


 
 

ABSTRACT 

Multimodal Foveated Endomicroscope for the Early Detection of Oral 

and Esophageal Cancer 

by 

Adam Harbi Shadfan 

Digestive tract cancers will be responsible for nearly 30% of all cancer 

deaths in the United States in 2016. Oral and esophageal cancers alone will result in 

over 25,000 deaths, with an estimated 65,000 new cases. Most of these deaths can 

be attributed to the late detection of cancers, when treatment options become more 

limited. This late detection is often due to the limitations of current standard 

screening procedures, which often struggle with rapid and reliable recognition of 

precancerous warning signs. Optical imaging methods have the potential to become 

powerful, non-invasive early diagnostic tools. However, most systems are often 

limited by several factors including insufficient optical resolution, limited field of 

view, or a lack diagnostically relevant data, leading to devices with either low 

specificity or low sensitivity. This work presents the design and development of 

several technologies with the goal of creating a multimodal endomicroscope that 

overcomes the limits of current diagnostic techniques for the early detection of oral 

and esophageal cancer with high sensitivity and specificity. The first stage in the 

development of the endomicroscope is the design, fabrication and validation of a 

miniature foveated objective, which provides both widefield and high resolution 

imaging in a compact form. The objective accomplishes this task by introducing 



 
 

distortion into the optical system in order to nominally mimic the variable 

resolution regions in the fovea of the human eye. Two image relay techniques were 

developed to integrate the objective with (1) a snapshot image spectrometer with 

the ability to capture spatial and spectral data simultaneously in order to rapidly 

locate suspicious areas of interest and (2) a custom confocal microscope capable of 

high resolution imaging to observe morphological changes in the tissue. The 

performance of the integrated device was evaluated through the imaging of mouse 

and human cancer samples. 
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Chapter 1 

Introduction 

1.1. Objectives and Specific Aims 

Current standard screening methods for the detection of oral and esophageal 

cancers are highly limited by the expertise of the clinician and the amount of time 

required for performing the procedure, often resulting in missed detection of focal 

cancers or early stage dysplasia. The purpose of this research is to develop a novel 

cancer detection device that improves upon the low sensitivity and specificity of 

these current screening procedures for the oral cavity and esophagus. In order to 

develop an endomicroscope for the detection of early cancer with high specificity 

and sensitivity, the following specific aims of the project were proposed:   

Specific Aim 1: Design an endoscopic system that combines high resolution imaging 

for identifying morphological changes with a large field of view for the broad 

screening capabilities of wide-field endoscopy. 
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Specific Aim 2: Develop the fabrication techniques required for the development of 

miniature endoscopic systems.  

Specific Aim 3: Integrate two modalities providing morphological and spectral 

information into a signal endomicroscope package.   

Specific Aim 4: Evaluate the multimodal endomicroscope system in order to assess 

the value as a diagnostic instrument. 

1.2. Overview 

This dissertation describes the development of an endomicroscope to 

address the specific aims listed above. The proposed solution is a single multimodal 

endomicroscope that provides both widefield and high resolution imaging with 

spatial and spectral information for the early detection of abnormal and dysplastic 

tissue with high specificity and sensitivity.  The system is highlighted by the single 

miniature objective that nominally mimics the separate high resolution (fovea 

centralis) and low-resolution periphery of the human eye by intentionally 

introducing a large amount of distortion as the distance from the center axis of the 

field increases radially. Increased sampling at the center of the field provides high 

resolution imaging while the condensed view at the edge of the field aids in 

localization. In a fashion similar to the way in which a human eye can quickly locate 

and focus on a point of interest in the peripheral vision, this endomicroscope allows 

for efficient surveying of large regions with the ability to rapidly locate areas of 

interest for optical biopsy. The objective is designed to fit within a standard upper 
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endoscope and to be integrated with a fiber bundle. The fiber bundle is then imaged 

by a custom built confocal microscope for high resolution imaging and a snapshot 

imaging spectrometer capable of simultaneously acquiring dozens of wavelengths 

over a large field of view. These imaging modalities aid in the rapid detection of 

dysplasia by improving visualization of abnormal lesions.  

