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Non-melanoma skin cancer is the most prevalent malignancy in the world, with 

over a million annual positive diagnoses in the United States. If left untreated, these 

cancers cause morbidity and in rare cases, can become life threatening. The key to 

identifying and characterizing these tumors in the earliest stages, where they are most 

treatable lie in margin delineation in order to prevent recurrence. The visual obscurity of 

tumor morphology and physiology can make early detection a difficult task for 

dermatologists, particularly in the initial stages of cancer development. Tumor resection 

is a common course of action once they are discovered; however, there is a high 

recurrence rate due to incomplete removal of the malignant tissue.  

This dissertation presents an imaging system that can capture the spectral 

signatures correlating with morphological and physiological changes that accompany 

skin dysplasia. With this system, we may improve tumor margin delineation, reducing the 

number of incomplete tumor biopsies and false negative screenings. As an initial step of 

this process, we begin with a non-contact point sampling diffuse reflectance probe that 

mitigates the adverse effects of traditional contact probing. Validation of this probe is 

performed using tissue simulating phantoms spanning a biologically relevant range of 

optical and physiological properties to ensure that the non-contact format will not hinder 
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performance relative to the contact probe. Cross polarization and auto-focus mechanisms 

were included in the design to reduce specular reflections and movement artifacts from in 

vivo measurements. This non-contact design was further developed into a platform for 

investigating the role of sampling geometry on diffuse reflectance measurements with the 

addition of a DMD spatial filter. Finally, we developed a hyperspectral DRSi system for 

the acquisition of wide-field maps of optical and physiological properties that is currently 

being tested on patients undergoing skin cancer screenings. The spectral output of this 

system has been validated for scattering and absorption across biologically relevant 

ranges using tissue simulating phantoms. The DRSi system was optimized for portability, 

ergonomics and resolution. 
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CHAPTER 1: INTRODUCTION 

 

1.1 MOTIVATION 

 

Skin cancer is currently the most common cancer type in the world with 

prevalence rates estimated to be 1 in 5 [1]. The key to identification and removal of skin 

cancers lie in margin delineation in order to prevent recurrence. The visual obscurity of 

tumor morphology and physiology can make early detection a difficult task for 

dermatologists, particularly in the initial stages of dysplasia. Tumor resection is a 

common course of action once they are discovered; however, as with any surgical 

procedure, there are associated risks of morbidity. Individuals that have undergone 

forehead and neck skin cancer surgeries stand an 8% chance of facial nerve paralysis and 

recovery times of up to 8 weeks [2]. Additionally, healthcare costs have been a burden 

not only to patients but also health facilities. Previous estimates show that non-melanoma 

skin cancer (NMSC) was the fifth most costly cancer to treat across all Medicare 

recipients [3] and across most treatments.   
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Figure 1.1. Number of skin cancer procedures from 1996 to 2008.[4] 

In this dissertation, based off of individual and collaborative research, an imaging 

system was used that can capture the spectral signatures correlating with morphological 

and physiological changes that accompany skin dysplasia. With this system, the goal was 

to capture optical and physiological property maps of skin tumors and their margins. This 

ability could potentially aid margin delineation and reduce the number of incomplete 

tumor biopsies and false negative screenings. To perform this, a hyperspectral image 

acquisition strategy was required for the collection of diffuse reflectance spectroscopy 

images (DRSI) that are sensitive to tissue scattering and absorption.  

The primary objective of my dissertation was to develop a wide-field DRSI 

system as a tool towards the acquisition of spatially resolved optical properties 

corresponding to non-melanoma skin cancers along their margins. The combined spectral 

and spatial information attained by this system offered the potential to quantify the 

optical and physiological properties of tissue, a feature that is absent from traditional 

monochrome or color dermoscopes. 
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1.2 BACKGROUND AND SIGNIFICANCE 

 

1.2.1. Skin Cancer Detection and Removal 

 

Over 2 million cases of skin cancer are diagnosed annually, which is more than all 

other cancers combined [5]. The most common types of skin cancer are Basal Cell 

Carcinomas (BCC) and Squamous Cell Carcinomas (SCC), which rarely result in fatal 

cases when detected in early stages. Melanoma skin cancers account for less than 5% of 

skin cancer cases, but they also cause the most deaths. The 5 year survival rates are 

greater than 90% for melanomas that are discovered and treated in the initial stage of 

development. These survival rates can drop to as low as 50% once they spread to nearby 

lymph nodes [6]. Far more common are non-melanoma skin cancers, of which 13 million 

people (5% of the U.S. population) are estimated to have at some point in their lives. The 

estimates for non-melanoma skin cancer incidence rate are between 0.9 and 1.2 

million[7-8]. Non-melanoma skin cancer has been estimated to be 5 times more prevalent 

than breast and prostate cancer [5]. 

The testing procedures for skin cancer begin with an inspection performed by a 

dermatologist or primary care provider before moving on to biopsy and histology if a 

malignant lesion is suspected. Cancer screenings and test techniques can be costly, 

invasive, and painful, often leaving scars. In addition, biopsies suffer from under-

sampling and the inter-observer agreement may be low [9]. Dermoscopes are widely used 

devices that can noninvasively view suspected tumor sites.  The use of dermoscopes on 

melanoma lesions can produce 92% sensitivity and 51% specificity when three or more 

colors could be seen with the device [10]. In addition,  the ability of laypersons to 

identify skin lesions is at least 3% higher with dermoscopes than clinical photographs 
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[11]. However, the performance of the dermoscope is still limited: the frequent use of 

qualitative observations as a means of diagnosis is based on lesion size, shape, color and 

texture. Therefore, the specificity does not noticeably improve without the consideration 

of other factors such as age, and patient reported change in lesion size. 

 

The “A,B,C,D” method is widely used to identify melanoma, the skin cancer 

variant that is responsible for 75% of all skin cancer deaths [12]: 

 

A. Most benign and naturally occurring spots found on skin have symmetry, 

however melanomas are known for having an asymmetrical shape. 

B. Melanomas have irregular borders, whereas birthmarks and freckles 

usually have borders that are well defined. 

C. More than one color can be seen in many melanomas.  

D. Lesions that include the asymmetry, border and color characteristics 

attributed with melanomas tend to have diameters of > 6mm[13]. 

E. As with most cancers, melanomas have a tendency to evolve, and grow. 

 

To take advantage of the known physiological and morphological properties of 

skin cancer, we developed a device that obtains wide-field images of tissue optical and 

physiological properties. This device combined the quantitative advantages of spectral 

analysis with the qualitative benefits of imaging to distinguish cancer from normal 

tissues. With this wealth of qualitative and quantitative information, we were able to 

improve the sensitivity and specificity of skin cancer diagnoses, which could in turn be 

used to reduce the number of costly and invasive biopsies while improving survival 

outcomes. 
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1.2.2. Tumor Cytomorphology and Physiology 

 

A hallmark of tumor development is the uncontrolled replication of cancer cells 

caused by genetic mutation. As a consequence of this chronic cellular mitotic state, cell 

nuclei appear densely packed and irregularly organized, distinguishing them from normal 

cytomorphology [14]. Also, as a sign of the rapid growth, tumor cells are distinguished 

by enlarged cell nuclei[15] with respect to the overall cell size. 

 

 

Figure 1.2. Mean nuclear diameter vs. nuclear density for high grade dysplasia, low grade 

dysplasia and normal cells[16]. 
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Development is also characterized by increased metabolic rate which is correlated 

with the density of mitochondrion and NADH concentration [17-18]. When these tumors 

grow they produce Matrix Metalloproteinases (MMPs) that break down collagen, making 

it easier for the tumor to expand into the deeper layers of skin [19-20]. To supply the 

growing demand for fueling a constantly growing tumor, genes promoting angiogenesis 

are expressed, and a dense network of blood vessels are formed. These tumor blood 

vessels are non-uniform in structure and are porous, enhancing the chances for cancer to 

leak out into the bloodstream and metastasize. Researchers have taken advantage of this 

leaky vasculature for delivery of genes, drugs, and optical contrast agents to 

preferentially enter the tumor in a phenomenon called the enhanced permeability and 

retention (EPR) effect [21-24].  

The cytomorphology and physiology of tumor tissues can be used to profile a 

malignant lesion, and subsequently treat it if necessary. Densely packed cells with 

enlarged nuclei, the proliferation of non-uniform and leaky blood vessels, collagen 

breakdown, and concentration of metabolic biomarkers are some of the main micro and 

macroscopic features to consider when developing a cancer imaging strategy. 

 

1.2.3. Broadband Optical Spectroscopy of Cancer 

 

There are many spectroscopic optical modalities that are used to investigate skin 

cancer. The bulk of the discussion on optical spectroscopy in this dissertation pertains to 

diffuse reflectance spectroscopy. The formal definition of diffuse reflectance is: 

 

 
     

     
                 (1.1) 
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, where I1 and Io are the spectral intensities of light that enter and emerge from the 

tissue respectively. µa(λ) and µs’(λ) correspond to the absorption and reduced scattering 

coefficients which are factors in the spectral form of diffuse reflectance ‘R’. Fig. 1.3 

describes how the coefficients µa and µs’ have opposing effects on R, where µs’ increases 

R and µa decreases R. 

 

 

Figure 1.3. The effect of reduced scattering and absorption on diffuse reflectance spectra. 

The µs’ is constrained to the form: 

 

   
          

 

  

  

 (1.2) 

 

where λo is designated here as 630nm and B refers to the exponential dependence of 

reduced scattering on wavelength. The functional form of µa is, 

 

           ∑         

 

   

 (1.3) 
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, where εi(λ) is the molar absorption coefficient of a chromophore with units that depend 

on the units of chromophore concentration Ci under consideration. The units of µa and µs’ 

are 1/x where x is a unit of distance. 

Broadband optical spectroscopy can be used to reveal quantitative functional and 

morphological characteristics of skin. Using light of multiple wavelengths, various 

optical and physiological properties of clinical relevance can be derived such as 

scattering, hemoglobin concentration, oxygen saturation, and mean blood vessel 

diameter. As it relates to skin cancer, scattering properties have been shown to correlate 

with the presence of tumors of the skin, breast, and cervix[25]. These correlations have 

been attributed to the increased size of the cancer cell nuclei and number of 

mitochondria, which are the main sources of tissue scattering[26]. Scatterer size plays a 

role in the spectral response of tissue spectroscopy (Fig. 1.4). 

 

 

Figure 1.4. The exponential dependence of reduced scattering (µs’(λ)) on λ vs. mean 

radius of scatterer[27]. 
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The increased mitochondria count in cancer cells also comes with a boost in 

cellular metabolic molecules NADH and FAD which have been optically correlated with 

cancer progression due to the fluorescence properties of these molecules[28-29]. Blood 

absorbs strongly in the UV bandwidth between 370 and 450 nm, making blood vessels 

distinctive in the tumor macro-environment. A spectral distortion is typically present in 

the absorption bands of diffuse reflectance spectra due to the high concentration and 

confined nature of hemoglobin in narrow blood vessels, called the pigment packaging 

effect[30]. The hallmark of the pigment packaging effect is the diminished reflectance 

quenching in the soret band of hemoglobin. 

 

 

Figure 1.5. Pigment packaging effect on diffuse reflectance spectra. Broken curve 

represents the reflectance model without the consideration of the packaging 

effect[30]. 

 

The effect that this has on the spectra can be directly related to the mean blood 

vessel diameter and epidermal thickness within the skin through a correction factor [31]. 
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Taking into account the combination of scattering, absorption and fluorescence 

properties that carry physiological information of skin tissue, broadband optical 

spectroscopy could bring many modes of contrast between cancer and healthy skin. 

These modes can be used individually and collectively to estimate the likelihood of 

cancer presence within a sampled volume of skin in vivo. 

 

1.2.4. Broadband Diffuse Reflectance Imaging 

 

Obtaining images of spatially and spectrally resolved diffuse reflectance typically 

involves either narrowband collection of a wide field, or a point scanning scheme with 

spectral dispersion collection. Narrowband collection is commonly performed with a 

CCD array (camera) that acquires images one spectral band at a time to fill the spectral 

cube of image data (x,y,λ) [32-33]. Widefield signal collection captures contrast that is 

directly related to albedo due to the lack of spatial confinement of sampled photons. In 

contrast, the point scanning approach to image cube acquisition is performed by focusing 

and scanning a focused beam of light across a sample. By confining the sampling volume 

to a single point allows the separation of scattering and absorption contrast enabling the 

derivation of spatially resolved optical property maps. The signal returning from each 

point of scan is dispersed with a grating or prism onto an array detector such as a line-

scan charge coupled device (CCD) or a multi-cathode photomultiplier tube (PMT). To 

process the acquired spectra for optical and physiological property estimation, it is 

necessary to acquire a spectral density of bands that is high enough to be considered a 

hyperspectral “signature” rather than a multispectral group of signals.  
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Narrowband detection schemes have the benefit of simpler setups as all that is 

required is a two dimensional array detector and a bandpass filter set. A drawback to this 

technique is typically lower spectral density as a physical filter has a relatively broad 

passband compared to the spectral resolution of most commercial spectrometers. On the 

other hand, point detection scanning schemes typically acquire an entire spectrum at once 

for every pixel, spectrally dispersing collected light with the use of a grating or prism. 

The strengths though are typically higher spectral density and more control over sampling 

parameters such as source-collector geometry. However these require more complex 

setups and highly sensitive detectors. Diffuse reflectance imaging systems have been 

designed and implemented by various groups for imaging of diffuse reflectance[34] and 

combined with fluorescence [35]. 

