/- λo/2) from the correct value and can be removed through a simpler 

software unwrapping method that searches for these sharp steps [125]. A simple 

unwrapping filter consisting of a 3x3 window was used to compare the phase of the 

center pixel to an average of the phases of the neighboring pixels. If a phase difference in 

excess of |π| was detected, then the center pixel was unwrapped by the addition or 

subtraction of 2π. The result of this step is shown in Figure 21(b). The noise level for the 

corrected image, taken as the standard deviation of the measure values in the valley of 

the grating, was 3 nm. The measured value for the average step height was 1.51 +/- 0.01 

μm. Portions of the image in Figure 21(b) contain noise artifacts that were unable to be 

removed by the unwrapping filter due to high noise levels in the image which corrupt 
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the single wavelength image after correction. However, the amplified noise level 

introduced in the synthetic wavelength image was reduced to the single wavelength 

noise limit while measuring the correct step height in the presence of multiple wrapping 

artifacts.  

We also applied synthetic wavelength unwrapping to phase measurements from 

human epithelial cheek cells. The cells were placed upon the top surface of a coverslip 

which had anti-reflective coating to help reduce the effects of phase corruption [97]. The 

phase profile of a group of cells is shown in Figure 22. Images consist of 1000x100 lines 

acquired using a 20x objective (NA=0.5, 1.9 μm spot size) to give a wider field of view 

for visualizing a group of cells. Initially a wrapped phase profile was obtained in Figure 

22(a) and was then unwrapped using the synthetic wavelength method with Λ=20.4μm. 

As can be seen from the bright field microscope image in Figure 22(c), single cells as well 

as a cluster of cells stacked together are present. The cell cluster should be expected to 

introduce multiple wrapping artifacts due to its thickness whereas the single cells may 

produce only a single wrap. After applying the synthetic wavelength algorithm, noise 

reduction to the single wavelength image was performed. Additionally, a 3x3 median 

filter was used to smooth the image. A clear picture of the cell height above the coverslip 

surface is obtained in Figure 22(b). The heights of both single cells and the cell cluster 

are resolved with the regions of the original image containing either single or multiple 
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phase wraps corrected. The standard deviation over the region indicated by the box in 

Figure 22(b) was 31 nm for the synthetic wavelength image and 7 nm for the single 

wavelength corrected image demonstrating the effects of single wavelength noise 

reduction. 

 

Figure 22: Phase images of human epithelial cheek cells. (a) Wrapped phase 

image. (b) Filtered single wavelength phase map corrected using synthetic 

wavelength unwrapping. Note the difference in the colorbar scales for (a) and (b). 

Region in the red box indicates area used as the reference. (c) Bright field microscopy 

image of the cells. 
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3.4 Conclusions 

I have presented a synthetic wavelength processing method to allow for correct 

phase unwrapping in phase sensitive implementations of OCT. Using two spectral 

windows on the detected broadband spectrum allows phase information from different 

wavelengths to be obtained. The phase information can then be related to that of a 

longer synthetic wavelength to measure large phase jumps in a given sample that would 

normally induce phase wrapping. Though not developed here, the two window method 

may potentially be extrapolated to use a continuous range of wavelengths, similar to 

[122], to allow even more robust phase unwrapping. This method may prove useful in 

other phase based implementations of OCT where phase wrapping is problematic, such 

as in Doppler or polarization sensitive OCT or in applications such as cellular imaging. 
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4. Doppler Velocity Detection Limitations 

Doppler optical coherence tomography [129, 130] has been demonstrated to have 

important potential uses in functional imaging and diagnostics, particularly in the field 

of ophthalmology. Spectrometer-based and wavelength-swept Fourier domain OCT 

have undergone rapid development due to their demonstrated advantages in imaging 

speed and sensitivity over time domain systems [69-71]. Recent advances in Doppler 

and variance techniques have enabled high sensitivity for imaging regions of biological 

flow to measure blood velocities and vascular perfusion in microcapillary structures. 

These modalities use various techniques involving either dense sampling protocols [86-

88, 131, 132], customized scanning procedures [90], phase modulation schemes [75, 133, 

134], or variance and power Doppler methods [54, 84, 85, 135] to acquire flow 

information. Recently, dual-beam techniques have also increased the dynamic range of 

detectable velocities [136, 137]. The methods can further be categorized by their 

capability for quantitative velocity measurement, or else as a qualitative method for flow 

visualization. For velocity resolved measurements, the phase sensitivity of the OCT 

system governs the lowest observable velocity of a moving scatterer [79]. For the non-

velocity resolved methods, speckle decorrelation produced by a moving sample causes 

variations in either the intensity or phase over time. In these cases, even Brownian 
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motion of a fluid is sufficient to cause distinguishable changes from static structure [84, 

85].   

Total retinal blood flow studies using Doppler volumes or circumpapillary scans 

have demonstrated a potentially important clinical application for Doppler imaging by 

providing a functional biomarker for disease diagnosis [38, 39, 50]. Differences in total 

retinal flow between normal and diabetic patients have also been demonstrated [41]. 

Because total retinal flow studies require imaging blood flow about the optic nerve head 

region, high flow rates are encountered [1] which pose a different set of imaging 

considerations compared to microvasculature flow. Problems hindering functional 

imaging in clinical systems include phase wrapping and interferometric fringe washout 

effects that occur in large blood vessels with fast flow rates. These problems prevent 

accurate assessment of the detected Doppler signal, creating ambiguities in the 

measurements in the case of phase wrapping and loss of flow information in the case of 

fringe washout. Though these artifacts are correlated with the speed of moving 

scatterers [138], precise detection and measurement are difficult in biological samples 

due to the loss of SNR that occurs as a result of the motion of sample scatterers. Swept-

source systems have been shown to be more robust against this effect compared to 

spectrometer-based detection schemes [92].  
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The commercial availability of wavelength-swept sources has made them an 

increasingly attractive alternative to spectrometer-based systems. Comparative analysis 

of the potential benefits and limitations for the various OCT configurations would be 

useful for matching technology capabilities to specific clinical problems. There has also 

been some ambiguity in the description of the limitations characterizing the upper 

velocity limit for Doppler systems. Typically, the maximum velocity is characterized as 

the speed at which a π phase shift is induced in the Doppler signal. However, it is 

possible to detect scatterers moving at even higher velocities, though the signal then 

suffers from phase wrapping artifacts. Flow information may still be recovered from 

such situations with sufficiently high image SNR and appropriate phase unwrapping 

methods. Thus, the maximum detectable velocity may be higher than the phase 

wrapping limit.   

Here we present theoretical analysis and experimental results comparing the 

lower and upper observable velocity limits in spectrometer-based and swept-source 

Doppler OCT. We also define the fringe washout limit, the velocity of moving scatterers 

above which information loss occurs. To our knowledge, the artifacts of phase wrapping 

and fringe washout have not been clearly distinguished in past literature. Thus, we seek 

to clarify the causes and definitions of each of these phenomena that occur when 
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imaging high speed flow. We also characterize the Doppler dynamic range of 

measurable flow velocities for a given OCT system. 

4.1 Theory of Doppler Velocity Limitations 

The interferometric expression for the detected signal in OCT, i(k), for a single 

moving scatterer [126] can be written as: 
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Here, ρ is the detector responsivity, S(k) is the source power spectral density, Rr 

and Rs are the reflectivities of the reference mirror and sample scatterer, n is the index of 

refraction of the sample, k is the wavenumber, Δz is the optical path length difference 

between the reference mirror and sample reflector, vz is the axial velocity of the sample 

scatterer, and t is the time variable. The Re operator computes the real components of the 

complex expression corresponding to the detectable portion of the interferogram. The 

argument of the exponential yields the interferometric frequency corresponding to the 

path length difference between the sample arm reflector position and the reference arm 

mirror position. It can be seen that a non-zero velocity of the sample reflector results in 

an additional phase shift in the interferogram. Performing a Fourier transformation 

along k of the real signal detected yields a Hermitian symmetric expression 
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where γ(z) is the autocorrelation function of S(k) and ko is the center wavenumber of the 

source. The phase of the reflector for one side of the complex conjugate term is given by 
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with δz = vzt being the axial displacement caused by motion, and λo as the center 

wavelength of the source. The phase differences, Δϕ, between sequential A-scans at a 

given location allow for the detection of a Doppler shift frequency. This axial phase shift 

can be related to the velocity of the moving scatterer if the incident angle of the imaging 

beam to the direction of motion, θD, is known [79]. 
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in which T is the inverse A-scan line rate, or the time between acquisitions of sequential 

A-scans used for Doppler processing. T is determined by the detector line integration 

plus readout time for spectrometer systems or by the time for both a forward and 

reverse wavelength sweep in swept-source systems. 

4.1.1 Minimum Detectable Velocity 

The theoretical flow sensitivity (minimum observable velocity) for conventional 

Doppler OCT processing is limited by the phase sensitivity, δϕ, of the system.  Factors 

influencing phase sensitivity include mechanical stability [139], decorrelation [140], 
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image SNR [141, 142], and timing induced errors for the case of swept-source systems 

[93]. An expression characterizing the lower velocity limit is given by [79] 
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On the right, Eq. (4.5) is expanded to include an expression for phase sensitivity 

at the shot noise-limited SNR of the imaging system [94]. At the shot-noise limit, vmin is 

the same for spectrometer-based and swept-source systems and is determined by the 

performance characteristics of the optical and detection setup.  

4.1.2 Phase Wrapping Threshold Velocity 

Because the detected phase is limited to the interval [-π, π], the upper 

unambiguous velocity limit corresponds to a phase shift of π radians between sequential 

A-scan acquisitions. Should the velocity of the sample induce a phase shift greater than 

π, the measured phase will wrap to the opposite end of the detectable phase range, 

yielding an ambiguous result. Thus, the expression governing this phase wrapping 

artifact is given by [74, 81, 143] 
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The variable definitions in this expression are the same as for Eq. (4.5), thus the 

phase wrapping threshold velocity is also expected to be the same for spectrometer-

based and swept-source systems. It should be emphasized that T is the time between A-
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scan acquisitions used to calculate the Doppler phase shift. Although various 

approaches have been explored for phase unwrapping in Doppler and phase-

microscope versions of OCT [95, 144], this remains a difficult problem in biological 

imaging and is a serious limitation for clinical applications of Doppler OCT such as total 

retinal blood flow estimation [38]. 