The developed technologies related to miniature optical system fabrication 

and the creation of two novel imaging relay methods contribute to the growing field 

of endomicroscopy. Specifically, the manufacturing of miniature crystal lenses has 

never been reported and this work has proven the value of creating high quality 

optical surfaces from this high refractive index polycrystalline material. Additionally 

the proof of concept of introducing rapid, synchronized movement into an image 

relay in order to improve sampling of the image without any computational 

processing is novel and could be implemented in numerous devices. Finally, this 

work presents a cancer detection device that improves upon currently available 

systems in regards to enhanced cancer diagnosis. Numerous in vivo studies have 

indicated that confocal imaging alone provides high specificity (typically above 

90%) but low sensitivity (often below 50%) due to the small sampling size provided 

by the limited field of view of the probes. Alternatively, advanced visualization 

techniques such as narrow band imaging, hyperspectral imaging and 

autofluorescence imaging have been reported to provide high sensitivity (also 

typically above 90%) but low specificity (around 50%) due to the limited achievable 

resolution of the probes to observe morphological changes of the cellular 

architecture due to cancer development. The foveated device that is presented in 
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this document effectively integrates two previously validated cancer detection 

techniques (confocal and hyperspectral imaging) by correcting the limitations 

associated with each method through the introduction of a large field of view and 

high resolution capabilities without reducing the performance of each method. 

Although the sampling size of the study was too small for statistical analysis of the 

performance, the device’s ability to successfully distinguish between normal and 

cancerous ex vivo tissue was apparent from the examples presented. In the future, a 

larger study will more accurately gauge the value of the device. 

The performance of the multimodal integrated device was evaluated on ex 

vivo oral cancer samples. Tissue from the oral cavity was utilized primarily due to 

our existing collaboration with the MD Anderson Cancer Center, which allowed for 

the collection of oral samples alone. Additionally, the hyperspectral camera and 

confocal imaging have been previously evaluated on the ability to detect oral cancer, 

providing a comparison with the fully integrated foveated device. Finally, imaging of 

the oral tissue acted as a pilot study, offering not only validation but also an 

opportunity for troubleshooting the device on actual tissue samples before testing 

in vivo. After finalizing packaging of the device that will allow the system to be 

tested beyond a benchtop setting, the foveated system will be assessed on ex vivo 

and eventually in vivo esophageal tissue. This will require the creation and approval 

of a new protocol to allow for imaging with the device at the MD Anderson Cancer 

Center. 
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Included in this document is the process and technologies developed for 

creating the miniature objective, the image relay technique, the imaging modalities 

and evaluation of the entire integrated device. The organization of the dissertation is 

as follows:   

Chapter 1 provides a brief description of the problem addressed by the 

project, lists the specific aims of the research, and the contents of each chapter.  

Chapter 2 introduces and describes the development of esophageal and oral 

cancer and provides details on several recently reported optical detection and 

diagnosis techniques. Included are limitations to these techniques and the clinicians’ 

wish list for an ideal device.  

Chapter 3 introduces the foveated objective. This chapter focuses on the 

design theory of foveated optics, reporting previous attempts and the subsequent 

shortcomings. The design of the foveated endomicroscope is then fully defined.  

Chapter 4 addresses the fabrication of endomicroscope objectives. 

Specifically, technological challenges associated with the processing of crystalline 

substrates to be used as an optical material are presented. The chapter concludes 

with the fabrication of the foveated objective. 

Chapter 5 presents the validation of the performance of the foveated 

objective. This chapter includes images of a resolution target acquired across the 

entire field followed by the examination of cancerous mouse model consisting of ex 

vivo mouse colon tissue. 
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Chapter 6 describes the integration of the miniature objective with the two 

imaging devices and the development of two image relay integration techniques.  

Chapter 7 presents the evaluation of the entire device by imaging ex vivo oral 

tissue specimens.    

Chapter 8 summarizes the results regarding the process of developing the 

foveated endomicroscope device and discusses future work. 
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Chapter 2 

Background 

2.1. Motivation of significance  

With 39.6% of the population expected to develop some form of cancer at 

any point in their lifetime [1], it is crucial to develop early detection methods that 

are reliable, rapid and cost effective. This chapter provides background on the 

development of esophageal and oral cancer along with the current standard 

screening practices and several optical imaging methods that have been previously 

reported to address the shortcomings of the current gold standards.       