Due to the well-defined source-collector geometry of optical probes, it is possible 

to draw quantitative conclusions from the spectral images and attain optical and 

physiological property maps. Models that the optical spectra are fit to can be analytical 

models such as, diffusion theory [36-37], numerical models such as monte-carlo [38-39], 

or empirically derived models such as the look-up-table[40]. All of these models generate 

a reflectance value that would be observed in response to the sampling of a medium of a 

particular reduced scattering and absorption. Many algorithms are used for spectral fitting 

of reflectance spectra, including least squares support vector machines which have been 

used to achieve tight fitting between the model and the reflectance data collected at high 

rates of speed [41]. During fitting, once the scattering and absorption values are 

determined for a given wavelength, the mean scatterer size can be approximated and the 

Beer-Lambert law can be used to determine specific and quantitative absorber 

concentrations. In particular for skin, this would include scatterer size, and oxy/deoxy 
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hemoglobin, melanin, and beta-carotene, some of which have been linked to the 

progression of several cancers. 

We present a broadband diffuse optical spectroscopy imaging system that 

acquires a widefield spectral cube of image data (x,y,λ). The spectra at each pixel were 

processed for the estimation of multiple optical and biological properties and formed into 

respective property maps for analysis. The acquisition of spectral and spatial information 

multiplies the diagnostic strengths of dermal inspection. The laser scanning design allows 

for configurable diffuse reflectance collection geometry for depth sensitive images. 

 

1.3 SPECIFIC AIMS 

 

In this dissertation, I present the development of a functionally enhanced diffuse 

reflectance probe that address the problems of contact pressure, specular reflection, 

limited range of sensitivity to optical properties and spatial resolution. This dissertation is 

organized according to the specific aims of the study: 

 

Chapter 2 and 3 describe a non-contact point sampling diffuse reflectance probe 

that mitigates the adverse effects of contact probing, probe pressure effects and 

obscurity of the measurement site. Validation of this probe was performed using 

tissue simulating phantoms spanning a biologically relevant range of optical and 

physiological properties to ensure that the non-contact format did not hinder 

performance relative to the contact probe. 
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Chapter 4 and 5 describe the development of a hyperspectral DRSI system for the 

acquisition of wide-field maps of optical and physiological properties that was 

useful for clinical skin cancer screenings. The spectral output of this system has 

been validated for scattering and absorption across biologically relevant ranges 

using tissue simulating phantoms. The DRSI system was optimized for maximum 

clinical adaptability. 
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CHAPTER 2: NONCONTACT DRS PROBE FOR MEASURING 

TISSUE OPTICAL PROPERTIES 

 

2.1 INTRODUCTION 

 

Diffuse optical spectroscopy (DRS) provides a sensitive means to measure the 

absorption and scattering properties of biological tissues and has been used to diagnose 

and monitor disease in a number of clinical situations including breast cancer [42], 

ovarian cancer [43], Barrett’s esophagus [44], lung cancer [45], cervical cancer [46], and 

skin cancer [47]. The instrumentation for DRS typically uses a combination of optical 

fiber probes to deliver and collect light from the tissue surface. The application of a 

standard optical fiber probe requires applied pressure in order to make contact with the 

tissue, which has been shown to introduce errors in the extracted optical properties [48]. 

In addition, the distal end of a contact probe can obscure the exact measurement location 

on the tissue surface. This chapter reports the development of a handheld noncontact 

DRS device that removes the effects of probe pressure and documents the measurement 

site by imaging the distal end of a standard contact fiber probe onto the tissue with lenses. 

To mitigate the effects of specular reflection and limited depth of focus, cross 

polarization and a custom autofocus mechanism were used. The quantitative performance 

of this device was demonstrated with tissue simulating phantoms to evaluate its ability to 

measure the optical properties of human tissue. 
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2.2 INSTRUMENTATION AND METHODS 

 

2.2.1. Non-Contact Probe Design 

 

Figure 2.1 illustrates the design of the handheld noncontact DRS system. A 6.35-

mm diameter steel reflectance probe ferrule used for tissue contact reflectance 

measurements contains a group of 200μm (0.22 NA) diameter optical fibers (Fibertech 

Optica). For this probe, there are nine collection fibers surrounding one source fiber with 

a source-detector (SD) distance of 740 μm, which will be referred to as the source-

detector separation (σ). The six fibers just proximal to the collection fibers used in this 

system are additional collection fibers that went unused. 

 

 

Figure 2.1. Image of the probe tip ferrule used in the non-contact probe system. 
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On the ferrule tip, a cross polarizer was cut from pieces of linear polarizing film 

(Edmund Optics) to ensure that the light emitted from the source fiber was orthogonally 

polarized with respect to the light entering the collection fibers for all visible 

wavelengths. The cage plate held the ferrule in contact with the cross polarizing film as it 

was mounted in a 30mm cage assembly (Thorlabs). The ferrule tip was imaged onto the 

sample surface for a 1-to-1 magnification using two 1 inch (in.) diameter achromatic 100 

millimeter (mm) lenses (Thorlabs). This magnification was used in order for direct 

performance comparisons to be drawn in context of optical sampling geometry. The 

lenses and probe ferrule were mechanically stabilized to have a linear and coincident 

optic axis. The depth of focus was determined to be approximately 1 to 4 mm, a distance 

too short to ensure the integrity of the sampling geometry during in vivo measurement. 

Therefore, a custom autofocusing scheme was employed to ensure that the sample 

surface remained within the image plane. An attached camera (1800endoscope) was used 

along with a motorized stage attached to the objective lens as part of the autofocusing 

feedback mechanism (Figure 2.2). In this feedback loop, the position of the focal spot 

shifts via the objective lens position in order to compensate for axial sample movements. 

A tungsten-halogen lamp (Ocean Optics) was used to provide white light illumination, 

while a USB spectrometer (Ocean Optics) collected reflectance light for post-processing. 

Integration time for the noncontact probe was approximately 100 milliseconds (ms). 
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Figure 2.2. Noncontact diffuse optical reflectance probe shown from two angles. (a) 

Original probe ferrule. (b) Iris limiting the beam aperture to the collimating 

lens. (c) Compact camera that snaps images of the probing region for 

reference and streams for the autofocusing scheme. (d)Mirror. (e) Sample to 

be imaged. (f) Camera’s perspective of the sample demonstrating the 

autofocus calibration scheme. Darker and lighter spots represent higher and 

lower axial sample positions, respectively. (g) Single illumination, multiple 

collection ferrule with small polarizers for cross polarization. The “σ” 

symbol represents the source-detector separation. (h) Servo motor. 

 

2.2.2. Validation of Optical Property Estimation 

 

The noncontact probe performance was validated using tissue simulating liquid 

phantoms with 1μm diameter polystyrene beads (Polysciences) to simulate tissue 

scattering and ferrous stabilized hemoglobin for absorption (Sigma-Aldrich). 1μm 
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diameter polystyrene beads were used for the optical scattering properties that they share 

with skin as well as a narrow distribution of scatterer sizes for reproducible experiments. 

In this validation, arrays of liquid phantoms were used containing incremental levels of 

reduced scattering (μs’) and absorption (μa). The range of optical properties that were 

covered in this validation span ranges that were biologically relevant for human skin [49]. 

DRS measurements were acquired from all phantoms with the noncontact probe and the 

reflectance spectra were fit for the optical and physiological properties of μs’(λo = 630nm) 

and hemoglobin concentration ([HbO2]) using an iterative inverse algorithm utilizing a 

look-up table (LUT) method [40].  

 

2.2.3. Cross Polarization and Auto-Focus 

 

In image based optical probe systems, there is a potential to collect specularly 

reflected light either from the tissue surface or internal optics. In a clinical situation, 

specular reflections originating from the diffusely reflective skin surfaces confound the 

DRS spectra in a way that is not constant from site to site. The degree of surface 

smoothness will determine the amount of specularly reflected light collected. Therefore, 

it is favorable to eliminate or effectively reduce this signal. In order to reject these 

interfering signals in the non-contact DRS probe, a cross polarizing disc was introduced. 

Using cross polarization to reduce specular reflection and single scattering, signals rely 

on the concept that polarized light is depolarized by tissues to a degree that is 

proportionate to the distribution of refractive indices in the sample [50]. Without cross 

polarization, reflectance signals from multiple scattering photons become partially buried 

underneath that of shallow penetrating photons that are less sensitive to blood absorption 
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from the underlying dermis. By orthogonally aligning the source and collector fibers with 

respect to each other, interfering signals that were not related to diffuse reflectance were 

effectively reduced. Cross polarization has no effect on spectral fitting results since both 

the phantoms used to generate the LUT and the phantoms used to validate it were all 

optically probed using the cross polarizing noncontact probe. To verify the effectiveness 

of cross polarization, a sample of polydimethylsiloxane (PDMS) with titanium dioxide 

scattering agent (μs’= 1.4 mm
−1

) was attached to a vertically aligned rotation stage. This 

sample was rotated from 0 to 45 deg with respect to the optic axis in 2 deg (from 0 to 10 

deg) and 5 deg (10 to 45 deg) increments as reflectance spectra were collected for each 

angle.  

The non-contact DRS system uses an auto-focusing camera that images the 

measurement area and a servo motor. Due to the oblique imaging angle of the camera, the 

position of the probe illumination spot within the camera’s image field is sensitive to the 

axial position of the sample. Conversely, if the camera angle was co-aligned with the 

optic axis of the probe, it would be nearly impossible to ascertain the position of the 

sample because the bright spot would not change from a single position in the field. Once 

the position of the sample was coded by the position of the bright spot in the camera 

image, I assigned the servo motor an axial position that was proportional to the position 

of the sample surface.  

To keep the sample surface within the depth of field, an experiment was done to 

measure this distance with and without autofocus. A z-stage was set up to axially 

translate the surface of a scattering phantom (μs’ = 1.3 mm
−1

) through 12 mm path of 

travel while acquiring reflectance measurements at 1mm intervals. In this manner, the 

depth of field could be considered the axial distance within which the extracted optical 
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properties achieve errors of less than 10%. The experiment was performed with and 

without autofocus for comparison. 

 

2.3 RESULTS 

 

2.3.1. Validation of Optical Property estimation with Non-Contact DRS Probe  

 

The validation phantom set contained 20 phantoms with reduced scattering 

coefficients of 0.5, 1, 2, 3, and 4 mm−1, and hemoglobin concentrations of 0 to 3 mg/ml 

in 1 mg/ml increments. Optical spectra attained with the noncontact probe was fit for 

μs’(λo) and [HbO2] with errors of 3.46% and 8.62% for reduced scattering and 

absorption, respectively, which is comparable to those obtained from contact probes [40, 

51]. The extracted μs(λo) yielded errors of 7.26%, 2.60%, 3.00%, 1.63%, and 2.81% for 

0.5 mm
−1

, 1 mm
−1

, 2 mm
−1

, and 3 mm
−1

 and 4 mm
−1

 μs’ phantoms, respectively, across 

all levels of hemoglobin absorption (Figure 2.3). 
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Figure 2.3. Noncontact probe validation. (a) Accuracy of hemoglobin concentration 

extraction. (b) Accuracy of reduced scattering coefficient extraction over 

varying levels of hemoglobin absorption. Scattering coefficient (μs(λo)) 

values extracted from the LUT model: ►= 0.5 mm
−1

, ▲ = 1 mm
−1

, ♦ = 2 

mm
−1

, ■ = 3 mm
−1

, ● = 4 mm
−1

. Solid lines represent true values. 

The results shown in Figure 2.3 are presented to show μs’ and [Hb] estimation 

accuracy over all relevant levels of hemoglobin absorption and μs’ respectively. 

Estimated values of μs’(λo) diminished with the addition of hemoglobin due to sample 

dilution with hemoglobin solution. 

 

2.3.2. Validation of Autofocus and Cross polarization  

 

Autofocus validation showed a depth-of-field of approximately 4 and 12 mm 

(translation stage limited) while the autofocus was on and off, respectively (Figure 

2.4(a)). The increase in extracted μs’ observed when the sample was on either side of the 

focal plane, was artificial and due to overlap in source and collection solid angles rather 

than diffuse reflectance. By utilizing the autofocus function, the sampling geometry 

remained ideal at the focal plane.  
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Figure 2.4. (a) The noncontact probe depth of field. The beam waist limits the region 

where extracted reduced scattering accuracy is within low error. (b) 

Reflectance versus incidence angle for a sample of PDMS with TiO2 

scattering agent. Specular reflection causes a sharp increase in signal for 

incidence angles under 5 deg. 

Without cross polarization, specular reflection could be seen over any incidence 

angle under 5 degrees (Figure 2.4(b)). However with cross polarization, there was no 

noticeable contribution of specular reflection to the reflectance signal throughout the 

range of incidence angles tested. Since cross polarization rejects specular reflection and 

single scattering from the outermost epithelium, the reflectance measurements become 

more sensitive to basal/dermal layer absorption and collagen scattering. Other reported 

designs rely on an index matching medium between the probe and tissue surface [52]. 
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2.3.3. In Vivo Non-Contact DRS 

 

 To demonstrate in vivo use of the non-contact probe, a measurement was made on 

a subject’s hand as shown and fit for optical and physiological properties (Figure 2.5). 