4.1.3 Fringe Washout Threshold Velocity 

The integration time for an A-scan is given by DT, where D is the detector duty 

cycle. The duty cycle is the fraction of the time over which the detector is actively 

integrating the optical signal in spectrometer-based systems or the fractional time of the 

usable wavelength sweep in swept-source systems (typically the forward sweep). It has 

been shown that by integrating the signal in Eq. (4.1) for spectrometer-based OCT over 

the period of DT, axial motion of a sample may cause significant SNR degradation 

according to the resulting sinc factor as shown in Eq. (4.8). [92]   
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The sinc factor gives rise to an artifact known as fringe washout, a condition in which 

phase shifts caused by sample motion result in signal loss. SNR degradation occurs 

because the amplitude of the interferometric fringe pattern decreases due to averaging 
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of the signal over the integration time of each of the detector spectral channels. While it 

has been shown that swept-source systems are more robust against fringe washout 

effects as compared to spectrometer-based systems [92, 93], the washout effect will still 

be present in swept-source configurations at high flow velocities.   

For a swept-source system with M spectral samples per A-scan , the integration 

time per spectral channel may be defined as τ = DT/M [145].  Modifying the expression 

in Eq. (4.7) to integrate over τ yields 
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For the case of spectrometer-based systems, each spectral channel is summed 

over the duty cycle of the line acquisition time of the detector camera.  Because all 

spectral channels are acquired in parallel, this results in τ = DT which reduces Eq. (4.10) 

to Eq. (4.8). For swept-source systems, however, each spectral channel is acquired in 

series, effectively leading to a much higher spectral sampling rate according to the 

number of samples per sweep. A higher spectral sampling rate can also be achieved in 

spectrometer-based systems using pulsed illumination of the spectrometer to ensure 

integration over only a small portion of the spectral interference fringe [145]. It can be 

seen that swept-source systems will still suffer the same SNR degradation at high 
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velocities. However, this limit is M times greater than in spectrometer-based systems if 

the duty cycles of the wavelength sweep and the spectrometer line acquisition are equal. 

Thus for Doppler imaging, one would expect that faster flow velocities may be detected 

in swept-source systems without loss of signal. It should be noted that phase wrapping 

occurs due to phase shifts between sequential A-scans used to calculate the Doppler 

shift. Fringe washout differs in that it is caused by phase shifts over the duration of a 

single A-scan acquisition and is directly related to the sinc factor in Eq. (4.10).   

To our knowledge, a simple expression comparable to those above for vmin and 

vwrap for the effect of fringe washout (which also clearly differentiates this effect from 

phase wrapping) has not yet been published. Physically, fringe washout occurs when 

the sample motion is sufficient to cause approximately a π phase shift in the spectral 

interferogram during the acquisition of each spectral resolution element. This also 

corresponds to the first zero of the sinc falloff factor previously described in Eq. (4.10).  

The velocity at which this occurs is 
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which parallels Eq. (4.6) with the exception that vwash is determined by the spectral 

channel sampling time set by τ rather than the time between A-scan acquisitions. 

If the spectral sampling rate, τ-1, is below the Nyquist sampling limit required for 

reconstruction of the interference fringes, washout occurs. For spectrometer-based 
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systems, vwash is determined by the active integration time over the detector duty cycle, τ 

= DT, and thus exceeds vwrap only by a factor of 1/D. However, for swept-source systems, 

vwash increases linearly with M, leading to an increase in velocity of M/D over vwrap. In 

swept-source systems one may observe many phase wraps before fringe washout causes 

significant SNR loss. Since τ << DT for swept-source systems, these systems have a much 

higher spectral sampling rate, thus leading to an important advantage in maximum 

observable velocity compared to spectrometer-based Doppler OCT systems. 

Figure 23 illustrates the comparative advantage of swept-source Doppler over 

spectrometer-based Doppler as theoretically calculated from Eqs. (4.5, 4.6, and 4.11) for 

systems with a 20 kHz A-scan rate, unity duty cycle, 830 nm source, 1024 detector 

channels, and a reflector with a given SNR of 40 dB. In this simulation, the swept-source 

washout limit is three orders of magnitude higher than the spectrometer-based system 

due to the rapid integration time per wavelength channel.   
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Figure 23: Theoretical predictions for velocity limitations of swept-source and 

spectrometer-based Doppler OCT systems. The minimum velocity and wrapping 

velocity are the same for both systems. The spectrometer-based washout velocity 

equals the wrapping velocity, but the washout limit is several orders of magnitude 

greater for the swept-source system. 

A useful characterization of Doppler OCT performance is the Doppler dynamic 

range, or the ratio of the maximum detectable velocity to the minimum observable 

velocity,   

 Doppler Dynamic Range .
2

2

min τ
π TSNR

v

vwash ==   (4.12) 

It can be seen that for Doppler measurements in which sequential A-scans are used to 

calculate Doppler frequency shifts, swept-source systems have a velocity dynamic range 
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gain of M over spectrometer-based systems. Thus, swept-source Doppler has a 

significant advantage for imaging a wide range of flow rates without suffering the signal 

degradation that occurs when imaging high velocity scatterers with spectrometer-based 

systems. Table 1 summarizes the derived expressions for Doppler velocity detection 

limits in OCT including expressions for characterizing the Doppler dynamic range for 

spectrometer-based and swept-source OCT.  Note the differences for vwash and the 

Doppler dynamic range expressions between the two OCT configurations. 

 
Table 1: Summary of Doppler OCT velocity detection limits 

Velocity 
Limit 

Spectrometer-based 
OCT Expression 

Swept-Source OCT 
Expression 

Determining 
Factor 

Minimum 
velocity 

(Vmin) SNR
D

nT

o 1

cos
2

2 θπ

λ

 SNR
D

nT

o 1

cos
2

2 θπ

λ

 

 
Image SNR 

 
Wrapping 

velocity 
(Vwrap) 

 

D
nT

o

θ

λ

cos4  

 

D
nT

o

θ

λ

cos4  

 
Time between A-
scan acquisitions 

 
Washout 
velocity 
(Vwash) 

 

D
nDT

o

θ

λ

cos4
 

 

D
nDT

o
M

θ

λ

cos4  

 
Time to acquire 
single spectral 

channel 

 
Doppler 
dynamic 

range 
(Vwash/Vmin) 

 

D

SNR

2

2π
 

 

D

SNRM

2

2π
 

 
Image SNR and 

number of spectral 
channels 

 



 

 

93

4.2 Methods for Doppler Limitation Experiments 

To experimentally demonstrate the Doppler advantage of swept-source over 

spectrometer-based systems, a flow phantom of 1% intralipid was imaged using the 

systems shown in Figure 24. The spectrometer-based system consisted of a broadband 

source (SuperLum, λ0 = 830 nm, Δλ = 60 nm) and custom spectrometer (Basler, 100 kHz 

line rate, 87% duty cycle, 2048 pixels). To measure the phase stability of the system, a 

glass coverslip was imaged with an SNR of 53 dB. Phase differences of the front 

coverslip surface over 1000 A-scans were acquired, and the phase stability was defined 

as the standard deviation of the phase differences [50, 93], measured at 4 mrad. The 

swept-source system used a wavelength swept laser (Axsun, λo = 1040 nm, Δλ = 100 nm, 

100 kHz, 50% duty cycle, 1376 samples/sweep) and a dual balanced photodiode detector 

(New Focus, 80 MHz bandwidth) with a 12 bit digitizer card (Alazar Tech, 500 

MSamples/s). In order to compensate for the phase errors induced by fluctuations in the 

data acquisition trigger generated by the light source, an external fiber Bragg grating 

with a narrow linewidth (OE Land, λo=989 nm, Δλ=0.042 nm) was used to trigger the 

start of the acquisition for each wavelength sweep. The phase stability of the swept-

source system was measured in the same manner as the spectrometer-based system.   

The signal from the coverslip surface was measured to be 64 dB and had a phase 

stability of 7 mrad.  
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Flow of various velocities was generated by a syringe pump (Harvard 

Apparatus). Because each system utilized different center wavelengths, a Doppler angle 

of θD = 73.7° was used for the spectrometer-based system while an angle of θD= 69.4° was 

used for the swept-source system to maintain similar Doppler frequency shifts for a 

given flow rate set by the pump. Data was acquired using 200 A-scans over 2 mm with 

x9 oversampling for both systems. The Doppler shift frequency was computed by taking 

the average phase of the complex difference between sequential A-scans at each lateral 

position as described in [80], and the velocity was computed according to Eq. (4.4). The 

Doppler angle was confirmed from a volume dataset taken over the capillary tube 

structure. For comparative performance between the two systems, the measured velocity 

was normalized to the wrapping velocity as calculated from Eq. (4.6) for each system 

yielding 

 .'
wrap

measured

v

v
V =   (4.13) 

The peak SNR measured for each system was 95 dB. Thus, the calculated 

Doppler dynamic range for the spectrometer-based system was 55 dB and that of the 

swept-source system was 89 dB, showing that a significantly larger velocity range may 

be detected using the swept-source configuration.   

All human data was obtained from a subject consented under an institutional 

review board approved protocol for imaging. To acquire retinal Doppler data, a 
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commercial SDOCT system (Bioptigen, Inc., λo = 840 nm, Δλ = 49 nm, 20 kHz) was used. 

This system was chosen to demonstrate the problems faced in clinical systems with 

imaging areas of the retina with high blood flow rates. Though the acquisition rate was 

five times slower than the swept-source system, the images collected were similar to 

standard clinical quality. A Doppler volume consisting of 512x50 lines with x6 

oversampling was acquired over the optic nerve region in 7.68 seconds. Data was 

interpolated to be linear in k prior to Fourier transformation. For Doppler datasets with 

oversampled A-scans, the magnitude data was averaged across the oversampled A-

scans. Doppler phase processing was performed in the same manner as with the 

phantom data. Low signal regions were suppressed with an intensity threshold based on 

the magnitude data. Bulk motion was corrected using a histogram based method [146]. 

A 3x3 median filter was used to smooth the Doppler data. A color threshold to eliminate 

small Doppler signals caused by residual bulk motion artifacts was applied. Overlaid 

images of the magnitude and Doppler data were created for display. 

The swept-source system in Figure 24(B) was adapted for retinal imaging with 

1.7 mW incident on the cornea. A Doppler volume consisting of 256x200 lines with x6 

oversampling was acquired in 3.07 seconds. The swept-source system utilized a linear k-

clock, thus avoiding the need for resampling. After Fourier transformation, the Doppler 
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phase and magnitude data were processed the same way as detailed for the 

spectrometer-based data. 