2.1.1. Esophageal Cancer 

Since 1973 the incidence of developing esophageal adenocarcinoma (EAC) 

has increased at a greater rate (3.6 million cases per year to over 26) than every 

other cancerous tumor type in the United States [2,3].  EAC has been associated with 

a very dismal five-year survival prognosis of only 10% [4]. The reason for the very 
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low survival rate is believed to be due to the late stage at which symptoms manifest, 

leading to late diagnoses [2]. Thus, there is a vital need for early detection and 

treatment of EAC and the preconditions associated with the malignancy. A common 

precursor to EAC is the development of Barrett’s Esophagus (BE).  Traditionally, BE 

refers to the replacement of the normal squamous epithelium of the esophagus 

above the gastroesophageal junction with columnar epithelium often due to the long 

term exposure of gastric acid reflux from gastroesophageal reflux disease (GERD) [5, 

6]. There are two common types of esophageal malignancies that can occur with the 

development and progression of BE: EAC and esophageal squamous cell carcinoma 

(SCC). SCC tends to develop in the middle region of the esophagus, and is generally 

attributed to smoking, alcohol, dietary conditions, and a predisposition due to 

underlying conditions [7]. SCC is more prevalent worldwide than EAC, with the 

highest rates found in Iran, Turkey, northern China and South Africa [8]. EAC, on the 

other hand, tends to develop in the lower third of the esophagus, near the 

gastroesophageal junction. More common to the United States than the rest of the 

world, EAC is generally attributed to smoking, alcohol, GERD and obesity. 

Additionally, males are three times more likely to develop EAC than females [6]. The 

probability of EAC or SCC development in patients with BE is dependent on the type 

of columnar epithelium that replaces the squamous cells. When stratified squamous 

epithelium is replaced by metaplastic intestinal columnar epithelium with goblet 

cells, BE becomes a much greater risk factor (30 to 50 times) to EAC development 

[5,9]. In the United States, the incidence of SCC has decreased drastically in the last 

30 years, except for in African American populations, which have a fivefold 
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increased likelihood of developing the cancer than in Caucasian populations [8]. The 

symptoms of both EAC and SCC are usually overshadowed by Dysphagia, a difficulty 

of swallowing food or liquids. This late stage symptom often results in the diagnosis 

of a more advanced stage of the cancer, with fewer treatment possibilities available. 

Therefore early screening and monitoring the development and progression of BE is 

crucial for timely detection and successful treatment of EAC and SCC.  

The most widely considered “Gold Standard” for screening high-grade dysplasia 

(the typical intermediate stage as metaplastic epithelium progresses to cancer) in 

BE is the Seattle Protocol. This procedure calls for the use of traditional upper 

endoscopic surveillance to locate suspicious BE regions with possible signs of 

dysplasia [10]; the length and location of the BE segment are recorded by the 

clinician. After the BE regions are located, four random quadrant jumbo biopsies are 

taken every one centimeter of the segment. A diagram displaying the Seattle 

Protocol can be seen in Figure 2.1 below. 
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Figure 2.1 Diagram of the Seattle Protocol procedure. A standard upper 

endoscope (black) is used to locate the BE region (dark shade of the tissue), 

where four quadrant biopsies are taken every one cm of the BE region.  

The biopsies are then sent to a lab for histological analysis by a pathologist to 

grade the severity of the changing tissue. Through histological analysis, the level of 

dysplasia is graded based on the Consensus Criteria of 1988 : no dysplasia, low-

grade dysplasia, high-grade dysplasia and EAC [11]. Generally, as a greater stage of 

dysplasia is reached, the tissue structures become less organized and more irregular 

as the cells become more abnormal in shape and function. Observation of the cell 

nuclei is the primary pathological indicator to distinguish cancer and dysplasia in 

BE, with importance placed on the enlargement and the crowded organization of the 

nuclei [12]. Images of the various levels of dysplasia as seen in BE can be seen in 

Figure 2.2 [13].  
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Figure 2.2 Histological image of the stages from (A) normal stratified 

squamous epithelium to (E) adenocarcinoma from [13]. 