This fit took into account oxygen saturation and pigment packaging effects, which 

are known to influence diffuse reflectance spectra of biological tissues due to confined 

volumes of highly concentrated hemoglobin in blood vessels [31]. Fitting results yielded 

a μs’(λo) value of 1.32 mm
−1

, and a HbO2 blood volume fraction of 5.57% (assuming 150 

mg/ml HbO2 as concentration of whole blood). Measured oxygen saturation had a value 

of 0.622, and a mean blood vessel diameter of 30μm.  

 

 

Figure 2.5. Example of a typical skin reflectance measurement with a noncontact probe. 

The spectra was taken from the back of a subject’s hand. The LUT model fit 

and CCD image of the sampling area are shown. The four red dots on the 

skin were placed with a marker as a localization reference. 

These values were within the normal ranges for skin. Yet because of unknown 

true values for scattering and absorption, this does not constitute a validation, but instead 

an in vivo demonstration. This demonstration showed that with a noncontact DRS probe, 
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estimates of properties related to morphological structure can be achieved with methods 

that would otherwise require invasive biopsy and days of lead time. Tumor margin 

measurements were made with greater certainty in terms of sampling spot location. 

Contact probes of several millimeters in diameter obscured the area of sampling, where 

the extent of skin tumor margins can be on the size scale of 1-2mm [53]. 

 

2.4 CONCLUSION 

 

In measuring tissue optical properties in a mechanically remote fashion, patient 

discomfort, observer-to-observer variability in applied probe pressure, and probe pressure 

effects, were mitigated. Such variations could be contributing factors to skin lesion 

classification errors involving the use of probes that come in contact with skin. 

Calibration of the auto focus can be automated by placing a non-absorbing object in the 

focal plane and scanning the height of the object up and down, tracking the position of 

the illuminated spot through the obliquely angled camera. This autofocus mechanism 

works differently than conventional auto focus systems found in personal cameras used 

by photographers. Cameras used for photography typically employ autofocus through 

active or passive algorithms that seek to optimize image sharpness [54]. The validation of 

the noncontact probe as performed in this study was successfully used to show that 

removing the bare probe from the tissue would not adversely affect performance relative 

to the original probe. Toward this purpose, 1-μm diameter polystyrene beads were used 

as a representative scattering agent for tissue due to its size and reproducibility in making 

phantoms of known reduced scattering. As it relates to the ultimate goal of tissue 

reflectance measurements, validation should include scatterers of 0.1 to 5 μm in size to 
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account for the relevant distribution of scattering cross sections in tissue. Such a 

validation is outside of the scope of this project, but the results of LUT validation across 

scatterers of various phase functions will be published in the near future. 
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CHAPTER 3: EXPANDING THE RANGE OF ACCURATE 

OPTICAL PROPERTY ESTIMATION IN DRS WITH A DMD 

BASED DIFFUSE REFLECTANCE PROBE 

 

3.1 INTRODUCTION 

 

For many decades, the gold standard of diagnosis for skin cancer has been biopsy 

and histology. The strength of histology to diagnose the presence and stage of skin 

cancers rests in the ability to reveal morphological and physiological properties of skin 

cancer lesions that until now could not be accomplished in a non-invasive way. Diffuse 

reflectance spectroscopy (DRS) has proven to be a reliable method of measuring optical 

properties of tissue through a variation of optical fiber based platforms. Biochemical 

information related to chromophore concentration can be attained with DRS through the 

use of light transport models. However the accuracy of these measurements are usually 

dependent on level of absorption for a given sampling geometry. Sampling under 

multiple source-detector separations (SDs) increases the range of optical properties that 

can be accurately measured compared to single SD sampling [55]. 

Studies have shown that the mean sampling depth of a probe has a positive 

relationship with its SDs [56-58]. This depth selectivity potential has been investigated 

with many optical fiber based probes with the aim of optimizing tissue sampling for 

axially homogenous biological structures that are known to correlate with malignancies 

[59-61]. As a byproduct of enhanced axial sampling depth, larger SD separations have 
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longer sampling path lengths, enabling higher sensitivity to samples containing low 

absorption and scattering. Conversely, large SD separations may not perform as well on 

samples containing higher absorption and scattering than lower SDs. Using a probe 

capable of multiple SD sampling can extend the range of optical properties that can be 

accurately measured.  

To investigate the spatial and analytic characteristics of various sampling 

geometries, Monte Carlo (MC) simulations are frequently used for its comprehensive 

accuracy over analytical models [62]. Diffusion Theory (DT) for example, is an 

analytical model that is only valid for sampling in the diffuse regime where collected 

photons have undergone a minimum of scattering events. As a result, diffusion theory is 

not adequate for modeling sampling geometries with relatively smaller SDs under 

biologically relevant levels of scattering. The MC approach has not only been used to 

simulate optical responses of various sampling geometries [63], but also spatial properties 

of the sample; including multilayered turbid media [64].  

The practical matter of obtaining diffuse reflectance of multiple SD separations 

requires a measurement platform that can adapt to various SD separations in a fast and 

inexpensive way. Many previous studies have used optical fiber probes with a fixed set of 

probe geometries [65] that are easy to use, but lack customizability and suffer from probe 

pressure effects if used on biological tissue [48]. Previously, we introduced a non-contact 

probe that eliminated the effect of probe pressure by imaging the sampling geometry onto 

tissue [66]. This design expands on this previous probe by imaging the sampling 

geometry onto the tissue using a digital micromirror device (DMD) as a spatial filter. 

Commonly used for motion picture projection as part of Digital Light Projection (DLP) 

devices, DMD technology has become more affordable and accessible for optical 

research applications. As a component of a diffuse reflectance probe, the DMD design 
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negates the use of expensive optical switches. Another benefit is that unlimited sampling 

geometries are possible with a single setup because an image-based probe can leverage 

magnification to achieve SDs that aren’t possible with multimode fiber probes.  

Here, we introduce a sampling adaptive diffuse reflectance probe utilizing a DMD 

spatial filter and demonstrate its ability to perform discrete electronic SD sampling. In 

addition, we utilize MC simulations to investigate the optical sampling characteristics of 

multiple sampling geometries. Finally, diffuse reflectance spectra of an array of 

absorption properties will be fit against the MC model under multiple SDs to determine 

optical property accuracy ranges of multiple source-collector separations. 

 

3.2 INSTRUMENTATION AND METHODS 

 

3.2.1. DMD Optical Probe 

 

 To our knowledge, DMD technology has never been used for diffuse reflectance 

spectroscopy in a point probe format. However in spatial frequency domain imaging 

(SFDI), DMDs are used to provide the spatial confinement necessary to isolate diffuse 

reflectance, and have been used to gather optical property images through contrast in the 

modulation transfer function (MTF) of tissue [67-68]. Operating in a non-contact format, 

we image skin onto the DMD surface where electronically, mirrors can be switched on 

and off corresponding to the area of the skin we wish to collect diffusely reflected light 

from. The design aim is to collect light emerging from a ring of space surrounding the 

source spot similarly to the geometry of commercial diffuse reflectance probes that 

employ optical fibers arranged in an X around 1 arrangement of fibers (Figure 3.1). 
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Figure 3.1. Camera perspective images of the DMD surface. The tissue surface is visible 

with the bright illumination spot. Concurrently, the (a) 300, (b) 600 and (c) 

900um SDs are visible on the DMD surface. The bright speck in the corner 

of the image is a reflection artifact from the beamsplitter that does not 

coincide with the ring aperture. 

The advantage of using a DMD for this purpose is threefold. First, with a DMD, 

we can switch SD separations automatically and electronically making for quicker 

measurements (without a switch) leading to less movement related error. Second, DLP 

evaluation modules have greatly reduced in size and cost without sacrificing much 

quality. Finally the naturally tri-directional optical pathways involved with DMD 

projection (source, projection, dump) enables the light that is typically dumped to be 

collected by a camera for tissue surface monitoring optical alignment assistance. 

The optical setup contains a xenon light source (Newport) providing high 

intensity white light. The light is coupled into a 100µm optical fiber (Thorlabs) that 

delivers the white light to an opto-mechanical cage setup (Thorlabs) that images the fiber 

tip onto the skin. Illumination light passes through a polarizing cube and upon return of 

diffuse reflectance, specular reflection and single scattering are rejected, while 

depolarized diffuse reflectance is deflected into the collection arm of the cage assembly. 

The collection arm of the cage assembly couples the reflectance light as an image of the 

skin surface onto the end of an optical imaging fiber bundle. The imaging fiber bundle 

consists of 18,000 optical fibers, each having a diameter of 10µm. The other end of this 
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bundle is imaged on the surface of the DLP Light Crafter DMD module (Texas 

Instruments). The DMD operates as a spatial filter to selectively transmit a ring of 

diffusely reflected light to a spectrometer (Ocean Optics). Other areas of the DMD 

surface reflect light onto a camera (Sony) for monitoring of alignment as well as 

confirming proper functioning of the DMD during measurement. 

 

 

Figure 3.2. Schematic of the adaptive sampling diffuse reflectance probe. Blue circle: 

Polarizing cube beamsplitter. Red circle: Imaging fiber bundle. Yellow 

circle: Camera. Green circle: Multimode optical fiber.  

By projecting rings of various sizes around the image of the source spot, a 

sampling geometry can be formed. This probe works through a series of images, 

therefore virtually any SD separation is achievable with the appropriate lens 

magnifications. In this study, we used a magnification of 3.5 which is adequate to achieve 

SDs of 300-1000µm. 
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Figure 3.3. The Light Crafter by Texas Instruments®. Reproduced from www.ti.com. 

 

 The DMD is a programmable device that is designed for applications requiring 

small form factor and fast development. Through a series of commands communicated 

over TCP/IP, 1 bit bitmap images were projected onto the DMD screen in less than 1 

second. The DMD and spectrometer communicate with the PC over USB while the 

camera communicates through fire-wire. Spectral acquisition and DMD projection 

commands were performed through LabVIEW (National Instruments) graphical 

programming software. 

 

3.2.2. Sampling Geometry Calibration and System Alignment 

 

 Sampling geometry calibration is necessary to confirm that the SD separation is 

accurate during measurement. Calibration was performed through use of the camera, 

which plays a central role in both calibration as well as alignment. For the calibration 
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task, the image size at the sample surface was correlated with the image size at the DMD. 

A spatial measurement device called a reticle was used to measure the image size at the 

sample surface. From the camera image of Figure 3.4(a), the diameter of the image field 

can be clearly measured. The next step was to determine the size of each DMD 

micromirror with respect to the size of its image at the sample. To accomplish this, an 

arbitrary spatial pattern of known geometry is used to correlate the diameter of the field 

with the number of micromirrors on the DMD. This revealed the precise magnification 

and effective resolution (mirror size) of the DMD. Figure 3.4(a) demonstrates the striped 

pattern on the DMD for calibration. 

 

 

Figure 3.4. (a) Images of reticle and (b) striped pattern as seen from the DMD surface. 

 

Through these images, the effective mirror size was calculated. In eq. 1 below, the 

field of view (FOVtissue) is measured as the size of the image imaged by the fiber bundle 

as measured by the reticle. By multiplying the number of stripes that lay across the FOV 

by the number of mirrors per stripe, the micro mirror size can be calculated. 
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 (1) 

 

The digital control over collection ring aperture size and geometry simplified the 

calibration step because ring thickness and diameter could be adjusted for a variety of 

SDs without adjusting magnification. When projected ring diameters approached the full 

height of the DMD array, higher SDs can be achieved through adjustments to 

magnification. 

 System optical alignment is optimized when both the tip of the light source fiber, 

the tip of the imaging fiber bundle and the DMD array are all in conjugate image planes 

with the tissue surface. Since the camera images the DMD array, it is possible to view all 

conjugate planes simultaneously to ensure that this imaging condition is met. If the 

conjugate planes are properly aligned, spectral distortions and artifacts can be avoided in 

all measured diffuse reflectance spectra. Techniques used to ensure proper optical 

alignment include multiple steps. First, place a dark paper in the focal plane of the probe 

so that the illumination point is smallest. Second, reverse the direction of optical 

propagation (inputting source light through the fiber initially intended for light 

collection). With this configuration, the DMD projects the ring of collection onto the 

sample, which enables direct inspection of the collection aperture quality. If the ring is 

not in focus, then the position of the proximal tip of the imaging fiber bundle should be 

adjusted. Once the source and collection aperture are in focus, the sampling geometry is 

considered ideal. 
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3.2.3. Optical Property Validation 

 

 The probe system was validated using homogeneous tissue simulating liquid 

phantoms spanning biologically relevant ranges of scattering and absorption. The diffuse 

reflectance under 300, 600 and 900µm SD was fit for scattering and absorption using an 

empirically derived (liquid phantom based) look-up table LUT. The advantage of using 

the LUT model is that it is system specific, and applicable to virtually all levels of albedo. 

The validation is virtually identical to that of the non-contact probe  of Chapter 2 with the 

exception that with the DMD design, multiple SDs were collected in serial fashion. 

 

3.2.4. Differential Mean Sampling Depth of Multiple Source-Detector Separations 

 

To illustrate the spatial sensitivity of different SD separations, a test setup was 

built (Figure 3.5) so that a monolayer of scattering liquid with increasing thickness could 

be optically sampled. To control the monolayer thickness, a glass coverslip was fixed to 

the cage mount so that it was coincident with the focal plane of the probe. On a stage 

underneath the focal plane was a petri dish with a black rubber puck inside of it to 

simulate a perfect absorber. To simulate scattering, the petri dish was filled with a 

solution of 10% intralipid. The measurement began with a monolayer thickness of zero. 