 

Figure 24: Schematics of spectrometer-based and swept-source systems used in 

the comparative Doppler phantom experiments. (A) 830 nm spectrometer design 

using a linescan CCD camera. (B) 1040 nm swept-source system using a balanced 

detection configuration. FBG: Fiber Bragg grating. 

4.3 Results of Doppler Limitation Experiments 

Figure 25 shows a plot of maximum velocities obtained from a capillary tube 

containing 1% intralipid flowing at different speeds imaged using both the 
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spectrometer-based and swept-source systems. All velocities reported here are the 

normalized maximum velocities as given by Eq. (4.13). As predicted by Eq. (4.6), phase 

wrapping occurs at the same threshold velocity for each system when V’=1.  

As predicted by Eq. (4.11), the fringe washout effect is noticeable in the 

spectrometer-based system data when V’ > 1. This effect results in a loss of signal in the 

center of the spectrometer-based magnitude images as shown in Figure 25(B). Data 

acquired with the swept-source system showed constant magnitude images across all 

tested velocities and revealed multiply wrapped flow profiles.  

Phase unwrapping was performed using a quality guided phase map [91]. Once 

unwrapped, the swept-source data showed good correlation with the expected center 

velocity predicted by parabolic laminar flow theory as shown in Figure 25(A). After 

unwrapping, the spectrometer-based system showed comparable accuracy up to twice 

the washout limit. Beyond that velocity, significant SNR loss at the center of the 

capillary tube ultimately led to the complete loss of the Doppler signal at high velocities. 

The swept-source system demonstrated that the signal from the phantom remained 

strong even at high flow rates. Figure 25(B) shows examples of cross-sectional images 

from the flow phantom at the wrapping limit and at velocities high above the wrapping 

limit. 
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Retinal data from a human subject was acquired using a commercial 

spectrometer-based OCT system operating at 20 kHz (Bioptigen, Inc.). A volumetric data 

set of 512x200 A-scans was acquired over the optic nerve region of the retina to generate 

the summed volume projection (SVP) image shown in Figure 26(A). Additionally, a 

Doppler volume of 512x50 A-scans with x6 oversampling in the fast scan dimension was 

acquired over the same area. Cross-sectional images with Doppler overlays are shown in 

Figure 26(B) and (C). The indicated regions show large vessels with washout artifacts 

present in the optic disk. The swept-source system in Figure 24 was adapted for retinal 

imaging. Volume data was acquired from the same eye of the subject at 256x200 lines 

with x6 oversampling in the B-scan dimension. The resulting SVP is shown in Figure 

26(D). Figure 26(E) and (F) show corresponding cross-sectional images to those in Figure 

26(B) and (C). A Doppler threshold of 0.3 radians was applied to data in Figure 26(B) 

and (E) and 0.7 radians to data in Figure 26(C) and (F) to adjust for uncorrected bulk 

motion artifacts. The washout artifacts were eliminated in the swept-source data, 

allowing for the detection of flow in the major vessels at the center of the nerve head as 

well as in the large branch vessels.   
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Figure 25: Doppler phantom experiment results comparing flow velocity. (A) 

Plot of measured velocities normalized to the wrapping velocity of each system. Data 

show measured maximum velocities before phase unwrapping (blue) after phase 

unwrapping (black). (B) Cross-sectional magnitude and Doppler images from both 

spectrometer-based and swept-source systems acquired at different flow velocities. 

The spectrometer-based system shows significant washout effects when V’ = 1 while 

the swept-source data remains robust even at velocities 11 times the vwrap limit. 
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Figure 26: Retinal data acquired from the optic nerve region of the left eye in 

the same subject using a commercial SDOCT system (A-C) and the custom swept-

source system (D-F). (A) Retinal SVP image consisting of 512x200 lines from the 

SDOCT system. Dashed lines labeled b and c indicate positions of cross-sectional 

images in (B) and (C). (D) SVP image consisting of 256x200 lines from the swept-

source system. Dashed lines labeled e and f indicate positions of cross-sectional 

images in (E) and (F). Yellow arrows indicate regions of washout caused by high 

blood flow. Fringe washout artifacts are present in the commercial SDOCT data.  The 

swept-source data is free from washout artifacts allowing for flow detection in the 

indicated vessels. 
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4.4 Discussion of Doppler Limitation Results 

Swept-source systems have a significant advantage over spectrometer-based 

systems in measuring high flow rates. Although it has been previously discussed that 

swept-source systems do not suffer the same fringe washout effects as in spectrometer-

based systems, high velocities may still induce fringe washout with swept-source 

detection. Washout results when the phase shift over a single integration period for each 

wavelength channel is π. As described from Eq. (4.11), this limit scales with the number 

of spectral samples in swept-source detection schemes for a given sweep rate. The 

spectral sampling frequency plays a direct role in washout effects. If the interferometric 

fringe shifts caused by moving scatterers are not sampled at or above Nyquist, then a π 

Doppler shift results in SNR loss due to fringe averaging and signal aliasing. While it 

has been shown that qualitative flow imaging methods may detect regions of slow flow 

with more sensitivity than phase-based quantitative techniques [84], vwash determines the 

maximum scatterer speed detectable for all flow imaging methods before severe signal 

loss occurs. 

Axial motion of the sample during data acquisition in swept-source systems 

gives rise to an additional shift in the detected axial position of moving scatterers. Based 

on the axial velocities, vz, used in the phantom experiments, the expected axial shift may 

be calculated using [92] 
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where ko is the center wavenumber of the swept-source and k1 is the wavenumber linear 

tuning slope given as k1 = Δk/DT, the sweep bandwidth divided by the time for the 

forward sweep of the laser. For the swept-source system used in Figure 24, ko = 6.037x103 

mm-1 and k1 = 1.167x108 mm-1s-1. The fastest measured axial velocity for the phantom 

study was 246 mm/s, corresponding to an axial shift of 12.6 μm, or 2.3 axial pixels in a 

given SSOCT image. Thus, the effects of this artifact in the phantom studies is expected 

to be small compared to the 600 μm diameter of the capillary tube. However, correction 

for the shifting artifact is still desirable. 

To correct for the axial shifting artifact in SSOCT, the shift of each pixel for a 

given A-scan was calculated from the observed axial velocity profile according to Eq. 

(4.14). This shift corresponds to the actual location of the observed velocity values for a 

given A-scan. A linear interpolation of the velocity value back to the observed location 

in depth was computed, thus creating a new, deshifted velocity profile. As a 

demonstration of this correction, Figure 27 shows a B-scan frame of the fastest tested 

flow velocity from the phantom experiment. After velocity interpolation is performed, 

the corrected image is slightly shifted in depth, but the change is difficult to observe due 

to the small magnitude of the pixel shift. The velocity profiles in Figure 27(C) show a 

slight shift due to the correction. The minute change in position demonstrates that axial 
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shifting artifacts had little effect on the data presented here, even when measuring high 

flow rates. 

 

Figure 27: Axial shift correction of SSOCT Doppler image by velocity 

interpolation. (A) Original Doppler B-scan image of the flow phantom at the highest 

tested speeds after phase unwrapping. (B) Corrected Doppler image using velocity 

interpolation. (C) Velocity profiles taken from (A) and (B) along the dashed line. The 

axial shift artifact does not contribute significantly to the image as seen by the close 

correlation of the original and corrected profiles. 

Differences in the optical absorption and scattering of the intralipid at 830 nm 

and 1040 nm should also be considered. For intralipid, scattering is the dominant 

property and differs by approximately a factor of two between the two wavelengths (μs 

~ 200 cm-1 at 830 nm and μs ~ 100 cm-1 at 1040 nm) [147]. Optical absorption properties at 

this wavelength also differ (μa = 0.02 cm-1 at 830 nm and μs = 0.1 cm-1 at 1040 nm) [148]. In 
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blood vessels, differences in optical properties are also present (μs = 280 cm-1, μa-HbO = 1.0 

cm-1, μa-Hb = 1.3 cm-1 at 830 nm and μs = 200 cm-1, μa-HbO = 0.8 cm-1, μa-Hb = 1.3 cm-1 at 1040 

nm) [149]. While optical absorption is similar, optical scattering properties differ by ~ 

20%. These differences in optical properties affect the signal level of the sample during 

OCT acquisition. However, as long as the signal is sufficiently high, the velocity 

measurements should be unaffected by these differences.  

The spectrometer-based Doppler data shown in Figure 25(B) shows a slight 

vertical offset of the maximum velocity in the B-scan images of the intralipid phantom 

flowing through the capillary tube. This is believed to be caused by bending in the tube 

connecting the syringe to the capillary tube. It is known that fluid flow through a curved 

pipe may cause slight offsets in the velocity distribution at locations upstream from the 

bend due to secondary flow effects and pressure gradients orthogonal to the direction of 

flow [150]. 

The spectrometer-based data acquired in Figure 26 was acquired at a rate five 

times slower than the swept-source data. However, the images in Figure 26(A-C) are 

clinically representative of standard commercial systems. Based on Eq. (4.6), vwrap for the 

100 kHz swept-source system was 19.2 mm/sec using n = 1.38 for blood and λo = 1040 

nm. For a spectrometer-based system at 100 kHz and λo = 830 nm, vwrap = 15.0 mm/sec. 

Phase wrapping artifacts were still present in the swept-source data, and would 
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similarly appear in spectrometer-based data acquired at the same rate. However, even 

high speed spectrometer-based data would still suffer signal loss in the major vessels 

due to fringe washout.   

For the spectrometer-based system, vwash = 23.9 mm/sec, with n = 1 for on-axis 

sample motion. For the swept-source system, vwash = 7.2 x 104 mm/sec. In biological 

samples, the rate of fluid flow will typically be far below vwash for swept-source systems. 

However, spectrometer-based systems may still suffer significant signal loss when 

imaging large vasculature with high flow velocities. Velocities in the major arteries near 

the optic nerve have been measured in the range of 30-100 mm/sec [1, 25]. Imaging such 

speeds is problematic for current high speed spectrometer-based systems. Swept-source 

systems would not suffer signal degradation, though phase wrapping may still occur. 

Accurate flow profiles may be reconstructed with appropriate unwrapping methods. 

While swept-source systems possess an inherent advantage for imaging high flow rates, 

further development of fast cameras may allow spectrometer-based systems to reduce or 

avoid biological washout effects as well. 