The delay between the procedure and the lab analysis is not ideal for rapid 

feedback - delaying diagnosis and treatment plan. Due to the random nature of the 

biopsies, the Seattle Protocol is considered an aggressive method that has proven to 

be time-consuming and ineffective, with missed detection of nearly 40-60% of early 

stage cancers [10, 14]. Although somewhat systematic by taking the quadrant 

biopsies, the mostly random, expensive and time intensive quadrant biopsies often 

miss focal dysplasia and cancer within large Barrett’s segments, which can be up to 

20 cm in length [10, 14-16]. An optical biopsy method is the ideal solution to 

improve upon the inaccuracies and imprecision of the Seattle Protocol while 

simultaneously decreasing the time of procedure and post analysis for identifying 

esophageal cancers. 

2.1.2. Oral Cancer 

Early detection of squamous cell carcinoma (SCC), the most common type of 

head and neck cancer, is critical for successful oral cancer treatment. It has been 
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estimated that there will be over 48,000 new cases of oral cancer in the United 

States, with a predicted nearly 10,000 deaths in 2016 alone [1]. Although the oral 

cavity is simple to access and inspect for frequent screening, cancers are often 

discovered at a late stage when treatment options become more difficult. While the 

five year survival rate of localized cancers is around 80%, more advanced clinical 

stages drops the percentage down to 38% [1]. The standard screening technique 

calls for the use of a Clinical Oral Examination (COE), which consists of a trained 

physician performing a visual-based inspection with palpation of the head and neck 

regions to evaluate the oral mucosa for abnormal changes such as leukoplakia and 

erythroplakia, followed by the collection of biopsies [17]. From the COE, the 

pathologist describes the tumor size and location, observing if the cancer is present 

in the lymph nodes and if it has metastasized in order to grade the cancer from 

Stage 0 to Stage IV [18]. Histological images collected from the biopsies allow for 

precise identification of the progression of the cancer from normal healthy to low 

grade dysplasia, moderate dysplasia, high grade dysplasia, carcinoma, up to invasive 

SCC [19]. Example histological can be found in Figure 2.3 [19]. 
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Figure 2.3 Histological image of the stages from (A) oral leukoplakia with low 

grade dysplasia to (B) moderate to (C) high grade, to (D) cancerated to (E) 

invasive SCC. Images from Yang, et all [19]. 

While COE leads to the discovery of most developed tumors due to color and 

texture changes, it has been proven to be an inadequate method for differentiating 

between benign and cancerous lesions [17]. COE has also exhibited an inability for 

predicting the eventual development of oral carcinomas as the screening is highly 

dependent on the skill and experience of the performing physician [17]. In an effort 

to improve upon the limitations of COE alone and to expand screening, several 

imaging techniques have been developed in an effort to reduce the number of 

biopsies when inspecting the oral cavity, with the goal of improving quality of care 

to the patients while reducing time and cost.  



 14 

2.2. Current Optical Detection and Diagnosis Techniques 

The limitations associated with the current gold standards for esophageal 

and oral cancer screening have often led to a poor patient experience as low 

sensitivity and specificity results in longer screening times with a greater number of 

biopsies at higher cost and discomfort to the patient. Optical imaging techniques 

have shown promise by providing significantly more diagnostically relevant 

information through less-invasive means such as an endomicroscope. Several of 

these techniques are presented in the following section, categorized as either a 

widefield or a high resolution imaging method.  

2.2.1. Widefield methods 

Several methods have been developed to improve traditional white light 

endoscopy in order to aid in the detection of suspicious lesions [20-23]. For EAC to 

be diagnosed, a high level of dysplasia of the glandular cells must be observed, as 

opposed to changes to the squamous cells that occur in SCC. Current generation 

endoscopes typically utilize high-definition white-light endoscopy (HD-WLE) [20] to 

locate the BE regions that can then be biopsied. HD-WLE relies on a high density of 

pixels and high quality optical components to produce images with greater 

resolution and contrast than normal white light endoscopes. While HD-WLE 

improves visualization of the esophagus, the scopes do not provide sufficient 

information to observe the difference between dysplastic lesions and nondysplastic 

mucosa [24].  
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Due to the lack of information collected with HD-WLE, often the scope is 

combined with a variation of Narrow Band Imaging (NBI) [20, 25]. NBI aids in real 

time visualization of BE by using only a few select spectrally narrow wavelengths 