This condition was met by raising the stage until the black puck could be seen touching 

the glass coverslip. By lowering the petri dish in 100µm increments, the intralipid is 

allowed to fill the void between the coverslip and puck; thus forming the scattering 

monolayer. 10% Intralipid was used for scattering due to its low cost compared to 

polystyrene spheres as a relatively high volume were needed in order to fill the petri dish. 

With no absorber used for this experiment, it was sufficient to display the diffuse 



 35 

reflectance results in percent reflectance rather than µs’ since µs’ is a monotonically 

increasing function of reflectance. 

 

 

Figure 3.5. Scattering monolayer experimental setup. 

 

A reflectance spectrum at 630nm for each SD and each monolayer thickness was 

acquired so the differential optical penetration sensitivity could be observed. The results 

of these measurements will be compared to a MC simulation of the same experiment as a 

validation of performance. For this MC simulation, we used the Monte Carlo Modeling 

of Light (MCML) algorithm[38] to computationally simulate the diffuse reflectance 

sensitivity to scattering layer depth over 300, 600 and 900µm SD separations. In these 

simulations, a consideration had to be made for the annular nature of the experimental 

sampling geometry, unlike the MCML algorithm which considers a pencil beam source 

and collection x cm away. To account for this, the width of collection aperture considered 

in the simulation was integrated over 2 (SD). 
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3.4.5. Source-Detector Sensitivity to Optical Properties 

 

 In order to investigate the accuracy characteristics of multiple SDs over a range of 

absorption, an experiment was performed to confirm the findings of previous studies with 

the DMD probe. For this purpose, 8 phantoms were assembled containing increasing 

levels of absorption. The optical absorber was red food dye (McCormick) mixed into 

each phantom to achieve the desired absorption coefficient. Scattering was provided with 

polystyrene spheres of 1µm diameter (Polysciences) mixed into each phantom to achieve 

the desired level of µs’ in accordance with mie theory. Scattering was held constant 

across all phantoms. The DMD probe measured the diffuse reflectance of all phantoms 

using 8 SDs from 300µm to 1000µm in 100µm increments and was fit to a MC based 

LUT containing diffuse reflectance data for a wide range of SDs. 

Optical properties were extracted from the eight phantoms using our previously 

developed Monte Carlo Lookup Table (MCLUT) method [69]. Using a GPU 

implantation of the MCML code, a reflectance lookup table (LUT) was created where 

each value in the LUT gave a reflectance value for a given set of optical properties (μs’, 

μa) and a source detector separation (SDS). The reduced scattering coefficient was 

constrained to the form: 

 

   
        

     (
 

  
)
  

 (2) 

 

where λ0 = 630 nm. The absorption coefficient at each wavelength was calculated 

using: 
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 (3) 

 

where εi(λ) is the wavelength-dependent extinction of a chromophore, Ci is the 

concentration of that chromophore, and N is the number of chromophores. Once reduced 

scattering and absorption were calculated for all wavelengths, the MCLUT was used to 

generate a modeled reflectance spectrum at any SDS. Optical properties were extracted 

from measured spectra by inverting the MCLUT. This was accomplished by first 

guessing a set of optical properties, then a modeled spectrum based on those properties it 

created. The error between the modeled and measured spectra was calculated and the 

optical properties were iteratively updated using the Levenberg Marquardt optimization 

routine until the error was minimized. Due to the modeled spectra being in absolute units 

and the measured spectra in relative units, it was necessary to perform a calibration so the 

modeled and measured spectra could be compared. This calibration was performed by 

taking the ratio of a modeled and measured spectrum with the same optical properties. 

Then, to make the measured spectra equivalent to the modeled spectra, all measured 

spectra were multiplied by this ratio at each wavelength. To investigate the relationship 

between optical properties, SDS, and extracted optical property error, we used the 

MCLUT method to separately extract optical properties for the eight SDS for all 

phantoms. 
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3.3 RESULTS 

 

3.3.1. System Validation of Optical Property Estimation 

 

 The optical property validation of the DMD probe across all three SDs showed a 

3.5-5% and 7.3-12% error in µs’ and hemoglobin concentration ([HbO2]), respectively. 

Figure 3.6 shows these results in greater detail. The top plots in the figure show the 

reduced scattering data trends about a 45˚ line that symbolizes perfect agreement with 

known values. The bottom plots in the figure show µs’ estimation across all relevant 

levels of [HbO2], with the solid lines representing perfect agreement with known 

properties. For the µs’ estimates, the perfect agreement values were slanted due to 

dilution of the sample as hemoglobin solution was added. There is a very important 

feature of these plots to take notice of. For the [HbO2] estimation plots of the top row of 

figure 3.6, the apparent error in [HbO2] estimation is lower for 900µm SD at the higher 

absorption levels than for 300µm SD. Conversely, the apparent error in µs’ estimates is 

lower for 300µm SD than 900µm SD at low absorption levels. Given this pattern, a rough 

suspicion could be made that sensitivity to absorption can be found in higher SDs and 

sensitivity to scattering can be found in lower SDs for biologically relevant ranges of 

optical properties. 
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Figure 3.6. Validation of the diffuse reflectance probe system under (a) 300, (b) 600 and 

(c) 900µm SDs. Top row: Hemoglobin absorption validation. 45˚ line 

symbolizes perfect agreement with known properties. Bottom row: Reduced 

scattering validation across all levels of hemoglobin absorption. Solid lines 

represent perfect agreement with known properties. 

 

3.3.2. Validation of Mean Sampling Depth 

 

 Figure 3.7 shows the results from the monolayer thickness reflectance experiment 

. The diffuse reflectance at 600nm increased for all SDs as the scattering monolayer 

thickness increased from 0-2.5mm. In this representation, the mean sampling depth is 

represented as the thickness at which 50% of the peak reflectance is collected, in which 

case the mean sampling depth for 300, 600 and 900µm SDs are 0.5, 0.7 and 0.9mm 

respectively. The red green and blue lines represent the MC simulation of the sampling 

geometry and monolayer thickness. 
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Figure 3.7. Experimental and computational results of normalized diffuse reflectance 

response to scattering layer depth.  

 

3.3.3. Sensitivity of Absorption Concentration to Source-Detector Separation 

 

SD separation has been correlated with increased sensitivity to absorption in 

diffuse reflectance sampling. To observe this trend with the DMD probe, 6 phantoms 

containing µa values of 0.001, 0.01, 0.1, 1, 1.0, 100mm
-1

 (at peak absorption) each having 

a µs’(λo = 630nm) value of 1.5mm
-1

 were sampled. Scattering was held constant across all 

phantoms to focus this analysis on absorption and simplify the dataset for this initial 

study. The DMD probe measured the diffuse reflectance of all phantoms using 7 SDs 

from 400µm to 1000µm in 100µm increments. The results in Figure 3.8 show the error in 

µa estimation for all phantoms and SDs as well as the optimal absorption vs. SD trend. 
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Figure 3.8. (a) (b) Diffuse reflectance spectra of the dataset. (c) µa fit values for three 

representative SDs (short, medium, high). 

 

 The error in µa estimation was relatively low for the majority of phantom/SD 

combinations; mnimum errors of all SDs were mainly under 10%. The data shows an 

inverse proportion between SD and optimal concentration of optical absorption. These 

trends agree with results found in previous studies that employed optical fiber based 

diffuse reflectance probes [55]. The highest SD of 1000µm was optimal for red dye 

absorption of roughly 1mm-1 while The lowest SD of 400µm was optimal for red dye 

absorption of 10mm-1. 
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3.4 DISCUSSION 

 

The choice of SD separation in diffuse reflectance sampling has biochemical 

sensing ramifications. The µa values for skin lesions can vary widely, depending on level 

of volumetric concentrations of melanin, hemoglobin, and other intrinsic chromophores 

commonly found in malignant skin sites. Melanomas usually have a high concentration 

of melanin, port wine stain has elevated blood concentration; whereas jaundice deals with 

relatively low bilirubin concentration. The optimal choice of SDS depends on the range 

of optical properties in the tissue of interest, and therefore, depends on the application. 

In the absorption sensitivity experiment, the phantom of the lowest concentration 

(0.001mm-1 µa) had a minimal effect on the shape of the reflectance spectra. With such 

low concentrations, the absorption attenuation is close to the noise floor of the system, 

explaining the increased error at that level. Conversely, the highly absorbing 100mm-1 

µa phantoms attenuate the reflectance spectrum to the point where the signal saturates at 

zero percent, limiting the quality of the fit. As a result, for each SD, there exists an 

optimal value which exists at a chromophore concentration between the two extremes. 

For lower SDs, the saturation occurs at relatively lower concentrations than would be the 

case for higher SDs and vice versa. For this reason, the optimal SD is higher for lower 

concentrations of chromophore and lower for higher concentrations of chromophore. This 

should be remembered when trying to detect trace or concentrated quantities of a 

particular absorber in tissue. The results demonstrate that the DMD probe can be used to 

find optical properties of a malignant skin site under multiple SDs, and based on those 

properties, weight the results according to the SD under which sensitivity is known to be 

greatest. 
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 The quality of optical property estimation with the DMD probe is 

comparable to that of fixed optical fiber probes, while offering an unrivaled level of 

flexibility in available sampling geometries. While non-contact optical fiber based probes 

can have adjustable SDs by altering lens magnifications, they cannot maintain constant 

source and collection aperture size in this manner, as those parameters will also be 

magnified. Conversely, with the DMD probe the collection aperture is digitally projected, 

therefore aperture magnification can be compensated for by customizing the ring 

thickness on the DMD. The ability to control these aspects of sampling geometry is 

important because it marks the effective resolution of optical property sensitivity across 

multiple SDs. 

 

3.5 CONCLUSION 

 

Here, we have presented a diffuse reflectance spectroscopy probe that uses a 

DMD for spatial filtering of diffusely reflected light. This probe has been validated for 

biologically relevant ranges of optical and physiological properties with error levels that 

are comparable to their fixed optical fiber based counterparts. Differential mean sampling 

depth across multiple SD separations have been observed and validated with MC 

simulations. Finally, we used this probe to show that the accuracy of optical property 

estimation for a material of a given absorption was dependent on the SD separation used 

to sample that material. This trend has been recorded for SD separations from 400 to 

1000µm across absorption coefficient values from 0.001 to 100mm
-1

. To our knowledge, 

this probe is the first of its kind, and would be a good tool for applications that require 

wide ranges of optical property measurement with an extra low margin of error. 
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CHAPTER 4:  HYPERSPECTRAL FLUORESCENCE IMAGING 

USING MEMS SCANNER 

 

4.1 INTRODUCTION 

 

The clinical need for noninvasive skin cancer detection devices has led to 

intensive commercial and research efforts to develop novel instruments for imaging, 

spectroscopy or the combination of both [70]. In particular, portable hyperspectral 

screening devices are highly desirable for the sensitive, biopsy-free characterization of 

diseases in situ and precision guided microsurgery. This will not only reduce the millions 

of costly, unnecessary biopsies performed every year, but will also make the diagnosis 

and treatment for diseases like melanoma more convenient and timely. A single-point 

DRS probe has been developed for the noninvasive diagnosis of skin cancer using optical 

fiber based probes placed in gentle contact with the skin surface [71]. The high accuracy 

of the preliminary results demonstrated the potential of DRS for non-invasive, real-time 

diagnosis of skin cancer. However, these results suffer from inaccuracies from “sampling 

errors” inherent in point measurements. While DRS provides detailed physiological data 

that can be useful for diagnosis, it does not allow for mapping or imaging of skin sites. 

This chapter details the design and characterization of a micro-electrical 

mechanical systems (MEMS) scanner based hyperspectral imaging system combining the 

advantages of both functional imaging and spectroscopy. Integrating the complimentary 

metal-oxide semiconductor (CMOS) compatible dual-axis micromirror, we have already 
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demonstrated imaging modalities, including a handheld forward-imaging confocal 

microscope capable of sub-micrometer lateral resolution [72] and OCT [73]. However, 

this new system is capable of hyper-spectral and depth-sensitive imaging with adjustable 

field of view and spatial resolution. 

 

4.2 INSTRUMENTATION AND METHODS 

 

4.2.1 MEMS Hyperspectral Imaging (HSI) System 

 

 

Figure 4.1. Schematic of the MEMS hyperspectral imaging system. 

 

In the implementation of the hyper-spectral imaging system shown in Figure 4.1, 

the light source used is a 405nm 25mW diode laser (Coherent Inc.). The laser beam is 

narrowed to a diameter of 1mm and deflected onto the reflective surface of the MEMS 
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scanner via a 500nm cutoff cold mirror (Thorlabs), and then focused onto the sample 

with an 80mm achromatic lens (Thorlabs). The fraction of fluorescence light that 

emerges from the sample within the collection solid angle (as dictated by the diameter of 

the scanner and the focal length of the lens) is de-scanned and transmitted through the 

cold mirror. This fluorescence is simultaneously focused onto a “ring aperture” that 

spatially filters all collected fluorescence that does not emerge at a given distance from 

the source spot on the tissue surface (source-detector “SD” separation) for depth sensitive 

imaging. The collected fluorescence is then refocused with a cylindrical lens, and 

dispersed by a prism for hyperspectral imaging, before being acquired by the 

photomultiplier tube (PMT) (Hamamatsu H9858). The slit on the front of the PMT anode 

ensures that only a narrow band of fluorescence is collected at any given time. Before 

collection by the PMT, the dispersed fluorescence is reflected onto the PMT slit by a 

mirror positioned on a motorized rotational stage. The rotational stage rotates slightly 

between each acquisition until images comprising the entire spectral band of interest are 

collected. Each acquired signal (pixel) is representative of the sampling volume where 

the scan resided at the time of acquisition. These signals are amplified (Stanford Research 

Systems) and assembled into an image (National Instruments LabView) by matching the 

x-y phases of the lissajous scan and temporally interpolating the signals with the mapped 

positions.  