4.5 Conclusions 

We have shown results comparing the advantages and limitations of swept-

source versus spectrometer-based systems for Doppler flow imaging. The cause of phase 

wrapping is clearly distinguished from that of washout, the former being caused by 
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phase changes between Doppler A-scans and the latter being caused by phase changes 

within the acquisition time of a single A-scan. Swept-source systems demonstrate 

potential for enhanced imaging of fast flows due to their robustness against fringe 

washout effects compared to spectrometer-based systems. Motion-induced signal loss is 

typically not noticeable in swept-source systems because the integration period for each 

spectral channel is much smaller than the integration and readout time of the entire A-

scan spectrogram. This is an important consideration for clinical applications where 

major vessels with high flow rates are imaged. The ability to visualize and measure 

blood flow in the major arteries could be of significant help in the clinical analysis of 

total retinal flow. 
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5. Transverse-Scanning Doppler OCT 

Measurement of total retinal blood flow using Doppler optical coherence 

tomography (DOCT) has potential clinical utility for monitoring disease progression in 

diabetic retinopathy and glaucoma [42]. Quantifying blood flow velocities and volumes 

with conventional DOCT requires knowledge of the Doppler angle, which requires 

either additional hardware (such as in dual-angle Doppler measurement [151]) or 

significant post-acquisition signal/image processing, which is susceptible to patient 

motion artifacts. Recently, a novel technique for an integrative, angle-insensitive DOCT 

flow measurement was introduced [48]. This technique was adapted for total retinal 

blood flow measurement by volumetric imaging of the entire optic nerve head, followed 

by software extraction of an en-face plane intersected by all major retinal vessels [50]. 

However, this approach suffers from the inefficiency that an entire retinal volume is 

acquired while only a single en-face plane is required. While Fourier-domain OCT 

systems deliver the axial dimension essentially for free, nonetheless even relatively fast, 

densely sampled OCT systems still have volume acquisition times that are long 

compared to the time scale of interesting retinal vascular dynamic processes, such as 

pulsatility. On the other hand, transversal scanning OCT (TSOCT) [152, 153] is capable 

of rapidly acquiring en face images with demonstrated frame rates up to 40 Hz [154]. 

Here, we introduce the use of Doppler TSOCT for fast (10 Hz) total axial flow 
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measurements, with anticipated applications for real-time monitoring of total retinal 

blood flow dynamics.  

5.1 Angle-Insensitive Flow Measurements 

In Doppler OCT, the detected phase changes can be related to a flow velocity if 

the angle of the incident sample beam with respect to the direction of flow is known, as 

shown in Eq. (5.1) 
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in which v is the flow velocity, λo is the source center wavelength, ∆ϕ is the measured 

phase change between sequential measurements, n is the refractive index, T is the 

detector integration time, fd is the Doppler shift frequency, and θD is the angle between 

the direction of flow and the sample beam. The Doppler angle is necessary to convert the 

detected phase change, which yields a measure of the axial phase shift, into a phase shift 

along the direction of flow motion. Calculation of this velocity can yield the flow rate by 

measuring a cross-sectional flow area shown in Eq. (5.2).  
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Here, the dot product yields the normal component of the velocity for each area element, 

dA, for a given cross-section, and <vN> is the average velocity across a surface of area A. 

Typically in Doppler OCT, the cross-sectional area is calculated in the plane of a B-scan. 

The Doppler angle may be calculated by acquiring several closely spaced B-scans along 
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the vessel. Knowledge of the distance between each B-scan as well as the axial shift in 

the vessel’s position from B-scan to B-scan enables calculation of θD.  

Measuring the Doppler angle can be challenging and can induce errors to the 

calculated velocity, particularly in cases where the direction of the flow is nearly 

orthogonal to the direction of the sample beam. In Doppler ultrasound, a method to 

obtain measurements of the flow independent of the incident angle was developed, 

known as surface integration of velocity vectors (SIVV) [49]. By summing the velocity 

vectors through an orthogonal plane, the flow rate can be computed regardless of the 

imaging angle. This technique was demonstrated using OCT [48] and has been applied 

for measuring total retinal blood flow by imaging the major vessels at the optic nerve 

[50]. 

The geometry of the angle-independent flow measurement method is illustrated in 

 

Figure 28. A cylinder representing a structure containing moving scatterers (such 

as a blood vessel) is shown with an incident arrow indicating the illumination of a 
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probing beam along the z-axis. The direction of flow is along the axis of the cylinder, 

and for the purpose of this illustration, is assumed to have an axial component directed 

into the beam (e.g. the flow is moving from the left end of the cylinder towards the right 

end). Below the first cylinder on the left of the figure, a cross-sectional area is shown in 

the x-y plane. This is in contrast to the orientation of a cross-section in a standard OCT 

B-scan, which would be in the x-z plane. The cylinder is then shown to tilt through 

different angles, and as the Doppler angle increases, so does the cross-sectional area in 

the x-y plane. This x-y cross-section grows as the inverse cosine of the Doppler angle, 

according to the area expression on the right side of the figure. The axial velocity 

component detected is orthogonal to this cross-sectional plane. If a flow rate is 

calculated using the expressions for the cross-sectional area and the axial velocity, it can 

be seen that the cosine terms will cancel, thus leaving a flow calculation that is 

independent of angle.  
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Figure 28: Illustration of the angle-independent flow principle. A cross-sectional area 

of the flow channel is taken in the x-y plane, which is orthogonal to the axial flow 

velocity component detected by the incident beam. 

Applying this angle-independent Doppler technique requires collection of an 

entire volume of data. A cross-section in the en face plane (C-scan) is then used to 

measure the flow through each vessel. The collection of an entire volume requires 

several seconds, even with high-speed imaging systems. Thus, pulsatility events cannot 

be captured. Here, we demonstrate the possibility of using transversal scanning OCT to 

rapidly acquire en face frames at a single depth of interest to make total flow 

measurements.  

5.2 Transverse-Scanning OCT Methods 

5.2.1 Description of TSOCT Principles 

Transversal scanning OCT (TS-OCT) places the priority of sampling on the 

lateral scan dimension, as opposed to standard time and Fourier domain systems that 

prioritize axial data acquisition. Such a system was first demonstrated using a scanning 

mirror illuminated off-axis. In principle, a TS-OCT system operates on a similar 

principle as a time-domain OCT system except that a high speed scanning mirror is used 

to rapidly scan the sample beam over the sample. Data is acquired at one specific depth, 

and the reference arm length can be modulated to acquire at multiple depths. The rate of 

data acquisition for TS-OCT is limited by the lateral scan rate of a beam over the sample. 
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Typically, a resonant scanner is used to achieve high scan rates along one axis. A slower 

galvanometer mirror may be used to scan the slower dimension, and the reference arm 

may be stepped axially to acquire a three-dimensional volume. By adjusting the scan 

priority, data in the en face plane may be acquired much more rapidly than in 

conventional FD-OCT systems, which would require an entire volume to obtain data in 

the en face plane.  

Generation of a carrier frequency signal in the reference arm allows for coherence 

gated detection and localization of the position of sample reflectors at a given depth. A 

carrier frequency may be generated by the use of off-axis scanning mirrors [152] or 

phase modulators (such as acousto-optic or electro-optic modulators) [153, 154] in the 

reference arm. Light passing through the reference and sample arms interferes at the 

carrier frequency when the two path lengths are matched to within a coherence length, 

as in standard OCT systems. An example of a TS-OCT system is shown in Figure 29. 
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Figure 29: TS-OCT conceptual system. Light from a broadband source is split 

between a reference (blue) and sample (red) path. The reference arm contains a phase 

modulator to generate a carrier frequency and operates in a transmissive setup. 

Though not drawn to scale, the reference and sample path lengths must be matched to 

achieve a detectable optical signal at the carrier frequency.  

 

5.2.2 Doppler TS-OCT Processing 

Signal processing and detection in TS-OCT is similar to time-domain OCT. 

Detection of the carrier frequency may be carried out by lock-in detection or rapid 

digitization of the interferometric signal and Fourier transformation to measure the 

amplitude of the carrier frequency. This yields the signal strength at a depth in the 

sample that is within the coherence length of the source. In this study, a resonant 

scanner was used to rapidly move the beam laterally across the sample of interest. The 
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carrier frequency signal detected across each scan was digitized, and a short-time 

Fourier transform (ST-FT) was computed over a specific number of samples. The peak 

frequency was attributed to interference between the sample and reference arm photons, 

yielding the structural information of the sample at the region of acquisition of the ST-

FT samples. Doppler TS-OCT (DTS-OCT) may be performed on moving scatterers 

present within the sample. Axial motion induces a frequency shift away from the carrier 

frequency according to the velocity of the motion. This frequency shift corresponds to a 

direct measurement of the Doppler frequency shift and can be used to compute an axial 

velocity of the motion. This process is illustrated in Figure 30. 

 

 

Figure 30: TS-OCT Doppler processing. Short-time Fourier transforms are computed 

over fringes acquired over portions of each fast lateral scan. Static structure yields a peak 

frequency response at fc (colored in blue on the right side plot). Moving scatterers undergo a 

frequency shift in the detected peak frequency that corresponds to the Doppler frequency 

(colored in black on the right side plot). An axial velocity may be computed from fd.  
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In addition to directly measuring a Doppler frequency by the shift away from the 

carrier frequency, DTS-OCT may utilize phase-based Doppler acquisition methods as in 

both time domain and Fourier domain systems. Because of the short time Fourier 

transform, phase information may also be obtained from the detected interference 

signal. Using a sampling procedure where repeated line scans are obtained from the 

same region provides a method to vary the time spacing between samples, and thus 

lowers the detectable velocities as in conventional Doppler in FD-OCT systems. The time 

spacing between each acquired line determines the velocity sensitivity.  

5.2.3 DTS-OCT System Description 

We constructed a TS-OCT system for performing Doppler measurements on flow 

samples using an 830 nm source (SuperLum). The design is shown in Figure 31 and 

consisted of a sample arm with a 2 kHz resonant scanner and a transmissive reference 

arm with an AOM pair to generate a carrier frequency at given by the difference of the 

frequencies of the AOMs. The signal was detected by a balanced photoreceiver 

(Thorlabs, PDA120A). Digitization was carried out on a 12-bit, 500 MSample A/D card 

(Alazar Tech).  
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Figure 31: TS-OCT system design schematic. CL: collimating lens, L: imaging 

lens, AOM: acousto-optic modulator, fc: carrier frequency. 

The design of the system accounts for a sufficiently high frame acquisition rate to 

sample a cross-sectional plane over the pulsatility cycle in a human subject. Given that 

the resting heart rate for a normal person is between 1-2 Hz, a frame rate of 10-20 Hz 

should be sufficient to capture the peak systolic and diastolic events during an entire 

pulsation.  