(often green around 540 nm and blue around 415 nm) to interrogate the tissue. The 

absorption of these wavelengths by hemoglobin enhances the visualization of 

microvasculature and mucosal morphology due to the shorter penetration depths of 

these wavelengths compared to white light [20, 26]. As a result, the vascularization 

below the surface appears green-to-brown compared to the white-to-pink mucosal 

tissue. The replacement of the squamous epithelium by columnar epithelium results 

in a different thickness of tissue above the vasculature that can be readily observed 

by interrogating with these wavelengths. Additionally, cancerous tumors are often 

more vascularized than normal tissue, and are therefore more easily spotted using 

an NBI system. An example NBI image compared with a normal HD-WLE image can 

be found in Figure 2.4, where the BE segment can be quickly located due to the 

change in colors [27]. NBI and HD-WLE are normally both used during the Seattle 

Protocol. While the images produced by these imaging modalities are encouraging, 

the inability to distinguish between nondysplastic and dysplastic lesions has 

resulted in the development of other optical biopsy methods to aid in the diagnosis 

of EAC.  
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Figure 2.4 Example HD-WLE image of BE (A) side by side with an NBI image of 

the same segment (B), displaying more villous architecture in the pink brown 

regions [27]. 

Chromoendoscopy, for example allows for potentially cancerous areas to be 

located and further inspected through biopsy by observing biomarkers that occur 

due to dysplasia. In general, these biomarkers include molecular and architectural 

changes, such as disorganization of epithelial cells, the loss of characteristic goblet 

cells, and an increase in metabolic activity [28]. The goal is to detect these changes 

with either chemical dyes or optical dye-less techniques at an early and treatable 

stage with the use of endoscopic imaging. Chromoendoscopy has been performed 

with intravenous injection or topical application of methylene blue, acetic acid, 

Lugol’s solution, and indigo carmine with varying degrees of success [29-34]. All of 

these methods require a standard endoscope to observe the biomarkers in vivo. An 

example of the contrast change associated with the introduction of the iodine-based 

Lugol’s solution can be found in Figure 2.5 [34]. The dye incorporates with glycogen 
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found in normal non-keratinized squamous epithelium but not in inflamed, 

neoplastic or other abnormal tissue sections. 

 

Figure 2.5 Example HD-WLE image of dysplasia found in the mid-esophagus 

(A) side by side with a chromoendoscopy image of the same segment treated 

with Lugol’s solution (B), displaying the lack of stain in the dysplastic area 

[34]. 

Autofluorescence imaging (AFI) is another possible solution of an imaging 

modality that would aid in the detection of dysplasia. AFI relies on endogenous 

fluorescence to provide a diagnostically relevant signal after excitation by a short 

wavelength [35-37]. Collagen, porphyrins, and flavins, for example emit light when 

excited, allowing for a dye-less image to be taken. The progression of normal tissue 

to BE and eventually to dysplasia can be quantified by the change of the fluorescent 

spectra as the biochemistry and structure of the endogenous fluorophores are 

altered due to the physiological changes. Due to the small amount of signal observed 

in AFI however, AFI lacks the specificity to make a diagnosis alone and should most 
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likely be combined with another modality [36]. The benefits and limitations of AFI 

are illustrated in Figure 2.6 below [37]. 

 

Figure 2.6 Example HD-WLE image of tissue with a red lesion (A) side-by-side 

with an AFI image of the same area (B), illustrating the limitations of AFI in 

some circumstances. However HD-WLE is limited in observing isochromatic 

lesions (C) that are more clearly present in AFI images (D) [37]. 