 

4.2.2 Scanning micromirror 

 

Our scanning micromirror was the core component (shown in Figure 4.2) that 

provided the possibility to scale down the system down to a handheld portable device. 
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The MEMS micromirror was fabricated using a simple method [74] that is compatible 

with the complementary metal-oxide-semiconductor (CMOS) processes employed in the 

electronics industry. CMOS-compatible processing can allow on-chip integration of 

sensors and electronics to improve scanning precision, wafer yield and device lifetimes, 

while reducing fabrication costs and barriers to commercial market acceptance [75]. The 

mirrors were measured 1024 μm in diameter and were fabricated on chips of size 2.8 

mm2. Out-of-plane rotation about two orthogonal axes intersecting at the mirror center 

based on a gimbal design, were generated by two pairs of electrostatic staggered vertical 

comb drives on each axis. The maximum optical deflection angles were 22° and 12° 

respectively, at resonant frequencies of 2.67 kHz and 1.19 kHz for the inner and outer 

rotation axes. Image data were acquired after aligning the acquisition’s x-y phase with 

that of the x-y scan. Trigger waveforms from the signal generators synchronized the 

image acquisition with micro-mirror position. 
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Figure 4.2. SEMs of CMOS compatible microscanner. (a) Scanning electron micrograph 

of micromirror.(b) Roughness measurement showing a 8nm roughness in 

average (split in to two figures, one on SEM + deflection + f, one on surface 

characterizations) 

4.3. RESULTS 

 

4.3.1. Spatial and Spectral Resolution 

 

Through the use of a USAF 1951 reflective target, a resolution of approximately 

150μm was detected, corresponding to half the SD separation as expected. The device-

generated image is shown in Figure 4.3 along with a corresponding CCD camera image. 

The resolution of the image suggests that for a confocal optical arrangement (zero SD), 

the resolution would be related to pinhole size as expected. 
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Figure 4.3. Experiment measurement of the optical performance of the FSI system. Left: 

Image of the elements of group 7 of a USAF 1951 standard resolution 

target. Field of view: 1.2cm by 1.2cm Right: Image of the USAF target 

using Leica EZ4DMicroscope image of a USAF target. Scale bars are 2mm. 

 

The MEMS hyperspectral imaging system was characterized using both 

Polydimethylsiloxane (PDMS) Quantum Dot (QD) phantoms and biological samples 

such as porcine epithelium. PDMS is a polymer that begins as a viscous fluid, and cures 

to a solid form when mixed with a curing agent. QDs are semiconducting particles that 

have high fluorescence efficiency when irradiated at any point within a wide spectral 

band of optical energy. The fluorescence emission of a QD typically has a spectral full 

width at half maximum (FWHM) of 25nm) and come in a variety of fluorescence 

emission wavelengths. A multilayered QD PDMS phantom sample was fabricated to 

evaluate the quality of depth sensitive and hyperspectral imaging simultaneously (Figure 

4.4). For this phantom, micro-contact printing (μCP) is used to pattern QDs of different 

colors on the surfaces of multi-stack PDMS thin layers. Each spin-coated PDMS thin-
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layer was 200μm thick, infused with titanium dioxide to provide optical scattering. The 

sample contained a 3x3 QD pattern array, each depth containing 3 different colors on it. 

 

 

Figure 4.4. Schematic of the μCP fabricated QDs multilayer PDMS sample. Left: 

Isometric View. Right: Side View. 

 

By scanning the MEMS micro mirror in a lissajous pattern, the lateral resolution and the 

field of view (FOV) of the real-time imaging system were experimentally determined as 

~100μm and 1.2cm by 1.2cm, while rendering at a frame rate of 0.8 frames per second 

(fps). Using a real-time HSI system on the PDMS-QD phantom resulted in 30 images of 

different wavelengths through the spectrum within 70 seconds (12 of which is shown in 

Figure 4.5). Therefore an acquisition speed of 0.43 wavelengths per second was obtained. 

The 100μm slit placed in front of the PMT improved spectral resolution and reduced 

noise. 
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Figure 4.5. MEMS HSI for PDMS-QD phantom imaging. (a) PDMS sample imaged 

fewer than 12 selected wavelengths from the 30 total acquired wavelengths. 

(b) Normalized spectrum of 3 featured positions on the PDMS sample. 

 

Using the images of 3 peak wavelengths, the pseudo color image was merged and 

rendered (Figure 4.6(a)), which showed good preserving of features when compared to 

the mosaic image from commercial microscope (Figure 4.6(b)). The process of merging 

the fluorescence images containing multiple fluorescence emission constituents was 

straightforward. Because the fluorescence emission profiles are fairly distinct and are not 

highly convoluted the images at the three peak wavelengths were merged together to 

form an image. To reduce image noise, a lowpass filter was applied to the hyperspectral 

images prior to merging. 
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Figure 4.6. Comparison of images acquired using (a) MEMS HSI and (b) Olympus BX51 

microscope. MEMS pseudo color image merged from 3 peak wavelength 

images. Scale bars are 1mm. 

 

For acquiring depth-sectioned images; a 100μm pinhole was translated in the 

image plane as a collection aperture for light returning from the sample. As the pinhole is 

translated, the collection aperture also translates at the position of scan (sample plane). 

Source-detector (SD) separation is radial distance on the sample surface between the 

source spot and the spot imaged by the collection aperture. This radial separation will be 

proportional to the mean sampling depth of the collected photons due to the diffuse 

nature light scattering in turbid samples. Offsetting the collection from the source spot on 

the sample creates an SD “σ” separation. Eq. (4) describes the relationship of the 

fluorescence intensity comparison collected between the deeper and shallower layers: 

 

 
           

        
 

 

 
 (4) 
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where “I” refers to the collected fluorescent light intensity from the quantum dot layers, 

and σ stands for different source-detector separation values. 

 

 

Figure 4.7. (a)-(d): Depth sampled images for four different SD separations. Fluorescence 

intensities within selected regions of the image were calculated to obtain 

ratios of shallow to deep intensities. Red and yellow outlined regions 

contain shallow (200μm) and deep (600μm) QDs respectively. (e) Mean 

intensity ratios of shallow vs. deep quantum dot stamps over 0 to 399μm SD 

separations. Scale bar is 1mm. 

 

In Figure 4.7, four different SD separations were performed, showing the 

sampling depth selectivity in terms of the ratios of fluorescence intensities between the 

shallowest and deepest layers. Each image was normalized to full dynamic range so that 

the trend could be seen qualitatively in the figure. 

Figure 4.7(e) implies the diminishing trend of the intensity ratios with increasing 

SD separation. This shows that fluorescence emanating from more deeply implanted 

quantum dots account for an increasing percentage of the overall collected light as SD 
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separation increases, as indicated by previous studies [34]. So far the results have 

demonstrated that by increasing the SD separation from 0 to 400μm, the selectivity of the 

deepest layer increases by a factor of 1.83 times. While boosting the relative signal of 

deeper features, close inspection of Figure 4.7 reveals that SD separation has an adverse 

effect on spatial resolution and signal to noise ratio. 

 

4.3.2. Ex Vivo Imaging 

 

Biological imaging potential was demonstrated using quantum dots with 2 

different emission peaks placed under the surface of ex vivo porcine epithelium (Figure 

4.8). The spectra of the two QD used in this image were measured with both the HIS 

system as well as a commercial spectrometer. Image processing techniques including 

noise despeckling , averaging, and contrast enhancing were used here to improve the 

image quality.  

Pseudo color images were acquired from hyperspectral images using the method 

of spectral unmixing. Using this method, we demonstrate our system’s capability of 

optically distinguishing between fluorophores. Spectral unmixing is a technique 

commonly used for processing aerial images for geographical topography mapping. This 

technique considers the fluorescence emission spectrum for each constituent fluorophore 

as well as the composite hyperspectral fluorescence image. From this information, a 

linear equation can be formed to determine the relative amount of each fluorophore that is 

present within the confines of a particular pixel. The equation governing the logic of 

spectral unmixing is known as 
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          ∑        

 

 

 (5) 

 

Where F represents the composite fluorescence spectrum at pixel x,y. F is simply 

the linear summation of the product between the constituent fluorescence emission 

spectra (B) and their coefficients (A). In this experiment, two QDs are used, so there are 

two terms in this linear equation. This process shows the potential of using bio-

conjugating agents for hyperspectral fluorescence imaging towards biomarker detection. 

 

 

Figure 4.8. Biological Sample of porcine epithelium with QDs placed underneath the 

surface, with SD separation being zero (essentially, the confocal 

configuration). (a) Camera image of sample, MEMS HSI scan area is 

delineated by the white box. (b) Emission spectrum of quantum dots used. 

The bold curve was derived using USB4000 spectrometer and broken line 

curves derived from the hyperspectral imaging system (25 points from 550 

to 700nm). (c)-(d) De-mixed images acquired at the peak wavelength of 

orange and red QDs. (e) Pseudocolor image merged from (c), (d) after 

thresholding, despeckling and denoising. 
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4.4. DISCUSSION 

 

As a first step in the design of this imaging system, the solution to hyper-spectral 

acquisition using only one detector was a functional, yet slow one. Future designs will 

apply a multichannel detector, which will enable the acquisition of many bands within the 

time required to collect a single frame. Acquisition rates will also be improved by 

imaging static samples under lower integration times, and performing image processing 

to fill in blank pixels. Computation time can be reduced by using parallelization between 

data acquisition and data/image processing. 

The experiments also demonstrated that it is possible to image features within 

scattering media as deep as at least 600μm; a sampling depth that has been demonstrated 

in similar studies. Currently, developments include a collection technique that will enable 

an increase in sampling depth while increasing signal to noise (SNR). SNR can be vastly 

improved by collecting an entire “ring” of a given SD separation rather than collecting 

only a single spot of fluorescence on the sample surface. Higher SD separations would 

benefit most from this technique as the ring circumference has a squared relationship 

with SD separation (radius), thus sensitivity could be improved. Spatial resolution 

however, cannot be improved with this technique, as it is only a function of SD 

separation, but dramatic improvements in signal to noise can be expected. 

 

4.5. CONCLUSION 
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This study demonstrated a real-time functional spectral imaging system capable of 

depth-sensitive and hyperspectral imaging using a dual-axis MEMS micromirror. Spatial 

FOV of 1.2cm x 1.2cm and resolution of at least 100um are obtained at a frame rate of 

1.3fps. Hyperspectral resolution of 6nm and imaging speed of 0.43 wavelengths per 

second were obtained for both phantom and biological samples. Fluorescence images at a 

range of sampling depths have been acquired by tuning the source-detector separation. 
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CHAPTER 5:  DIFFUSE REFLECTANCE HYPERSPECTRAL 

IMAGING 

 

5.1 INTRODUCTION 

 

Over the past 30 years, there has been a higher prevalence of skin cancer than all 

other cancers combined [5]. Skin cancer screenings, although important, are a highly 

qualitative and subjective process, suffering from false positives that result in 

unnecessary invasive biopsies and doctor visits. In fiscal terms, these false positive 

readings result in an estimated $2B cost to the US health care system and undue stress, 

pain and disfiguration for the patient. The major factor behind diagnostic accuracy of skin 

cancer screenings is the clinician’s level of experience. Studies have shown that 

diagnostic accuracy is better for experienced dermatologists than general practitioners 

[76]. With one in five Americans developing skin cancer in their lifetime [77], there is a 

growing need to equip healthcare professionals with a tool that will provide quantitative 

as well as qualitative images that can improve on the subjectivity of skin cancer 

screenings. 

For over ten years, optical imaging modalities have been developed that have 

sought to combine the diagnostic accuracy of spectroscopy with the spatial detail of 

imaging. Hyperspectral imaging, which involves capturing images of a field under 

multiple wavelengths, can provide the extraction of biochemical information from 

tissues, particularly in the presence of multiple absorbers and fluorophores, as is the case 
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in skin. Charge coupled device (CCD) array, or camera based systems take snapshots of 

the skin under different wavelengths of visible illumination in order to build a spectral 

data cube image where each voxel accounts for a reflectance or fluorescence spectrum. 

The system developed by Martin et al. captured hyperspectral autofluorescence images of 

a xenograft tumor model in vivo [33]. Their system used a liquid crystal tunable filter 

(LCTF) in concert with an intensified CCD to collect up to 22 wavelength images in a 

total of 23 seconds. Kortum et al. imaged oral dysplasia with an LCTF-CCD combination 

to collect wavelength bands from 400 to 720nm in 5nm increments spanning a duration 

of 30s-120s [78]. These methods benefit from high spatial resolution offered by CCD 

arrays, but suffer great losses in optical efficiency primarily due to the polarization of the 

LCTF. In addition, these studies limit their results to spectral intensity ratios and do not 

correct for distortions in their fluorescence spectra due to absorption [79]. Without this 

correction, tumor margins delineated through fluorescence can be obscured by 

chromophores such as blood, preventing adequate tumor removal.  