In order to achieve the desired frame rate, the number of lines acquired per 

frame could be varied to adjust for either a slower scan with greater spatial sampling 

density or a faster scan with greater temporal sampling density. Both the forward and 

reverse scans could be utilized, although slight differences in the resonant mirror 
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response must be accounted for in such a case. For simplicity, in this study only the 

forward scans were used.  

5.3 DTS-OCT Results 

To demonstrate the ability to measure flow in the enface plane, 1% intralipid was 

pumped through a glass capillary tube and imaged using the TS-OCT system described 

in Figure 31. The glass tube (~ 600 μm diameter) was heated and stretched, providing a 

central portion with a smaller diameter (~400 μm). The angle of the capillary tube with 

respect to the imaging beam was varied over a large range. En face scans through the 

thinner portion of the capillary tube were acquired over a 2x2 mm area. A reference 

dataset was acquired of the phantom sample with the pump deactivated. This provided 

a measurement of the carrier frequency generated in the presence of no flow. Datasets 

were then acquired with flow rates varying from 0.1 mL/min – 5 mL/min as generated 

by the pump.  

The peak magnitude of the short time-Fourier transforms across each line formed 

the en face frame showing the cross-sectional area of the intralipid in the magnitude 

images in Figure 32A. Taking a difference of the detected peak frequency with the 

reference frames yielded a measure of the Doppler shift frequency at each point in the en 

face frame, shown in Figure 32B. The Doppler shift was converted to an axial velocity 

measurement as calculated in Eq. (5.1). The flow through each pixel was computed by 
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the product of the axial velocity and the area of each image pixel. This quantity was then 

summed to yield a flow measurement over the entire cross-section. Figure 32B shows 

the calculated flow rate versus the actual flow rate administered by the pump. As the 

angle of the incident beam relative to the sample was increased, it was seen that the 

cross-sectional area also increased. At the same time, the measured axial velocity for 

each pixel decreased. The summation of the product between the pixel area and the 

velocity allowed the flow rate to be computed without the need for a measurement of 

the incident angle. Figure 32B demonstrates the ability of this technique to measure the 

flow regardless of the imaging angle. 
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Figure 32: DTS-OCT data on an intralipid phantom. (A) En face images 

showing the magnitude (top) and Doppler (bottom) images. As the angle of the 

sample beam relative to the capillary tube was increased, the cross-sectional area also 

increased while the axial velocity component of each pixel decreased. (B) Measured 

flow rate obtained by summing the product of the axial velocity and each area 

element in the images in (A). Results show good agreement with the actual pump rate 

regardless of the angle of the incident beam to the capillary tube.  

 

Furthermore, to demonstrate the ability to perform phase-based Doppler, a 

mirror mounted on a piezo actuator stage was imaged over time with no slow galvo 

motion. A ST-FT of 1250 consecutive samples was taken over each line scan acquired. 

The phase data obtained from the ST-FT at the peak frequency response was used to 

monitor the motion of the mirror, which was modulated with a 50 Hz sine wave with 
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less than 1 μm of motion. This motion was too small to induce an observable change in 

the carrier frequency. However, changes in the phase over time yielded the expected 

waveform as shown in Figure 33. It can be seen that the phase trace has the expected 20 

ms period corresponding to the drive waveform. The phase of the first time point was 

used as a reference and subtracted from every phase measurement. This phase change 

was converted to an optical path length according to Eq. (4.3). Dividing by the time 

between sequential measurements results in a velocity measurement as in Eq. (5.1).   

 

 

Figure 33: DTS-OCT using phase information from the ST-FT. (A) Optical path 

length change measured as the phase relative to the phase of the first time point. (B) 

Velocity of the piezo actuator mounted mirror over time. The mirror was driven with 

a 50 Hz sine wave corresponding to a period of 20 ms.  

5.4 Conclusions 

The experiment presented here demonstrates the ability to conduct Doppler OCT 

using TS-OCT for fast en face frame acquisition. This technique makes use of an 

orthogonal imaging plane to the axial velocity component measured in OCT, thus 
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eliminating the need to measure the Doppler angle. This technique could be useful for 

making total flow measurements in the retina at the optic nerve region. The orientation 

of the major vessels at the nerve head, which tend to be oriented closer to the axis of the 

incident beam, would be ideally suited for en face imaging at a constant depth. This 

method may enhance the ability to measure flow into and out of the retina to aid in 

diagnosis of various types of pathologies. 
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6. Non-Rigid Registration for Motion Artifact 
Removal in Retinal Vascular Imaging Using OCT 

One of the primary clinical applications of optical coherence tomography (OCT) 

exists in retinal imaging. While being used mainly as a diagnostic tool for examining the 

tissue morphology of the retina, advances have been made in extending the use of OCT 

to image other possibly useful functional properties, such as tissue birefringence or 

blood flow. Doppler OCT has been used to measure the rate of blood flow in the 

vasculature, providing a means to detect the total amount of blood flowing into and out 

of the inner retina by using either circumpapillary [39] or angle-independent scanning 

methods [50]. However, the information gained from Doppler measurements has not yet 

been thoroughly correlated to clinical value. Angiography techniques allow for detection 

of areas of vascular perfusion and have a demonstrated clinical utility in fluorescein 

[155] and indocyanine green angiography [156]. However, these methods require the 

invasive injection of dyes into the patient bloodstream that could cause potential 

discomfort and possible allergic reactions. Furthermore, these traditional imaging 

modalities are inherently 2-dimensional and lack the ability to visualize the location of 

the vessels in depth. The inner retina is perfused by several distinct vessel beds that lie 

predominantly in the ganglion cell layer and at the borders of the inner nuclear layer 

[157]. The ability to resolve each of these layers in depth could improve understanding 
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for the onset and development of retinal diseases that may affect each vascular bed 

[158]. 

Recent advances in optical imaging have produced methods including optical 

microangiography [89], speckle and phase variance imaging [55, 84], and power or 

variance Doppler techniques [135, 146] that enable non-invasive capillary level detection 

of the retinal vasculature. Recently, a method quantifying the level of perfusion based on 

the vessel density has been demonstrated [159]. The increasing use of high-speed 

systems has allowed these methods to overcome the effects of capillary blurring due to 

subject motion during acquisition of a densely sampled B-scan. However, acquiring 

volume datasets still requires several seconds of imaging time, even with high-speed 

systems. For even normal subjects, stable fixation is difficult to achieve over the time 

course of data acquisition, and motion artifacts corrupt the visualization of portions of 

the data in a given volume. Motion can manifest as a slow shift in gaze (drift), high 

frequency involuntary motions (tremor), or rapid eye movements (saccades) [160]. 

Subject eye motion results in discontinuities in OCT images and appears very 

prominently as streaks along the fast scan axis in angiography datasets due to the high 

amount of motion. 

Additionally, the effects of motion artifacts in retinal imaging produce not only 

simple discontinuities throughout the image, but also distortions and image warping in 
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features of interest [161]. Changes in the orientation of the subject’s eye relative to the 

scanning optics may cause the sample beam to pass through the pupil at different 

angles, resulting in slight differences in the appearance of structures, such as blood 

vessel, from one image to another. This type of distortion is also responsible for 

differences in the apparent curvature of the retina seen in OCT B-scans, which in some 

cases may appear flat while in other cases will have either a concave or even a convex 

curve to the tissue structure.  

Axial motion artifacts are commonly corrected by using cross-correlation 

methods and rigid translations of each B-scan [162] or through acquisition of orthogonal 

B-scans to aid alignment [100]. However, these methods do not correct for lateral motion 

artifacts. Another correction method used orthogonal scan patterns to obtain datasets 

containing uncorrelated motion and subsequently reconstructed a motion-free image by 

combining information from both datasets [163] but required heavy computational 

power to register even two images. Other motion correction methods use eye tracking 

via addition of an SLO system to either acquire a reference SLO image [164] or to rescan 

regions of the volume that suffer from motion [56]. Such systems, however, have greatly 

added complexity due to the additional instrumentation needed. An additional 

consideration is that slight changes in a subject’s gaze and positioning of the optics 
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relative to the pupil can result in slight warping effects in each dataset, making it 

difficult to register images with rigid transformations.  

It has been demonstrated in other imaging modalities that a free-form 

deformation (FFD) model may account for non-rigid distortions when registering 

multiple datasets acquired at different points in time [165]. Here, we present an 

automated post-processing technique to remove motion artifacts in speckle variance 

datasets of the retinal vasculature using localized deformation of the vessel structure to 

align and register multiple volumes. Using automated segmentation of the retinal layers 

[166-168], the motion correction can be applied to each retinal layer to create images of 

each of the major vasculature beds in the inner retina that are free of motion artifacts. 

We also extend the method to automated widefield mosaicing of smaller volumes 

acquired over a larger retinal surface area. 

6.1 Methods 

6.1.1 System Description 

A high speed retinal OCT system shown in Figure 34 was built using a 

commercial swept-source laser (Axsun, λo = 1060 nm, Δλ = 100 nm, 100 kHz) with 1.8 

mW incident at the pupil of the eye in accordance with the ANSI safety limit. A fiber 

Bragg grating was used to trigger the acquisition of every A-scan to ensure phase 

stability from one A-scan to the next. A retinal scanning system consisting of imaging 
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lenses and an X-Y galvanometer pair was used in the sample arm. A balanced detection 

scheme was used to reduce relative intensity noise. Human volunteers were consented 

and imaged in accordance with institutional review board approval. 

 

Figure 34: System schematic of SSOCT retinal scanner. 

Datasets consisted of a 2.5x2.5 mm volume scan with 300 A-scans/B-scan, 3 

repeated B-scans, and 300 unique B-scan positions, thus yielding a total of 900 B-scans in 

each volume. This yielded a sample spacing of 8.3 μm in both scan dimensions. For 

scanning stability, 75 A-scans were added to each B-scan to allow for flyback and 

repositioning of the fast galvo, yielding a B-scan time of 3.75 ms and a duty cycle of 80%. 

Multiple datasets were acquired from each subject with half the volumes acquired with 

fast scans oriented along the X-axis and the other half acquired with Y-fast scanning. 
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Each frame was axially registered using a cross-correlation with the previous frame to 

account for subject motion along the axis of the imaging beam. For each set of 3 repeated 

B-scans, the magnitude data after Fourier transformation was averaged to improve the 

image SNR. Segmentation of the data was performed on these averaged B-scans using 

an automated method to detect 7 retinal layers [167]. The variance was computed across 

the 3 repeated B-scans at each location, resulting in 300 variance B-scans.  