Another imaging modality that does not rely exclusively on observing cellular 

architectural changes via high resolution imaging is spectral imaging. Spectral 

imaging provides biochemical information from biological samples by collecting the 

spectrum at each spatial point. Multispectral and hyperspectral modalities are 

commonly used in astronomy [38], but they have been used in the past to 

distinguish between normal and malignant tissue through analysis of the spectra 

[39]. Martin et al., developed a hyperspectral imaging system using a liquid crystal 
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tunable filter to separate wavelengths in order to analyze the spectrum of mouse 

skin with and without malignancies [39]. Similar to AFI, this system relies on 

endogenous fluorescence of the tissue. Siddiqi et al. took hyperspectral analysis of 

dysplasia further by reliably distinguishing between varying degrees of cervical 

cancer cells on glass slides by using a tunable filter [40].  However, these tunable 

filters are quite expensive and have slow acquisition times (>23 seconds), limiting 

the adoption by clinicians. A snapshot hyperspectral imaging system developed in 

the Tkaczyk lab called the Image Mapping Spectrometer (IMS) does not suffer from 

the same slow acquisition times of the expensive filter methods [41-43]. The IMS 

rapidly creates a three dimensional distribution, called a datacube, containing both 

spatial and spectral information. The datacube is created through the use of a 

facetted mirror and an array of re-imaging systems to separate the image into zones 

that are then detected by a single CCD senor. The positioning and geometry of the 

image, due to the facets of the mirror and the optics, must be remapped to create a 

spatial spectral datacube. This remapping process requires a calibration procedure 

but allows for images to be captured at 7.2 frames per second. In a pilot study, this 

device was proven useful in the imaging of oral cancer, providing clinically relevant 

spatial and spectral information to aid in the detection of dysplasia [44]. Specifically, 

using the spectral data it was possible to rapidly identify and outline tumor margins 

as seen in Figure 2.7 [44]. 
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Figure 2.7 Spectral imaging from two different patients with invasive 

carcinoma showing the loss of fluorescence observed from (A,D) to (B, E) and 

the tissue region (white line) defined by spectral analysis (C,F). From Bedard 

et al. [44].  

Another multispectral technique used to map large areas of esophageal 

tissue is a method that relies on the ability to distinguish epithelial cell nuclei size, 

shape and refractive index by observing the elastic scattering of polarized light with 

diffuse reflectance spectroscopy combined with a scanning mechanism [45]. Using 

this device, the esophagus can be mapped to produce pseudo-color images of areas 

deemed suspicious for dysplasia due to the changes observed associated with the 

nuclei. Figure 2.8 shows examples of pseudo-colored maps of several patients with 

biopsied regions outlined by circles [45]. While a promising technique, this method 

does not allow for visualization of vasculature, which could aid in detection.  
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Figure 2.8 Pseudocolor maps produced by the polarized scanning 

spectroscopy endoscope, with red, pink and green circles indicating biopsy 

sites confirmed with high-grade, low-grade and non-dysplastic diagnosis via 

pathology [45].   

Other scanning techniques to map the entire region have been developed to 

aid in biopsy localization, including scanning using photoacoustic tomography and 

ultra-sonic imaging [46 & 47] and optical coherence tomography [48-50]. Optical 

coherence tomography (OCT) is a modality that provides cross-sectional diagnostic 

information similar to traditional histology images by utilizing low coherence 

interferometry of long wavelength light to penetrate several hundreds of microns 

deep into the target tissue to produce images with depth and spatial information. 

OCT is limited in the ability for imaging blood vessels, as it relies on the Doppler 
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Effect based on the blood flow speed, and thus sensitivity is limited in certain 

scenarios [46]. The recently reported photoacoustic and ultrasonic combined device 

detects ultrasonic waves generated by the absorption of laser pulses scanned deep 

within tissue [47]. With this device, it is possible to produce three dimensional 

images showing large vascular structures within a rabbit esophagus with an ability 

to resolve diameters of 190 µm. An example image from this device is displayed in 

Figure 2.9. Ultimately however, these devices are limited by achievable resolution, 

requiring additional biopsies. 

 

Figure 2.9 Coregistered pseudo-colored images of photoacoustic and 

ultrasonic imaging of rabbit esophagus showing total hemoglobin distribution 

(A,B), with esophageal signals excluded (C,D), and the photoacoustic (E-H) and 

ultrasonic (I-L) B-scans in order to identify structures [46].  
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While these methods have proven beneficial in the broad visualization of the 

endogenous chromophores that exhibit characteristic changes with the progression 

to cancer, no increase in sensitivity for detecting neoplasia over HD-WLE and biopsy 

alone has been observed [20, 30, 32, 35, 49]. A study from 2012, however, suggested 

that a combination of observing spectral signatures in combination with 

morphological information from a higher resolution modality could improve 

sensitivity of detection - providing the adequate details to confidently indicate 

neoplastic progression [51].  