In another approach to CCD skin imaging, a modality called spatial frequency 

domain imaging (SFDI) uses structured rather than spectral illumination techniques to 

derive quantitative maps of optical and physiological properties of turbid media [67, 80]. 

SFDI uses periodic illumination patterns at different excitation wavelengths on turbid 

materials and calculates optical properties via evaluation of the modulation transfer 

function. The advantages of this system are numerous: high spatial resolution; the ability 

to control optical sampling depth; and structured illumination is used to decouple 

scattering from absorption.  

Recently, point scanning hyperspectral imaging has been extended to relatively 

large fields of view where reflectance hyperspectral images were obtained by scanning a 

focused beam of white light across a field and spectrally dispersing the returning 
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diffusely reflected signal. Yu et al. was among the first to demonstrate this technique by 

using scan mirrors to raster scan a white light beam across tissue and de-scan diffusely 

reflected light that traversed the sampling volume [35]. In their study, the collected 

spectra of each pixel was fit for reduced scattering and absorption using an analytical 

model based on the modified diffusion approximation to the radiative transport equation. 

The merits of this system include high signal to noise (SNR) and spectral resolution; 

however, the acquisition time was relatively long (90s) and the spatial resolution too low 

(1mm) for imaging sub-features of skin cancer lesions which are typically 5-10mm in 

diameter. A design by Burgess et al. had a point scanning absorption contrast imaging 

system with acquisition rates of up to 100 frames per second and was capable of 

relatively high resolution imaging [34]. However this system only imaged three 

wavelength bands – red (638nm), green (532nm) and blue (488nm) - rendering it limited 

for its ability to estimate concentrations of multiple spectrally distinct absorbers.  

Here, we present an handheld raster scanning diffuse reflectance spectroscopic 

imaging (DRSi) system that uses a well-developed single point optical sampling 

technique and adapts it to widefield (>10cm2) imaging. DRSi scans a confined sampling 

volume defined by the size and center-to-center distance of the source-detector (SD) 

apertures (Fig. 5.1). 
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Fig. 5.1. Sampling geometry of DRSi. 

This sampling geometry makes the signal explicitly dependent on reduced 

scattering and absorption coefficients [81], unlike camera images where the captured 

signal is a function of albedo (µs’/(µs’+µa)). For hyperspectral camera images of turbid 

media, the lack of spatial confinement makes the separation of µs’ and µa impractical. 

With DRSi’s confined SD apertures, photon path length becomes known, and µs’ and µa 

can be quantified individually. Single point spectroscopic sampling techniques using 

optical fibers in contact with the skin (source and collection apertures (SD)) have been 

used to quantify the reduced scattering and absorption of oral [82-83], breast [84], colon 

[37], cervical [46, 85] and skin cancers [47]. This method has been used to classify 

normal from dysplastic tissues with good sensitivity and specificity when combined with 

intrinsic fluorescence. By scanning the SD apertures across a wide field, a map of optical 

and physiological properties can be achieved, which provide meaningful quantitative 

biological information in a spatially resolved format. DRSi requires that the spectral 

resolution be adequate to resolve the narrowest spectral features, which are primarily the 

q-bands of hemoglobin. Spatial resolution in DRSi is limited by the mean free optical 

scattering path length (1/μs’) and the optical sampling geometry. As with single point 
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optical sampling, DRSi uses visible wavelengths are used where intrinsic chromophores 

(blood, melanin) absorb with spectrally distinct characteristics (Fig. 5.2). 

 

Figure 5.2. Most common biological chromophores found in skin. 

 

DRSI requires that the spectral resolution be adequate to resolve the narrowest 

spectral features, which are primarily the q-bands of hemoglobin (540 and 575nm). 

Spatial resolution in DRSI is limited by the mean free optical scattering path length 

(1/μs’) and the optical sampling geometry. The sampling geometry is defined by the size 

and center-to-center distance of the SD apertures. The well-defined volume averaged 

reflectance signal defined by the sampling geometry ensures that the collected photons 

have traveled a narrow path length distribution in the sample, much like in a cuvette of a 

spectrophotometer. As a result, this signal can be used to decouple absorption from 

scattering, thus biological parameters can be quantified. Such optical methods of 
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determining biochemical and physiological properties such as DRS have been dubbed 

“optical biopsy” methods and have become popular topics of biomedical optics research. 

In this paper, we describe the DRSi system that provides maps of intrinsic 

biological scattering and absorption properties in-vivo without any extrinsic contrast 

agents. We validate this system for biologically relevant combinations of reduced 

scattering and absorber concentrations. We characterize the spatial/spectral resolution and 

signal-to-noise ratio (SNR). We conclude with a clinical demonstration of the system 

towards the spatio-chemical characterization of skin cancers. 

 

5.2. INSTRUMENTATION AND METHODS 

 

 DRSi is a widefield imaging technique with image sizes of over one square 

centimeter and sampling penetration depths of beyond 1mm, which allows for fast and 

noninvasive in vivo imaging of skin lesions. The diagram shown in Fig. 5.3 shows the 

basic layout of the DRSi system with the region in pink highlighting the components of 

the handheld device. This system uses a 75W Xenon arc lamp (Newport, Irvine CA) 

coupled to a 100μm optical fiber for source power. At the handheld end, light was 

collimated with a ½” diameter 19mm focal length lens (Thorlabs, Newton NJ) and 

polarized with a polarizing beamsplitter (Thorlabs, NJ USA.) in order to reject specular 

reflections. The collimated and polarized source beam was tilted and steered with a pair 

of galvanometer scanning mirrors (Cambridge Tech., Bedford MA) across a 1” diameter 

30mm focal length achromatic for focusing onto the sample. Diffusely reflected light 

emerging from the tissue surface reverses the optical path through the system. After 

emerging from the tissue, diffuse reflectance was de-scanned by the galvanometers, and 
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redirected by the beamsplitter down a collection arm where a ½” diameter 19mm focal 

length lens focuses this light into a 200μm optical fiber for detection. It was important to 

note that the tip of the source and collection fibers are imaged onto the tissue, forming 

virtual SD apertures located at ρ microns away from each other. After the diffuse 

reflectance signal traverses the collection fiber, it reaches the spectrometer (Ocean 

Optics, Dunedin FL) which was portable and customized for sensitivity in the UV-VIS 

region of interest. Also to facilitate visualization of skin lesions and co-registration to 

optical/physiological property maps, the DRSi imager contains a camera, focus-adjusted 

to snap an image of the sample immediately prior to imaging. For the camera image 

collection, the field of view was illuminated by an LED ring while a shutter between the 

beamsplitter and the galvo scanner block the xenon light source from interfering with the 

image. 
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Figure 5.3. DRSi System Design 

 

The scaled-down approach to building a beam-scanning based imaging system 

required the use of an objective, or imaging lens of limited focal length. As a result, this 

introduced the problem of field curvature and limited depth of field. To address both of 

these issues, a plano-convex lens was fixed at the focal plane such that the convex surface 

closely matched the field curvature to ensure that the tissue surface remained coincident. 

Since this lens functions more as a window than a lens, this lens was called, the 

‘curvature matching window’. In order to select a plano-convex lens of proper curvature, 

TracePro imaging simulation software (Lambda Research, MA) was used to simulate the 

optical path of the system and characterize the field curvature. With the curvature 
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simulation results, the appropriate plano convex lens was selected for the curvature 

matching window. 

Pre-cancerous and cancerous lesions are commonly found on areas of skin that are 

contoured and difficult to scan with a large, bulky imaging system. Precancerous lesions 

are commonly found on sensitive areas such as the face which would require a DRSi 

probe head that is compact enough to reach complex areas. Figure 5.4 shows an earlier 

prototype of the design that was large with the sample plane co-incident with the face of 

the probe body. As a result, lesion images in areas such as the ventral neck, face and 

lower back were difficult to image and were commonly out of focus.  

 

 

Figure 5.4. Previous compact DRSI probe housing 

 

To solve this problem, a customized probe body was designed from scratch using 

Solidworks drafting software and constructed using a 3-D printer (EnvisionTEC Ultra). 

Features of this customized probe were: a tapered neck, facilitating access to more 
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contoured areas of skin; easier access to fiber and electrical connections; as well as the 

collection aperture adjustment knobs; and space efficient housing of optical elements. 

Figure 5.5 shows the latest DRSi design iteration in more graphic detail. The tapered 

neck at the imaging end was a major improvement over the flush face design of the 

previous probe housing. This shape facilitated easy access to facial areas of skin where 

the previous design would be incapable of making contact. The optical fiber and 

electrical port design enabled the connection and removal of opto-electronic peripherals 

without having to open the housing as with the previous design. SDs could be adjusted 

externally as well from the large port on the side of the probe.  

 

 

Figure 5.5. Compact Clinically-Adaptable DRSI Probe and Mobile Cart Setup 
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5.2.1. Image Processing 

 

 Image processing in this DRSi system consists of background subtraction 

followed by spatial and spectral normalization. The image background consists of back 

reflections from optics in the system and any constant stray light that travels into the 

collection arm. The background image is acquired as an image of a highly absorbing, 

non-scattering material in contact with the curvature matching window and is subtracted 

from all subsequent images. Light delivery and signal collection efficiency in DRSi is a 

function of the imaging lens’ numerical aperture (NA) and, to a lesser degree, of the scan 

mirror size and position. The scan mirror size affects the NA as it dictates the diameter of 

the collection f-stop.  

 

System Parameter Value 

Image Size 50x50 Pixels Typ. (Variable) 

Frame Rate ~1 Hyper Spectral FPM 

Field of View ~1cm x 1cm 

Depth of Field 1mm 

Optical Bandwidth 450-800nm 

Spectral Resolution 1-4nm 

Table 5.1: System Parameters of the DRSI system. 

 

Spatial intensity heterogeneities are accounted for by imaging a homogeneous sample 

used to normalize these effects. For this purpose, a PDMS sample homogeneously 

infused with titanium dioxide (TiO2) for scattering is used as a reflectance standard to 
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spatially and spectrally normalize subsequent tissue images. Eq. 6 describes the 

culmination of these normalization operations that result in hyperspectral diffuse 

reflectance images. 

 

           
                            

                              
 (6) 

 

TiO2 was used for spectral normalization because it reflects flatly across the visible 

spectrum (the spectral reflectance is invariant with wavelength). As a result, TiO2 

provides a reference that accounts for the spectral shape of the light source and optical 

coatings in the system that alter collected light intensity. Spatially, the PDMS/ TiO2 

sample is heterogeneous, making it ideal for spatial normalization. PDMS is easily 

conformable to the shape of the curvature matching window by curing it in a mold 

containing a convex lens of the same curvature. By shape-matching the PDMS to the 

curvature matching window, contact can be evenly distributed across the FOV. The 

reflectance value of the PDMS/ TiO2 sample is calculated from Eq. 7. 

 

      
  

      
      

                  
 (7) 

 

The reflectance of TiO2 phantom as a standard measurement is calculated by 

comparing its diffuse reflectance to that of a known NIST traceable spectralon reflectance 

standard that is designed for its spectrally even reflectance properties.  

 

5.2.2. Image Fitting  

 



 70 

 There are multiple ways to glean optical and physiological properties from a 

diffuse reflectance spectrum. The LUT is essentially a database of reflectance spectra for 

all physiologically relevant absorption (μa) and scattering (μs’) coefficients; an unknown 

reflectance spectrum (i.e. suspected lesion in the clinic) is fitted to the LUT in order to 

extract μa and μs’, which can be used to classify disease state. We have previously applied 

the LUT method for a variety of applications [40, 67]. Other models are based on 

analytical methods such as diffusion theory (DT) [86], or computational models such as 

monte carlo (MC) [38]. The LUT model is system specific and offers higher accuracy 

and versatility for a wide variety of optical properties and sampling geometries than DT 

without the computational demands of MC. For these reasons, I use LUT to perform 

spectral fitting of diffuse reflectance images and obtain optical property maps of reduced 

scattering (μs’(λo)), blood volume fraction and melanin content. 

 At the image fitting stage, the diffuse reflectance spectrum of each pixel was 

numerically fit to the LUT, yielding optical property values for that particular pixel.  The 

fitting was performed using custom algorithms written in MATLAB that employ non-

linear fitting techniques to minimize the error between the LUT and the measured data. 

With the data combined from all the pixels, a two-dimensional map was obtained for 

each optical property. The fitting step was performed offline, as reflectance spectra fitting 

generally takes about one to 5 seconds per spectra depending on how many parameters 

there are to fit. Real-time fitting of hyperspectral datasets have been demonstrated with 

graphical processing unit (GPU) processing, offering speed-ups of over three orders of 

magnitude [87]. GPU processing is beneficial for hyperspectral data cube fitting due to 

the highly parallel nature of the GPU, with some units having hundreds of cores. 
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5.2.3 System Validation 

 

 Reflectance images are spatially normalized and phantoms are homogeneous, 

therefore the reflectance should be uniform across the all pixels. This must be verified in 

order to be assured that skin image contrast is due only to scattering and absorption 

heterogeneities. This verification is simply made by imaging a homogeneous semi-

infinite phantom. To test for accuracy, we imaged a set of phantoms representing a range 

of reduced scattering and absorption and used them to build a look-up table of 

reflectance. Using the average reflectance spectrum of each phantom image, we then 

measured a testing set of phantoms with a range of biologically relevant reduced 

scattering and hemoglobin concentrations to validate our system. Verification can also be 

made by collecting images of the sampling geometry at various points of scan to verify 

that the size and distance between the SC apertures remain constant.  Lastly, spatial 

resolution will be empirically measured by imaging a turbid material containing fine, 

well defined contrasting features. 