 

Figure 35: Example of layer specific angiography. (A) Results from automated 

segmentation of 7 different retinal layers [167]. (B) Close up of inner retinal 

segmentations. Dashed lines are additional boundaries added 16 μm anterior to the 

INL, in the middle of the INL, and 16 μm posterior to the INL. Shaded regions 

indicate depths over which the SVPs corresponding to the 3 main vascular beds were 

created. (C) Layer specific angiographic images based on speckle variance. 

Highlighted images correspond to the shaded regions in (B).  
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Automated segmentation of the 7 retinal layers that has been demonstrated to be 

congruent with expert manual segmentation [167] was performed on an average of each 

set of repeated B-scans. Additional boundaries were created at the inner nuclear layer 

(INL) junctions based on the automated segmentation. A boundary 16 μm anterior to the 

INL, a boundary in the middle of the INL, and a boundary 16 μm posterior to the INL 

were created, as shown in Figure 35. If the distance between the INL and either the 

nerve fiber layer (NFL) or the outer plexiform layer (OPL) was less than 16 μm, then the  

junction boundaries were constrained by the NFL or the OPL boundaries. Summed 

volume projections (SVPs) were created for each of the retinal layers from the variance 

B-scans using the segmentation data as shown in Figure 35. Image registration was 

performed on the SVPs from the GCL+IPL due to the presence of larger vessels that 

could aid image alignment. 

6.1.2 Image Registration Algorithm 

In variance imaging, motion artifacts, shown in 
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Figure 36, manifest as bright streaks along the fast scan axis in an SVP image due 

to the high variance across the entire B-scan image. A subsequently acquired volume 

may still have motion artifacts but will have a high chance that the motion will occur at 

different locations within the second volume compared with the first. By using multiple 

datasets, a motion-free composite image can be constructed by stitching together 

uncorrupted image segments from each dataset. Orthogonally scanned volumes may 

also be acquired to ensure decorrelated motion artifacts between the different volumes.  

The retinal OCT system was designed to scan a collimated beam through a pivot 

location at the pupil of the eye. However, slight changes in the orientation of the subject 

may alter the location through which the beam may enter the pupil. Due to slight 

geometrical differences in the scan pattern, a slight warping of the image may occur 

between volumes acquired at different times. These distortions could render rigid 

transformations insufficient to register images of the microvasculature in the retina from 

different volumes. Vessels that may appear to be straight in one volume may appear 

slightly curved in another. Distortions of the retinal surface are common in clinical 

imaging and may result in B-scans of the retina appearing to have either a flat or convex 

shape. For some subjects with poor eyesight, optical alignment resulting in high SNR 

images may require scanning the beam slightly off-axis from the pupil central axis. 

Doing so results in B-scans that are slanted and can warp the appearance of vessels on 
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an SVP image. We propose to use a non-rigid free form deformation method based on B-

splines to correct for such distortions. The processing steps executed on variance SVP 

images are presented here as follows. 

 

Figure 36: Example of retinal motion artifacts in speckle variance OCT 

datasets. Two volumes acquired from the same subject at different times show 

horizontal streaks along the fast scan axis due to subject motion. 

6.1.2.1 Data Acquisition 

Variance datasets were collected from the same eye according to the imaging 

procedure discussed above. Equal numbers of datasets with scan priorities on the X- and 

Y-axis were acquired. Variance SVP images of the retinal layers from the IPL, IPL-INL, 

and INL-OPL were created based on the retinal layer segmentation routine. The 

following image processing steps were carried out using the SVPs from the IPL, and the 

image transform parameters were subsequently conferred to the SVPs from the IPL-INL 

and INL-OPL images. 
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6.1.2.2 Motion Detection and Image Sub-Division 

We first detected the location of the motion artifacts in each SVP by using an 

intensity histogram of the pixels along the fast scan axis of each image. B-scans that were 

affected by motion result in a higher variance across nearly all the pixels corresponding 

to tissue structure in a variance B-scan. We used two thresholds to detect B-scans in the 

SVP that suffered from significant motion: an intensity-based threshold that marked a 

pixel as having a high variance and a threshold for the number of pixels per variance B-

scan that were above the intensity threshold. Using these two conditions, the B-scans 

that were affected by motion were identified. Each variance SVP was then divided at the 

location of the detected motion, yielding a sequence of strips that were free of motion 

artifacts. Image strips that were below a threshold size (< 20 B-scans in width) were 

discarded, as the amount of information contained within would be too small for 

accurate registration. Histogram equalization was applied to each strip to normalize 

intensity differences between variance B-scans. An example is shown in Figure 37. Thus, 

for all volumes acquired at the same retinal location, a total of N image strips of the IPL 

were created for registration. The SVPs from the IPL-INL and INL-OPL junctions were 

also divided at the same locations as the images of the IPL.  
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Figure 37: Example of image sub-division at locations of motion artifacts. 

Image strips on right have undergone histogram equalization to remove slight 

intensity differences between B-scans. 

6.1.2.3 Gabor Filtering 

A Gabor filter is a Gaussian filter modulated by a cosinusoid that acts as a 

directional low-pass filter and can be used to enhance connectivity of the vasculature 

[169]. The standard form of the Gabor filter is given by   
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In the above equations, mx and my are the spatial coordinates of each point in the Gabor 

kernel of size m x m, θ is the angle of orientation of the filter, ν defines the spatial 
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frequency of the filter, and σx and σy are the standard deviations of the Gaussian factor in 

the x and y dimensions. The filter is convolved with the image using varying values of θ 

and yields a maximum response at each pixel when the filter is aligned with the vessels 

in the image. Keeping the maximum response at each pixel allows for enhanced contrast 

of the vessels and reduction of background noise. Additionally, the size of the Gabor 

kernel was increased k times, as smaller kernels give a better response to capillaries 

while larger kernels enhance the response to the larger vessels. Summing the responses 

of each Gabor kernel yielded images where both capillaries and larger arterioles and 

venules were preserved. The operation for Gabor filtering the nth image strip fn(x,y) is 

expressed in Eq. (6.3), and an example of a Gabor filtered image is shown Figure 38. 
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The parameters for the Gabor filter were empirically chosen to give the optimum 

response in our images. In our data, 10 equally spaced angle orientations were used, and 

the filter kernel was varied from 5x5 to 50x50. Gabor filtering was applied to each 

motion-free strip after motion detection and image sub-division. 
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Figure 38: Example of Gabor filtering on speckle variance image of retinal 

vessels. 

6.1.2.4 Global Registration 

All image strips were zero padded to ensure sufficient ability to register and 

place each strip in a composite image. In our datasets, each SVP was 300x300 pixels, and 

the composite image was zero padded to 400x400 pixels. A binary mask, bn(x,y), was also 

created for each image strip, gn(x,y), over the region of the composite image where the 

image strip was initially placed. Each bn was transformed using the same parameters as 

its corresponding gn. The largest image strip was chosen as the starting reference 

template, gr(x,y), with its binary mask, br(x,y), for the final composite image and was not 

altered. The largest orthogonal strip to the reference was then pre-placed in the 

composite image according to its initial position in its respective SVP. This assumed that 

the subject was able to re-fixate on the same location after any involuntary motion. The 

image strip then globally registered to the reference via an x-y translation with the shift 

parameters determined by maximizing the correlation between the two images [170]. A 

binary mask was used to constrain the correlation to use only the portion of the image 
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strip that overlapped the reference, which helped to ensure that only sections of the 

image that contained the same vasculature were used to determine the registration. 
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Next, a 2-dimensional Fourier transform of gr and gn was taken over the regions of 

overlap.  
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Gr(u,v) and Gn(u,v) are the 2D Fourier transforms of gr(x,y) and the nth image strip, 

gn(x,y), respectively, with spatial frequencies u and v. Multiplying Gr with the conjugate 

of Gn and taking an inverse Fourier transform yielded a discrete pixel shift (Δxmax, Δymax) 

in the image that maximized the correlation. 

 [ ]),(),((max),( *
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This resulted in a translated image. 
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An example of this global strip registration is shown in Figure 39 in the middle column.  
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Figure 39: Examples of image registration process. Top row shows images after 

global and local registration. Bottom row shows magnification of the region within 

the red box on each of the top images. Yellow arrows point out several vessels that 

show improved registration after free form deformation. 

6.1.2.5 Local Optimization 

Following the initial global image placement and orthogonal registration, 

gn(x+Δx,y+Δy) was locally registered to gr(x,y). Free-form deformation (FFD) of the 

images was carried out using a spline-based registration algorithm based on Rueckert, et 

al. [165], which uses a cubic B-spline basis to transform an image using a set of control 

points distributed over the image. B-splines are useful for producing smooth and 

continuous non-rigid deformations over an image surface [171]. Given a set of control 

points, ϕi,j, with px x py equally spaced points, the B-spline transformation for each pixel 

in an image can be described as [165] 
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and provide weights for interpolating each pixel in gn(x,y) to a new location, g’n(x’,y’), 

based on the shift in each local control point in ϕ. A bilinear interpolation method was 

then used to deform gn according to T(x,y). 

 )),(()','(' yyxxgTyxg nn ∆+∆+=   (6.10) 

The optimal T(x,y) was found by iteratively adjusting ϕ using a gradient descent method 

that minimized the sum of the squared differences between gr(x,y) and g’n(x+Δx,y+Δy).  

To locally register gn(x+Δx,y+Δy) to gr(x,y), the area of their overlap after global 

registration was detected using their binary masks, and registration was performed 

using only this region. Using only portions of the images that overlapped helped to 

ensure a reasonable FFD transformation by removing areas that should not be expected 

to merge with the reference image. A multi-scale approach was used to refine an initial 

spline registration control grid of 4x4 points to a final grid of 20x20 points. Regions of 
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gn(x+Δx,y+Δy) that did not overlap with the reference were constrained against 

deformation. An example of the result of FFD registration is seen in Figure 39 in the last 

column. 

6.1.2.6 Composite Image Generation 

A new reference image was created after the global and local registration of each 

individual strip, and steps 6.1.2.4 and 6.1.2.5 were repeated for all gn(x,y) using the new 

reference image after each iteration. Each pixel was averaged over the contributions 

from both the starting reference and the newly registered image. Because each pixel in 

the final image may not have received contributions from every image strip, each 

composite image pixel was only averaged using the image strips that contributed to the 

retinal image at that location. This ensured a final image with normalized intensity 

values. Once all gn(x,y) had been registered, the final reference image yielded the motion 

corrected SVP of the retinal vasculature. Figure 40 illustrates an overview of the 

processing algorithm for image registration. The transform parameters at each step 

obtained from using the IPL images were extracted and applied to the image strips from 

the retinal layers of the IPL-INL and INL-OPL junctions.  
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Figure 40: Diagram of image processing algorithm. 