2.2.2. High resolution methods 

There are several high resolution imaging techniques that have been studied 

to aid in the detection of dysplasia in BE [20, 52-57]. As suggested by Sharma et al., 

one possible solution is the implementation of confocal imaging. Confocal 

microscopy significantly improves axial and lateral resolution along with contrast 

by using a spatial filter to block out-of-focus light in the conjugate image plane. This 

also allows for depth imaging and optical sectioning of thick tissue. Figure 2.10 

shows a comparison of high-resolution confocal imaging as compared to a 

histological image of both healthy and dysplastic tissue [58].  From the confocal 

image it is possible to distinguish the high level of dysplasia that has developed in 

the tissue without taking a physical biopsy, thus enabling clinicians to make a more 

rapid diagnosis and treatment plan. Two different confocal microscopes were used 

to take these images (iCLE from Pentax and the pCLE from Cellvizio). From the 

confocal image on the right (B), it is possible to distinguish the high level of 
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dysplasia that has developed in the tissue without taking a physical biopsy, thus 

enabling clinicians to make a diagnosis and treatment plan. 

 

Figure 2.10 (A) iCLE example image of nondysplastic BE Tissue. (B) 

Histological image displaying the replacement of squamous epithelium by 

columnar epithelium and goblet cells. (C) pCLE example image of a high grade 

neoplasia. (D) compared to a histological image of the same region [58]. 

Confocal laser endomicroscopy (CLE) utilizes miniature optics and a laser as 

the excitation source to scale down the size of the instrument in an effort to provide 

in vivo high-resolution imaging. Figure 2.11 displays the resolution, NA, field of view 

(FOV) and outside diameter of several recently published and commercially 

available CLE probes [59-75].  
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Figure 2.11 A graphical representation of NA, achievable resolution, field of 

view and the outer diameter of several recently published high-resolution 

confocal endomicroscopes [59-75]. 

 Currently, two CLE systems are available on the market and have been used 

to examine BE: a CLE integrated in a standard endoscope (iCLE) from Pentax [72] 

and the probe-based Cellvizio (pCLE) from Mauna Kea Technologies [73] as seen in 

Figure 2.12. The iCLE and pCLE differ slightly in resolution (0.7um to 1um, 

respectively) and FOV (240um to 475um, respectively). Using the Pentax iCLE, a 

study from 2006 was the first to show the ability of the scope to identify neoplasia 

associated with BE after intravenously injecting 5 mL of fluorescein (10%) and 

observing layers of irregular black cells, an obvious contrast in cellular architecture 

compared with normal goblet cells [58]. The study determined high sensitivity in 

predicting BE and neoplasia (98.1% and 92.9%, respectively) along with high 

specificity (94.1% and 98.4%, respectively). 
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Figure 2.12 Commercially available confocal scopes. (A) Pentax iCLE scope 

[72]. (B) Mauna Kea Cellvizio pCLE [73]. 

In 2012, a study directly compared the pCLE Mauna Kea scope with the 

Seattle Protocol in the detection of neoplasia [74]. The blind evaluation determined 

that although pCLE can match the performance of traditional biopsy in regards to 

excluding neoplastic BE tissue, the study ruled out the notion of pCLE alone 

replacing the Seattle Protocol due to low sensitivity and positive predictive values.  

A 2011 study revealed that a combination of pCLE and HD-WLE approach was more 

effective than HD-WLE or pCLE alone for real-time diagnosis [55]. In fact, the results 

determined that 39% of patients would be able to avoid biopsies based on the 

findings of the combination pCLE, HD-WLE approach.  

The common flaw in CLEs is a limited FOV as can be seen in Figures 2.10 and 

2.11. Due to diffraction effects and a fixed detector size of CLEs, the FOV is limited to 

only a few hundred micrometers, minimizing the usefulness of the device when 

navigating a long segment of BE. Similar to taking physical biopsies, it is impractical 

for the clinician to image the entire Barrett’s segment in a reasonable amount of 

time. An ideal device would consist of a miniature probe with the ability to resolve 

between 2 to 3 μm in order to visualize cellular changes associated with dysplasia, 
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and a large enough field of view (~5 mm) to provide sufficient context of the 

surrounding areas. 