 

5.2.4 Clinical Data Collection 

 

 The performance of the DRSi probe has been periodically tested on patients 

undergoing skin cancer screenings at the University Medical Center Brackenridge (Seton 

Hospital). To date there have been over 60 patients enrolled in the study since November 

2011.  The institutional review board at The University of Texas at Austin and Seton 

Hospital approved the study protocol and informed consent was received from all patients 

that participated.  
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5.3. RESULTS 

 

5.3.1. Spatial Normalization 

 

 For images of homogeneous phantoms, each reflectance image pixel should 

ideally be the same in order for optical property maps to be accurate.  If this criterion is 

met (within the statistical variation of the signal due only to shot and dark current noise), 

then any contrast within the image is attributable only to variations within the tissue.  

However in any beam scanning system, there will be artifacts and aberrations; in the case 

of DRSi, the main artifact is field curvature. To mitigate field curvature effects, existing 

solutions include f-theta scan lenses that effectively reduce the effect of field curvature 

through a series of meniscus lenses.  A cost effective solution used in DRSi was to match 

the field curvature to the surface of the skin to be imaged. This is achieved through using 

a field curvature matching window (plano-convex lens), which is in contact with the 

tissue. The convex shape of the matching window provides additional functional 

versatility; concave skin topography (neck, back) can be imaged. This is visually 

illustrated in Figure 5.6, where the results for TracePro simulations for planar and plano-

convex matching windows are shown.  In this simulation, the difference between the two 

types of windows is quite pronounced – for the planar case, the beam profiles are very 

different and highly dependent upon spot location; however, for the plano-convex lens, 

the beam profile is quite invariant with spot location . Therefore, the plano-convex lens is 

a very useful, cost-effective solution for imaging skin lesions, which are distributed all 

over the body. 
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Figure 5.6. Focal Plane Matching Ability – Convex vs. Planar Windows. (a) and (b) 

Raytrace of optical paths containing the planar window (a),  and a convex 

curvature matching window (b). Simulated rays are colored red. (c) and (d) 

show intensity profiles of spot locations marked by blue, green and red 

circles for the planar (c) and convex (d) windows. 

 

To empirically validate the curvature compensation shown in the optical 

simulation, visual inspection of the sampling geometry at various points of scan was 

performed. By covering the curvature matching window with light adhesive putty, the 

embedded camera of the DRSi system was used to snap pictures of the source and 

collection apertures. Source light was then sent in through the source and collection fiber 

ports with the shutter open so that the apertures were visible. Using nine different scan 

positions, the images of the apertures were used to measure the projection of intensity in 

the vertical and horizontal directions. After normalization of the projection profiles, it is 
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clear that the size and location of the source and collector apertures are virtually 

unaffected by scan position, Figure 5.7. 

 

 

 

Figure 5.7. Source and Collector aperture size and location measurement 

The results of these experiments show that the field curvature matching window 

reduces the effect of field curvature by enabling the sample to be located along a curved 

surface that closely matches that of the focal plane. The mean diameter spot size was 0.44 

and 0.39 for the source and detector respectively. Mean SD separation was 0.74mm with 

a standard deviation of 0.047mm. Without a curvature matching window, or a planar 



 75 

window, the sampling geometry would not be the same across the image and there would 

be noticeable and radially symmetric field inhomogeneity. 

 

5.3.2. Validation 

 

In order to validate the DRSi system for scattering and absorption, a scattering-

absorption matrix of tissue simulating liquid phantoms was created and imaged in order 

to build a LUT model.  After the model was built, a validation set of liquid phantoms was 

created comprising biologically relevant ranges of scattering and hemoglobin 

concentration. The validation phantoms were imaged, processed and fit for reduced 

scattering (μs’ –mm
-1

)  and hemoglobin concentration ([Hb] – mg/mL). The results of the 

validation are shown in Figure 5.8 with the blue line representing perfect performance.  

The data show that as an average of all nine validation phantoms, the DRSi system is able 

to capture scattering and hemoglobin concentration properties to within 5.14% and 8.13% 

error respectively. 

 

 

Figure 5.8. Optical and physiological property validation for the DRSi system. (a) μs’ 

fitting performance. (b) [Hb] fitting performance. (c) Representative raw 

spectra (black broken lines) with model fits (solid blue lines). 
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The range of μs’ and [Hb] used for validation were chosen based on a previous 

clinical study pertaining to the diffuse reflectance of skin [81]. In that study, skin was 

found to have μs’ in the range of 2.1 +/- 0.5 mm
-1

 and hemoglobin concentration of 2.6+/- 

0.9 mg/dl; concentrations well represented in the range used here. 

 

5.3.3 Spatial Resolution 

 

Image sharpness, or spatial resolution, is typically measured with a United States 

Air Force (USAF) target of small lines and squares of various sizes. However due to the 

nature of the DRSi system and its curvature matching window, imaging a USAF target is 

difficult to perform accurately unless a properly curved target could be found. Instead we 

image a single square of electrical tape on curvature-matched PDMS so that we can 

measure the edge profile in the horizontal and vertical directions and calculate the line 

spread function (LSF). The LSF is a parameter used to describe image sharpness or 

resolution in systems where it is less convenient to create a sample containing a point 

source from which to calculate the point spread function (PSF).  In order to calculate the 

LSF, the edge response, or step profile of a sharp edge in the image needs to be 

measured.  Then once the step response is acquired, its derivative is calculated, giving the 

LSF (Figure 5.9). As with the PSF, the LSF is characterized by the full width half 

maximum (FWHM) of its pseudo-Gaussian shape, revealing the minimum distance that 

two features can be separated by and still be distinguished as separate features.  As a 

consequence of this resolution measurement, from the Nyquist theorem, the minimum 

image size (that will retain maximum resolution) can be determined as half of this value. 
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Figure 5.9. Reflectance image of dark square as part of resolution measurement. 

 

The image size used for these measurements was 100x100, which corresponds to 

a field of view of 10x10mm. Therefore the pixel to pixel distance was approximately 

100μm.  The LSF shows that for both horizontal and vertical measurements, the FWHM 

can be considered approximately 200μm wide. Therefore for peak resolution, the 

minimum image size, for this system was at least 100x100 pixels. However, increases in 

image size come at the cost of increased imaging time, which can reduce patient comfort. 

For that reason, for in vivo imaging of human subjects, 50x50 pixels were used for an 

acquisition time of approximately 50 seconds. Despite the spatial under sampling rate,  

the practical usefulness of DRSi images was unaffected as the smallest features that 

needed to be resolved were that of the lesions themselves which had diameters of 2 to 

20mm; an order of magnitude larger than the resolution. 
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5.3.4 Skin Lesion Images 

 

 Skin imaging is performed identically to imaging tissue simulating liquid 

phantoms with the exception that for skin, it is beneficial to apply an index matching gel 

to the skin surface to avoid some specular reflections prior to acquisition. As stated 

previously, acquisition time is approximately 50s for the 50x50 pixel image size used, 

offering a good balance between imaging resolution and acquisition time. Figure 5.10(a) 

shows an example image of a basal cell carcinoma (BCC) skin cancer with the FOV 

delineated by a white box. Each pixel of the image was fit for μs’(630), melanin 

concentration, and blood volume fraction, as shown in Figure 5.10. 

 

 

Figure 5.9. (a) A suspicious skin lesion and its corresponding (b) hyperspectral diffuse 

reflectance image set. The white square in (a) denotes the field of view 

during the image acquisition process. The pixel values in (b) specify the 

reflectances for (x,y,λ). 

 

 These optical property maps show known details about the biochemical nature of 

skin cancers, but until now have not been revealed through diffuse reflectance modalities. 

Among these details were the reduction in μs’ and the increase in hemoglobin 



 79 

concentration, particularly along lesion margins. Such trends have been observed in point 

probe reflectance spectroscopy of pigmented lesions [28]. The blue lines surrounding the 

lesion are pen outlines for demarcation purposes. This pen ink absorption was accounted 

for in the spectral fit in order to minimize its intrusion into the μs’ and hemoglobin 

images. 

 

5.4. DISCUSSION 

 

The DRSi system operation is similar to that of a confocal microscope with a few 

exceptions. Firstly, the pinhole used in confocal imaging (for removing out-of-focus 

light) is replaced by the tip of a collection fiber. However instead of collecting single-

scattered light from the focal volume, DSRI collects diffusely reflected light offset by a 

distance ‘ρ’, from the focal point. This is because while confocal imaging is optimized 

for spatial confinement of collected photon signal from contrast agents, DRSi is 

optimized for SNR, and collection of diffuse reflectance. Secondly, the light source used 

in confocal imaging is a laser (typically UV for fluorescence requiring a long pass filter), 

which is powerful enough to provide enough single scattering (or fluorophore absorption) 

events in the focal volume for the required SNR. In contrast, for DRSi, a xenon arc lamp 

coupled into an optical fiber was used to deliver enough photon flux to the skin to 

overcome the 1/ ρ2 attenuation in diffusely reflected light. Broadband optical irradiation 

and detection in this manner allows for the quantification and decoupling of absorption 

and scattering based on Photon Transport or Diffusion Theory. Lastly, DSRI is relatively 

inexpensive compared to CM; CM requires higher magnifications and more precise 

optics, which increases the cost of the imaging system.  
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The DRSi system as described in this paper was optimized for acquisition time 

and SNR. Increasing the source-collector separation will increase the mean penetration 

depth of sampled photons; however, the trade-off is reduced sampling efficiency as the 

diffuse reflectance signal is inversely proportional to the square of the source-collector 

distance. To compromise, the source-collector separation could be brought down to zero 

(overlapping), with specular and single scattered light rejected by using cross-

polarization methods. Since overlapping sampling geometry retains the optical 

confinement of sampled photons, optical property derivation is still possible with this 

configuration. Another benefit of using overlapping source-collector apertures is that 

shadow artifacts (derived from the SD apertues scanning across a sharp feature) can be 

avoided [88]. What makes DRSi a unique optical imaging system is that the contrast of 

each optical property image pixel is dependent on the spectral features derived from the 

volume it represents. To fit an LUT model to each spectra of the image for light transport 

in turbid media, the Levenberg Marquardt method of error optimization was used and has 

been shown to be highly reliable. The SNR also affects the quality of property maps and 

is a function of detector sensitivity, optical efficiency, light source intensity, and the 

optical properties of the skin under investigation. 

For clinical application, a major limiting factor for performance was the 

acquisition rate. Increases in image resolution come at the cost of acquisition time. For 

that reason, a resolution of 50x50 pixels was used for an acquisition time of 

approximately 50 seconds. Despite the spatial under sampling, the practical usefulness of 

DRSi images was unaffected as the smallest features that need to be resolved are that of 

the lesions themselves which have diameters of 2 to 20mm, which are an order of 

magnitude larger than the resolution. Acquisition times of beyond 60s may result in 

patient discomfort, motion artifact, and probe pressure effects. Acquisition rates can be 
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improved through more sensitive CCD spectrometers and higher intensity light sources 

such as supercontinuum lasers; however, this comes with added cost, size and weight. 

The current hardware provides 50x50 pixel hyperspectral images at 50 seconds per image 

with 25ms integration times and no averaging. When optimized for speed (integration 

time = 1ms), this rate drops to 12 seconds with the bulk of time spent on digital to analog 

(D-A) conversion of the scan signal. Even the D-A conversion time can be reduced 

through more expensive DAQ hardware (NI PXIe-6356) which we have used to scan 

100x100 fields at rates of up to 5 frames per second. To improve the spectral fitting rate, 

real-time fitting of hyperspectral datasets have been demonstrated with graphical 

processing unit (GPU) processing, offering speed-ups of over three orders of magnitude 

[87]. GPU processing is beneficial for hyperspectral data cube fitting due to the highly 

parallel nature of the GPU, with some units having hundreds of cores. 

 

5.5. CONCLUSIONS 

 

Here we have presented a spatially resolved diffuse reflectance spectroscopy 

instrument towards the detection of skin cancers in vivo. With this instrument, 

hyperspectral images of turbid media are acquired and the spectra of each pixel was fit 

for optical and physiological properties. Validation of this system for the fitting of optical 

properties was accomplished through the use of liquid phantoms that span a range of 

biologically relevant optical and physiological properties. Image quality was achieved 

through background subtraction, spatial and spectral normalization and cross 

polarization.  
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Advancements in acquisition hardware has reduced the size and cost restraints on 

this system, making it more readily adaptable to clinical settings and low resource 

facilities. As digital hardware solutions progress, the tradeoffs in performance that had to 

be sacrificed can be slowly regained and optical biopsy solutions such as DRSi can be 

further miniaturized. By expanding the nature of DRS from a point probing tool to an 

imaging platform, the potential of this instrument as a viable skin cancer diagnostic tool 

can now be recognized. 
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Chapter 6:  Conclusion 

 

6.1 SUMMARY 

 

The screening process for skin cancer is inherently subjective; it relies on trained 

observers to identify tumors with reasonable accuracy. Once the tumor is determined to 

be malignant, patients are subjected to an invasive biopsy, some of which will be 

incomplete and form a recurring lesion. In response to this problem, this dissertation 

presented an optical imaging system that enabled the user to see quantitative details of 

skin cancer that are not discernible with the naked eye. This imaging system is capable of 

imaging physiological and spatial details of tumors without invasive procedures or 

extrinsic contrast agents. 