6.1.3 Widefield Mosaicing 

The previous processing steps allow for registration of multiple volumes 

acquired over the same area of the retina in order to correct for motion artifacts. It is also 

possible to use similar methods to automatically register images acquired over different 

areas of the retina to form a widefield mosaic.  

6.1.3.1 Data Acquisition and Initial Motion Correction 

Data was collected at N different locations of the retina around the foveal 

avascular zone. Locations for retinal imaging were chosen to ensure approximately 50% 
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of the current volume would overlap with preceding datasets. At each location, the same 

acquisition protocol as in Section 6.1.2.1 was used. After acquisition, all datasets were 

processed as described in Section 6.1.2 with motion-free composites of the IPL, IPL-INL, 

and INL-OPL layers created at each distinct retinal location. Images from the IPL were 

used to perform the registrations for widefield mosaicing. Here, In(x,y) will denote the 

nth motion-corrected IPL image. The first image served as the initial reference frame, 

Ir(x,y), for building up a mosaic, and the remaining images were registered in an order 

that guaranteed each image would overlap with preceding datasets in the mosaic, 

although the amount and location of the overlap could be unknown. The transform 

parameters could then be applied to SVPs of the other retinal layers. 

6.1.3.2 Global Registration 

Each In(x,y) was registered to Ir(x,y) using image correlation in a manner similar 

to that of Section 6.1.2.4. The images were registered in the order of acquisition and so 

were guaranteed to overlap with previous images. However, because the exact location 

of In(x,y) relative to Ir(x,y) was unknown, the following process was used to determine a 

global registration. Binary masks 150x150 pixels in size were used to selectively perform 

correlation of segments of In(x,y) with segments from Ir(x,y). Each mask was iteratively 

and independently shifted over each image in order to find the optimum image position 
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for In(x,y). The correlation yielding the maximum peak was used to compute the 

appropriate x-y translation for In(x,y). 

6.1.3.3 Local Registration 

After global image placement, the free form deformation method used in Section 

6.1.2.5 was applied to register each image to the current reference mosaic. A similar 

method of only performing FFD over regions of overlap was used.  

6.1.3.4 Mosaic Generation 

Steps 6.1.3.2 and 6.1.3.3 were repeated for all N images. After each iteration, 

Ir(x,y) was updated with the current image and used as the new template for In+1(x,y). 

Ir(x,y) was updated by averaging the contributions of all In(x,y) to each pixel in the 

mosaic in a similar manner to the image composite generated in Section 6.1.2.6. This 

resulted in the final motion-corrected widefield mosaic. Image transform parameters 

were also applied to the SVPs generated from other retinal layers to produce widefield 

images of the IPL-INL and INL-OPL junctions.  

6.2 Image Registration Results 

Multiple datasets acquired from a healthy 27-year-old human volunteer are 

shown in Figure 41. Two x-fast and 2 y-fast volumes were acquired, and the SVPs from 

each layer show evidence of motion artifacts in all volumes. Running the registration 

algorithm from Section 6.1.2 resulted in motion-free composite images for each layer, 
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shown on the right of Figure 41. An enlarged view of the registered images and SVPs 

from a single volume are shown in Figure 42. The streak artifacts were no longer 

present, and vessel visualization throughout the image was enhanced. Differences in the 

vasculature of the different layers were noticeable, with capillary beds prominent in the 

layers surrounding the INL and larger vessels present in the IPL. A second volunteer 

was imaged at an area nasal to the fovea in Figure 43, in which 3 x-fast and 3 y-fast 

datasets were acquired. The expanded view in Figure 44 shows the improvements 

gained from Gabor filtering and motion artifact correction. The resulting registration 

demonstrates the robustness of the algorithm in registering data from different subjects. 

Additional datasets from the first volunteer were acquired over different regions 

of the retina. At each location, 2 x-fast and 2 y-fast datasets were recorded. After 

segmentation, SVPs from each retinal layer were again created, and the image 

registration algorithm of Section 3 was performed. The widefield mosaic algorithm from 

Section 6.1.3 was executed on the motion corrected SVPs from the IPL. The resulting 

image is shown in Figure 45 along with mosaics of the vascular beds from the superficial 

capillary plexus (Figure 46) as well as the deep capillary plexus (Figure 47). The mosaics 

cover approximately a 6x4 mm field of view, showing the major vessels and capillaries 

over a large area. A color encoded depth image of the widefield mosaic is shown in 

Figure 48. 
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Figure 41: Registration result from subject 1. Original SVPs show variance 

datasets for each retinal layer. Two x-fast and 2 y-fast datasets were acquired. Right 

column shows results of registration for each of the 3 layers. 



 

 

144

 

Figure 42: Enlarged view of images in Figure 41 comparing the registered 

images to SVPs from a single volume. A composite image color coding the depth of 

the vessels is shown on the right.  

 

Figure 43: Registration results from a second subject of a region from the nasal 

side of the fovea. Three x-fast and 3 y-fast datasets were acquired. 
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Figure 44: Enlarged view of images in Figure 43 comparing the registered 

images to SVPs from a single volume. A color encoded depth image is shown on the 

right. 
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Figure 45: Widefield mosaic of retinal layers showing vasculature of the 

ganglion cell plexus. The individual motion corrected images are shown on the left. 

Representative B-scans from different volumes are shown corresponding to the 

dashed lines on the widefield mosaic. The widefield image spans approximately a 

6x4mm field of view. 
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Figure 46: Widefield mosaic of retinal layers showing vasculature of the 

superficial capillary plexus. The individual motion corrected images are shown on the 

left. 

 

Figure 47: Widefield mosaic of retinal layers showing vasculature of the deep 

capillary plexus. The individual motion corrected images are shown on the left. 
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Figure 48: Widefield mosaic of retinal layers showing a color encoded depth 

image of the widefield mosaic. Red indicates superficial vessels while blue indicates 

deeper vessels. The individual motion corrected images are shown on the left. 

6.3 Discussion 

The computation time of the registration algorithm in Section 3 for registering 4 

images was 3.5 minutes using a Pentium i5 2.8 GHz single core processor. It may be 

possible to optimize the algorithm and implement parallel processing to increase the 

speed of the registration. However, this does not include the time to process and 

segment the datasets after acquisition, which increases the amount of time before useful 

data can be presented. For clinical use, it would be desirable to increase the processing 

time for the entire process. Use of graphics processing units (GPU) have shown much 
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promise for increasing the rate of data processing [172, 173] and can assist in making this 

method useful for immediate analysis of data in the clinic.  

The results of the registrations show some warping of the image. However, it 

should be noted that OCT images of the retina typically assume a constant scan pivot 

through the pupil of the eye, which in reality may shift slightly as the subject moves 

their head during image acquisition or between volumes. Even subtle shifts in the 

distance from the eye to the scanning lens may cause distortions to images of the retina 

[174].  

Applying the Gabor filter causes additional smoothing of the vessel edges, but 

this does not degrade the ability to measure vessel diameter because the aberrations in 

the eye already provide a limiting factor on the lateral resolution. While variance 

processing methods in OCT are able to visualize the location of capillary structures, 

measuring the size of the capillary vessels is difficult. Capillaries are approximately 5 

μm in diameter, yet due to the resolution limitations of the optics of the eye, the lateral 

resolution of standard OCT retinal systems is 10-20 μm. Vessels with diameter smaller 

than the lateral resolution will appear to be blurred to the beam spot size. Thus, 

measuring the exact capillary dimensions is not possible without the use of adaptive 

optics [53]. However, the presence of the capillaries may still be detecting using variance 

based processing if the sampling density is sufficiently high for each B-scan. By 
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oversampling with a high number of A-scans, image pixels containing even small blood 

vessels will show a higher variance due to the presence of moving scatterers within the 

image voxel.  

The A-scan spacing used in our acquisition protocol was 8.3 μm. While this 

sampling density is still larger than the diameter of capillary structures, the presence of 

microvessels within a given image voxel was still sufficient to cause detectable 

differences in the intensity variance compared to voxels lacking vasculature. Scanning a 

smaller area would allow for denser sampling to enhance detection of capillary vessels. 

However, the field of view would be smaller. Visualization of a wide area over the 

retinal surface is important as pathologies could affect specific regions while leaving 

other areas appearing normal. Thus, there is a trade-off in imaging a larger field of view 

while still trying to maintain a high sampling density for capillary visualization.  

Acquiring multiple volumes from the same retinal area does not always 

guarantee that motion artifacts will be randomly distributed from one volume to the 

next. It is possible that regularly occurring events may cause the subject to move at the 

same point in each volume. For example, when fixating during imaging, it is still 

possible for the subject to see the scanning sample beam. As the scanning beam passes 

near the central vision of the subject, there may be a tendency to temporally shift focus 

to the moving beam, thus causing a motion artifact. These consistent motion artifacts 
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would prevent correction of motion at that location and may necessitate the acquisition 

of both x- and y-fast scans.  

Improved image acquisition protocols may be used to optimize data collection 

for widefield mosaicing. It may be possible to mosaic image with less overlap than was 

used in this study. By increasing the distance between retinal locations imaged, total 

imaging time per subject may be reduced or a wider field may be imaged. 

6.4 Conclusions 

We have demonstrated a post-processing method to correct for motion artifacts 

in speckle variance OCT images of the retinal vasculature. We created a motion-free 

composite image from multiple orthogonally scanned volumes using a non-rigid free 

form deformation technique to correct for image warping between volumes. We have 

shown the ability to visualize the 3 distinct vascular layers in the inner retina as well as 

the ability to automatically generate widefield mosaic images of the retinal vasculature 

from multiple volumes acquired over different regions of the retina. This method may 

help improve the clinical viability of OCT by enhancing the ability to visualize and 

diagnose diseases of the retinal vasculature. 
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7. Imaging of Macular Telangiectasia Patients Using 
Variance OCT 

One of the major advantages of OCT over other clinical retinal imaging 

modalities is the ability to acquire 3-dimensional, depth-resolved datasets of the tissue 

structure. There has been tremendous application of OCT to the study of how different 

retinal pathologies affect the morphology of the tissue [67, 175-178]. However, OCT has 

not been extensively used to study or diagnose diseases based on information from 

blood flow or the vasculature. Though there have been studies to correlate possible 

changes in blood flow to various disease states [40, 43, 179], the ability to diagnose 

diseases based on this information has not yet had proven clinical utility.  

Angiography techniques, on the other hand, are routinely used in clinical 

diagnosis to visualize the effects of disease on retinal perfusion. Both fluorescein and 

indocyanine green angiography have demonstrated clinical utility in examining patients 

with retinal pathologies. The recent developments in OCT, such as those discussed in 

the previous chapter, have enabled visualization of the 3-dimensional vessel structure. 

The ability to resolve in depth the location of even the smallest retinal vessels potentially 

gives OCT added clinical value for angiographic imaging.  

Macular telangiectasia (MacTel) is a disease that affects the vasculature in and 

around the macular region of the retina that currently has an unknown cause [180]. 

Foveal capillaries become dilated, and neovascular complexes may form as a result of 
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surface vessels diving through the inner retinal layers, which may also lead to the 

formation of retinal pigment plaques. Leakage of the vasculature may also occur. Other 

structural changes to the retina include the formation of lamellar holes, crystalline 

deposits in the nerve fiber layer, and damage to the photoreceptor layer. Though the 

exact origin of this disease is not currently understood, the ability of OCT to specifically 

visualize the vasculature of each of the retinal layers may prove to be a useful tool for 

studying the progression of this pathology, which may affect each of the distinct vessel 

beds of the inner retina in different ways. It may be possible that changes to the vascular 

network at the fovea precede changes to the structure of the tissue, and the variance 

OCT technique described in chapter 6 holds great potential to aid in the detection of 

such abnormalities. 

Here, we present our work to begin imaging patients with macular telangiectasia 

using variance OCT to image the layered vascular structure in the retina around the 

foveal avascular zone.  

7.1 Methods 

The retinal OCT system described in chapter 6 was used to image patients with 

MacTel. Patients with MacTel were consented at Duke University under an approved 

institutional review board protocol. Variance OCT datasets consisting of 300 A-scans/B-

scan, 3 repeated B-scans, and 300 B-scan locations with a 2.5x2.5 mm field of view 
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centered at the fovea were acquired in each subject. A total of 6 variance volumes were 

acquired from each eye (3 x-fast and 3 y-fast volumes). During imaging, subjects were 

asked to fixate at a red dot displayed using an LCD screen through the retinal scanner. 

Subjects were allowed to rest between volume acquisitions as needed. No dilating 

agents were used.  

In processing the data, the raw spectral datasets were Fourier transformed, and 

the magnitude data was used to compute phase correlations between each frame in the 

volume to perform axial registration of each B-scan. The variance and the mean were 

computed over the magnitude of every sequence of 3 repeated B-scans to obtain a 

variance B-scan and an averaged magnitude B-scan, respectively. Each pixel in the 

variance B-scan was also then divided by the median value of the magnitude calculated 

over a window of 10 pixels along the x-axis. This helped to reduce high variance values 

that were caused by layers of the retina with higher reflectivity, such as the nerve fiber 

layer or retinal pigment epithelium. The averaged magnitude B-scans were used for 

segmentation using an automated algorithm [167]. However, due to the presence of 

severe pathology in the datasets, manual correction was required in the majority of 

datasets. The segmentation results allowed variance SVPs to be created for each distinct 

retinal layer to visualize the local vasculature.  
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Summed volume projections (SVPs) of the variance datasets acquired from each 

MacTel patient were created. Using the boundaries detected from the semi-automated 

segmentation, the variance values at each pixel in the 2-dimensional x-y plane were 

summed together for each retinal layer. At the inner nuclear layer (INL), SVPs were 

created by summing pixels over a depth of 25 μm centered at the IPL-INL and the INL-

OPL junction. An SVP of the choroid was created by summing pixels over a depth of 30 

μm below the choroid-RPE boundary. All other SVPs were created by summing the 

pixels between each detected retinal layer. 

7.2 Results 

An example image set from an 84-year-old MacTel patient is shown in Figure 49. 

A 6x6 mm volume was acquired (1000x300 lines) from the fovea to the optic nerve as 

shown in Figure 49A. A 6 mm B-scan averaged over 20 frames revealed the pathology 

manifesting as a thickening of the inner retinal layers (Figure 49B). B-scans from a 

variance volume acquired over 2.5x2.5 mm centered at the fovea are shown in Figure 

49C and D. Consistent with reported results [180], a neovascular complex was observed 

temporal to the fovea with tearing of the tissue in the fovea visible in the B-scan image. 

A lamellar hole was observed at the center of the fovea, and neovascularization was 

observed as a hyperflective region that spanned from the inner plexiform layer (IPL) to 
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the retinal pigment epithelium (RPE). Damage to the photoreceptor layer was also 

evident in some images.  

SVPs of each segmented retinal layer as well as layers centered at the junctions of 

the INL are shown in Figure 50. These images provide additional information on the 

vasculature of the inner retinal layers to complement the structural images seen in 

Figure 49. The optic nerve lies to the right for each image. The vasculature appears 

relatively normal nasal to the fovea, but a noticeable difference was noted temporal to 

the foveal region. One of the larger temporal vessels feeding the capillaries was 

observed to dive down through the retinal layers. Neovascularization extended the 

vasculature through the ONL region, which normally is not vascularized because it is 

perfused from the choroid. Additional vessels appeared to spread from the diving vessel 

in a tortuous manner. Possible leakage of the vessels may also have contributed to the 

abnormal appearance in the temporal vessels.   
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Figure 49: OCT data from an 84-year-old MacTel patient. (A) OCT volume SVP 

over a 6x6 mm region. (B) 6 mm B-scan with 20 frames averaged acquired at the 

location marked by the red line in (A). (C) B-scan acquired over a 2.5 mm region at the 

fovea. A lamellar hole is evident. (D) A 2.5 mm B-scan slightly superior to (C) 

showing neovascularization of the inner retinal layers. 

Imaging of other patients in the study revealed similar structure in the retina 

with the foveal region affected by neovascularization. However, difficulties in 

appropriately segmenting the retinal layers due to the pathology prevented assessment 

of the vascular structure. Motion artifacts also played a confounding role in the ability to 

visualize the vessels in the variance SVPs. 
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Figure 50: SVPs for retinal layers in a MacTel patient over a 2.5x2.5 mm region. 

Optic nerve was to the right of each image. Neovascularization was present temporal 

to the fovea. 

7.3 Discussion 

One of the difficulties in acquiring data from patients was that patient motion 

was often severe during imaging. This problem may be ameliorated through either the 

use of hardware or software. Adaptation of the patient interface to use a bite bar could 

help to stabilize the patient during imaging. This would, however, cause increased 
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discomfort to the patient during imaging. Use of faster OCT systems could reduce 

motion artifacts by reducing the time of volume acquisition. Either a higher speed 

swept-source/spectrometer could be implemented, or multiple beam scanning may be 

used [136, 137]. However, increases to the speed of the system cause reduction in SNR 

and result in practical limitations for the imaging speed [99]. Furthermore, faster scan 

times may reduce the decorrelation between repeated B-scans, which would reduce the 

ability to distinguish voxels with slow moving scatterers from static tissue.  

Application of the motion correction method in chapter 6 would provide a 

software solution to the motion problem. However, multiple datasets are required, 

which increases the amount of time to image each patient. Extending the ability to image 

the vasculature to a wider field of view would also be desirable. It may be possible for 

find a more optimal data collection protocol to decrease the amount of datasets that 

would be needed for application of motion correction. Obtaining datasets with high 

SNR may also be difficult in some patients who have poor optical quality in the anterior 

portion of their eye.  

Another problem was the inability of the segmentation algorithm used to 

correctly segment the layer boundaries due to the presence of pathology in the B-scans. 

Adjusting the algorithm to correctly segment retinal layers affected by MacTel would 

allow faster assessment of OCT data and would enhance the ability to visualize the 
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distinct vessel layers. B-scans of MacTel patients reveal that affected areas seem to lack 

the photoreceptor layer and have additional highly reflective tissue in the regions 

affected by the pathology possibly due to plaque deposits. It is possible that these areas 

contain blood or other highly scattering types of tissue that may cause shadowing of the 

layers beneath, thus adding to the difficulty in segmenting the images. 

7.4 Conclusions 

We have shown preliminary findings on the ability of OCT to visualize the 

retinal vasculature affected by macular telangiectasia. Significant differences in each of 

the 3 main inner retinal vessel layers were observed. Improved automated segmentation 

and application of the motion correct technique present in chapter 6 would enhance the 

ability to study the results. OCT holds great potential for diagnosing diseases of the 

retinal vasculature due to its ability to provide 3-dimensional information and to 

visualize the capillaries that perfuse the tissue. 
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8. Conclusions 

 The work described in this dissertation details efforts to advance the utility of 

OCT for use in imaging both the vasculature of the retina as well as applications in 

cellular biology. Research improving the use of phase imaging methods was 

demonstrated through the synthetic wavelength and depth-encoded SDPM techniques. 

Characterization of the Doppler velocity limitations for spectrometer-based and swept-

source OCT systems may aid in developing clinical systems for imaging and measuring 

blood flow. A novel method of performing Doppler OCT using transverse scanning 

OCT was described with applications for measuring total retinal flow rates. Methods to 

correct for motion artifacts in OCT retinal angiography were developed and may help to 

overcome challenges with implementing these methods in patient imaging. Finally, a 

pilot study on the patients with macular telangiectasia was conducted to demonstrate 

the possibility of using variance based OCT angiography for imaging retinal pathology 

and may improve our understanding for diseases for which little is currently 

understood.  

 Future works to continue the research detailed here include the application of the 

motion correction algorithm to datasets containing different types of pathology. 

Improved automated segmentation will be necessary for creating layer specific 

angiographic images for diseased retina. Adaptation of the motion correction technique 
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will be necessary for use with images containing abnormal vasculature. Improvements 

to the speed of the motion correction code may be made through parallel processing and 

may lead to real-time correction of acquired datasets. Even CPU based parallel 

processing would improve the computation time of the algorithm, and implementation 

with graphics processing units may provide even faster image correction. The data 

acquisition protocol for image correction could also be improved by using a smart 

scanning method to reduce the number of datasets acquired over a widefield of view on 

the retina. It may be possible to reduce the total number of datasets acquired if image 

volumes are staggered in their position of acquisition relative to one another. Further 

characterization of the differences between angiographic imaging techniques would be 

useful for optimizing the OCT data acquisition for different regions of the retina. The 

differences between speckle variance and phase variance imaging have not yet been 

clearly and theoretically validated. Power Doppler methods have also been used for 

angiographic imaging, and a theoretical description of the differences between these 

methods would aid in determining appropriate applications of each method. 
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