 

In chapter 2, I used a diffuse reflectance probe that solved three main problems: 

probe pressure effects, specular reflections, and limited depth of field. Probe pressure 

effects originate from contact forces that are applied to a probe ferrule containing source 

and detector optical fibers. When these probes are placed in contact with skin, the spatial 

distribution of biochemical agents within the skin are changed such that the measured 

diffuse reflectance is not representative of the skin in its natural, uncompressed state. As 

a consequence, the optical and physiological properties that are estimated from the 

diffuse reflectance spectra reveal concentrations and coefficients that can be misleading. 

These effects include decreased/increased scattering, decreased hemoglobin 
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concentration and decreased oxygen saturation. To solve this problem, the probe tip was 

imaged onto the skin surface using lenses. As the probe tip and the skin surface were on 

conjugate planes, the sampling geometry (source-detector separation) was unchanged.  

Removing the probe ferrule from the skin surface introduced the new challenge of 

reducing specular reflection and single scattering. Specular reflection occurs as a 

consequence of delivering light through optics and to a lesser degree, shining light onto 

the skin surface. Single scattering, or photons that have scattered only a few times within 

the skin, emerged from the skin surface as backscattered light. Backscattered photons 

have a distinct spectral response that can appear in diffuse reflectance spectra and 

partially mask the diffuse reflectance signal we wish to see. Specular reflections and 

backscattered light were dramatically reduced through cross polarization of the source 

and collection apertures. This solution was tested by rotating a TiO2 infused PDMS 

phantom with the PDMS surface in the focal plane of the probe. The results showed that 

specular reflections were effectively mitigated at all angles of incidence while the control 

measurement (without cross polarization) showed specular reflection at angles less than 6 

degrees.  

Limited depth of field is a problem that is apparent during in vivo measurements 

where patient movement is a concern. For the non-contact probe, the depth of field was 

approximately 3-4mm. To address this problem, an auto-focusing approach was used that 

tracked the axial position of the skin surface and with that information, moved the 

objective lens up and down to compensate. This feedback mechanism tracked the skin 

surface using a camera that looked for the source spot on the skin. This auto-focus 

mechanism brought the depth of field from 4mm to the full path of travel of the 

motorized stage. The maximum speed of the motor was 2mm/s, and the auto-focus 

mechanism response time was less than a second. 
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Optical property validation was performed with tissue simulating liquid phantoms 

composed of polystyrene beads for scattering and hemoglobin for absorption. Over a 

range of biologically relevant scattering and absorption levels, the non-contact probe 

performed well. To demonstrate the practical application of the non-contact probe, a 

measurement was taken on the back of a subjects’ hand. The diffuse reflectance 

measurement was fit for reduced scattering, blood volume fraction, oxygen saturation, 

and mean blood vessel diameter. 

Creating a non-contact probe was the initial step towards the eventual scanning of 

the sampling geometry for a set of property maps instead of optical property values. As a 

first step in this process, the new challenges of specular reflections and depth of field 

required tangential solutions that could only have been encountered through practical 

application and the design process. 

 

In Chapter 3, I introduced the second generation non-contact probe that imaged a 

series of collection apertures onto the skin surface by employing a DMD. The strength of 

this probe is that the sampling characteristics of an array of source-detector separations 

can be easily investigated. Programmable DLP evaluation modules have gotten smaller 

and affordable over the years enabling them to be used in applications requiring small 

form factor and relatively fast development. Therefore using a DMD for fast switching of 

source-detector separations was preferable to using optical switches from a cost 

standpoint.  

To explore the sampling depth characteristics of multiple source-detector 

separations using the DMD probe, a monolayer phantom experiment was performed. For 

each monolayer thickness, the reflectance at 600nm was tracked. The result was intuitive; 

as the source-detector separation increases, so does the mean sampling depth. To our 
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knowledge, this was the first validation of sampling depth over sampling geometry 

performed with a DMD as a point diffuse reflectance probe. 

Optical property validation was performed with tissue simulating liquid phantoms 

composed of polystyrene beads for scattering and hemoglobin for absorption. Over a 

range of biologically relevant scattering and absorption levels, the non-contact probe 

performed as expected. Unknown at the time of this validation, the errors related to 

hemoglobin concentration at low source-detector separations and reduced scattering at 

high source-detector separations, were likely due to disparate sensitivities to optical 

properties at different source-detector separations.  

The correlations between the reflectance model’s sensitivity over certain optical 

property ranges and sampling geometries, were investigated in greater detail. An array of 

phantoms spanning a range of red dye absorption from 0.001mm
-1

 to 4mm
-1 

was 

measured over 8 source-detector separations from 300-1000µm. All phantoms had 

reduced scattering levels of 1.5mm
-1

 and were fit for absorption at the peak absorption 

wavelength for the red dye at each source-detector separation. The result showed 

phantom errors that were inversely proportional to source-detector separation as 

expected; low source-detector separation gives higher error for absorption. However the 

more interesting finding was that when the source-detector separation corresponding to 

the lowest error for each phantom was plotted, there was a clear trend. The optimal 

source-detector separation for each level of absorption decreased with absorption. In 

other words, for lower levels of absorption, higher source-detector separations revealed 

less error than low ones. 

The DMD spatial filtered diffuse reflectance probe has proven to be a powerful 

tool to analyze the diffuse reflectance of turbid media across a wide array of source-

detector separations. Although much progress has been made with this probe, its level of 



 87 

technical and physical complexity demands more automation in order to be more user 

friendly. The DMD probe was initially conceived to be a standalone device that 

specialized in automated sampling under multiple sampling geometries. However, the 

DMD probe can theoretically play a role in future imaging probe designs where optical 

property maps of multiple tissue depths can be attained through sequential imaging under 

multiple source-detector separations. 

 

In Chapter 4, I introduced a fluorescence imaging system that was designed 

around portability and ergonomics. As the first imaging platform described in this 

dissertation, it was designed with non-contact and sampling geometry considerations in 

mind.  

The central component of this fluorescence imaging system was the MEMS 

scanner, which gave it the best potential for portability of any other optical component. 

Beam steering is performed by driving the MEMS scanner with AC voltages in the kHz 

range. Mechanical rotation is enabled through comb drive actuators that provide 

electrostatic force. This scanner was built by our collaborators in Dr. John X.J. Zhang’s 

laboratory. For the handheld fluorescence spectroscopy Imaging (FSI) system, half inch 

lenses were used for enhanced portability. Images of 30 wavelengths were acquired 

within 70 seconds for fields of view in excess of 1.2cm x 1.2cm. 

To demonstrate the spatial and spectral capabilities of the HSI system, a 

multilayered QD PDMS phantom sample was fabricated to evaluate the quality of depth 

sensitivity and hyperspectral imaging, simultaneously. For this phantom, micro-contact 

printing (μCP) was used to pattern QDs of different colors on the surfaces of multi-stack 

PDMS thin layers. Each spin-coated PDMS thin-layer was 200μm thick, infused with 

titanium dioxide to provide optical scattering. The sample contained a 3x3 QD pattern 
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array, each depth containing 3 different colors on it. After imaging the phantom, images 

at the peak wavelengths of each QD were used to construct a pseudo color image of QD 

fluorescence. When compared to the fluorescence image of a commercial microscope, it 

was observed that many features were well preserved. 

Using the same PDMS sample, images were acquired under 0, 133, 266 and 

399µm source-detector separation in order to demonstrate imaging variable sampling 

depths. Multiple source-detector separations were achieved by translating the pinhole of 

the imaging system laterally with respect to the optic axis of the collection arm. As a 

result of increasing source-detector separation, the sensitivity to deeper-lying 

fluorophores increased with respect to that of shallower fluorophores. Finally, an ex-vivo 

sample of porcine epithelium was used to demonstrate the HSI system on biological 

tissue. Two spots of different color QDs were placed underneath a thin flap cut into the 

skin. Images of the sample were acquired for multiple wavelengths and a composite 

pseudo color image comprised of the two respective QDs was achieved through the 

process of spectral unmixing. 

The novelty of HSI is that it is a hyperspectral imaging system with scan driven 

by a MEMS mirror, a system design that is relatively new. As an initial experience in 

widefield imaging, HSI has a promising future along with difficult challenges. 

 

In chapter 5, a diffuse reflectance spectroscopy imaging (DRSi) system was used 

that had design elements from the non-contact probe, DMD probe and HSI system. The 

DRSi system has evolved from a probe ferrule scanned with stepper motors, to a 

galvanometer actuated beam raster scanning imaging system. The development of the 

DRSi system was an iterative process with a design that was driven by clinical 
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measurement experience. From the design standpoint, the most important factors were 

optical sensitivity and portability. 

In chapters 2 and 3, enhancing the function of a probe had the tendency to make 

the probe more complex and DRSi is no exception. As an imaging system, the DRSi 

design addresses the problem of field curvature in a simple way: by placing a plano-

convex lens between the objective lens and the skin, it is possible to have the convex 

surface of the lens coincide with the curvature of the field. In this manner, when a sample 

is imaged, all points of the image are in focus. Since this lens acts more as  a window 

than a lens, it was called a “curvature matching window”. 

 Just like the non-contact probe, to mitigate specular reflections and single 

scattering, cross polarizers were employed at the source and collection ports of the probe. 

Source-detector separation was adjustable from a large port in the side of the probe that 

gave access to the knobs of the collection arm mirror. A camera was embedded into the 

probe housing to enable visibility of the sample before measurement. This feature was 

used clinically to make sure that the skin lesion was within the field of view prior to 

imaging. To empirically validate the curvature compensation of the curvature matching 

window, visual inspection of the sampling geometry at the various points of scan was 

performed. The results of that experiment showed that the field curvature matching 

window effectively reduced the effect of field curvature by ensuring that all areas of the 

sample were located at the focal plane. 

 Optical property validation was performed with tissue simulating liquid phantoms 

composed of polystyrene beads for scattering and hemoglobin for absorption. Over a 

range of biologically relevant scattering and absorption levels, the non-contact probe 

performed well. Image resolution was determined to be approximately 200µm according 

to the full width half maximum of the system line spread function. In the clinic, the DRSi 
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system ran images at less than the maximum sampling resolution in the interest of 

acquisition time. Optical property maps acquired with DRSi clearly show homogeneities 

that are not visible in the camera snapshot of the lesion. Maps of scattering, melanin 

absorption and blood volume fraction reveal clearly visible margins and agree with 

known optical property behavior of pigmented lesions. 

 DRSi is one of the few imaging systems that provide quantitative biochemical 

information through hyperspectral images at relatively high resolution. Concerns 

surrounding probe pressure effects that were mentioned in chapter 2 were expected to 

have a lesser effect with DRSi because of the size of the curvature matching window 

compared to the size of the probe ferrule tip. However in future iterations, 

accommodations should be made to expand the depth of field. 

 

6.2 FUTURE WORK 

 

DRSi has the potential to be a very powerful healthcare imaging tool for 

dermatologists as well as surgeons and veterinarians that can use the power of spatially 

resolved spectroscopy in their line of work. However, there are structural limitations to  

the current DRSi design. First, the depth of field needs to be expanded. In doing so,  the 

need for a curvature matching window can be negated and with it, the influence of probe 

pressure. In order to expand the depth of field, an aperture f-stop can be applied to the 

collimated beam path in the system such that the beam convergence is narrower as it 

approaches the sample. The challenge with this approach is that it would dramatically 

reduce the delivered optical power to the sample as well as the solid angle of collection. 

For this reason, meaningful improvements to image quality in DRSi will have to be 
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accompanied with a more advanced light source and more sensitive detector. There are 

supercontinuum laser sources that provide white light in spectral powers of over 

3mW/nm, and economy versions that provide 0.5mW/nm for a price similar to that of a 

cooled camera. These supercontinuum systems also have the benefit of small form factor 

compared to the xenon arc lamp source which requires a large power supply and bulky 

lamp housing. Sensitive spectrometers with integration times of less than 1ms typically 

include cooled CCDs and linescan cameras. Multichannel PMTs such as the one used in 

chapter 4 (HSI) suffer from low sensitivity compared to cooled PMTs and are therefore 

not recommended. 

A second limitation is the  embedded camera in the DRSi system. The optical 

path of the DRSi camera was inspired by the dermoscope which illuminates the field of 

view with polarized white light and cross polarizes the light viewed by the user. The 

result is a clear view of structures that lie deep under the skin surface. The problem is that 

the camera quality is not good enough for general viewing or co-registration purposes. 

The ideal camera would be compact yet sensitive, with a fast shutter speed, or high ISO. 

Finally, the future of DRSi will include high speed acquisition of hyperspectral 

images as well as high speed model-fitting for real-time optical property mapping. High 

speed acquisition typically involves large and expensive digital acquisition (DAQ) 

devices that can perform digital to analog conversion for driving the scan signal with high 

transfer rates. On the other hand, the portability of smaller DAQ devices is certainly 

appreciated, although at the cost of performance. We may have to wait for compact DAQ 

technology to advance in the coming years to see improvements in this area. For the goal 

of image processing, there are two known strategies; one algorithm based, and the other 

hardware based. The algorithm based approach uses a fitting strategy utilizing least 

squares support vector machines (LSSVM) and has been found to be three orders of 
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magnitude faster than MATLAB’s FMINCON function optimization routine. The 

hardware based approach utilizes graphical processing units for highly parallel processing 

which enables speed improvements of several orders of magnitude.  
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