2.3. Conclusions 

Oral and esophageal cancers will be responsible for an expected 25,000 

deaths in the United States in 2016 alone. With similar development pathways in 

both cancer types and the limitations of current screening methods in terms of low 

specificity and sensitivity especially related to early stage and focal cancers, there is 

a great need for an improved technique that is more rapid, reliable and non-

invasive. Imaging-based methods in particular have shown strong promise, with the 

ability to quickly examine the relatively large esophageal and oral regions while 

providing more diagnostically relevant data less invasively than the current strategy 

of collecting multiple biopsies. While most of the widefield methods have proven 

beneficial in the broad visualization of the endogenous chromophores that exhibit 

characteristic changes with the progression to cancer, an increase in sensitivity for 

detecting neoplasia over HD-WLE and biopsy alone has not been observed. Studies 

however, suggested that a combination of observing spectral signatures in 

combination with morphological information from a higher resolution modality 

could improve sensitivity of detection - providing the adequate details to 

confidently indicate neoplastic progression. The next chapter focuses on the 

proposed solution of a foveated objective.   



 28 

Chapter 3 

Design of Foveated Objective 

*Portions of this chapter have modified from the following journal article: A. Shadfan, A. 

Hellebust, R. Richards-Kortum, and T. Tkaczyk, “Confocal foveated endomicroscope for the 

detection of esophageal carcinoma,” Opt. Express 6, 2311-2324 (2015) [76]. 

As discussed in the previous chapter, the limitation of the current gold standards for 

oral and esophageal cancer detection is low specificity and sensitivity. While several 

methods have been developed to improve upon these limitations, a lack of 

appropriate field of view for sampling the large tissue areas or inadequate resolving 

power to identify the differences in dysplastic tissues, have limited devices from 

providing both high sensitivity and high specificity. In this section, we introduce the 

concept of foveated imaging, the benefits over other endoscopic approaches, and the 

reported design.  
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3.1. Foveated Imaging 

A review of high-resolution confocal endoscopes presented in the previous 

chapter shows a common trend for the FOV of an objective to be smaller than the 

outer diameter of the lens. In traditional optical design, there is a relationship that 

reflects the limit of achievable resolution compared to the size of the FOV. This 

correlation is defined by the optical or Lagrange invariant [75]. Due to diffraction 

effects and a fixed detector size, a tradeoff exists where it is only possible to produce 

either a small FOV with high resolution or a large FOV with lower resolution. For 

confocal endoscopy, where high resolution is of the essence, the FOV is limited to 

only a few hundred micrometers, minimizing the usefulness of the device to an 

operator. Navigating a segment of BE that can be upwards of 20cm long with a FOV 

of such a small size becomes unpractical and hinders the likelihood of adoption by 

clinicians. To meet the needs of the clinicians, therefore, a different approach from 

traditional optical design must be implemented. By mimicking the image produced 

by the human eye, for example, we can bypass this limit and produce a large FOV 

along with high resolution at the center of the field. 

3.1.1. Foveated Background 

Several attempts have been made to produce an imaging system that 

provides a balance of sufficient resolution with a large enough FOV by emulating the 

human eye [77-84]. In the human eye rods and cones, which act as the detecting 

elements, are highly concentrated in the center or fovea centralis of the eye.  As the 

radial distance from the center of the fovea increases, the concentration of the rods 
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and cones decreases. The resulting image produced by the eye contains most of the 

spatial detail within the center of the image, with a large FOV that loses performance 

towards the edge of the field. The lower resolution area provides broad “red-flag” 

surveillance to direct the high-resolution area to the area of interest in order to 

observe with greater detail. Current techniques for replicating the foveated 

phenomenon have included the use of mirrors, spatially tunable phase elements, 

sensor array manipulation, and high distortion inducing optics. Most of these 

devices however, have been limited by bulky components, further limiting the 

adoption by clinicians.  

Hagen 2012 discussed the history of developing foveated imaging [77]. 

Briefly, the first attempt at creating a foveated image attempted to provide spatially 

variant response by utilizing a custom sensor array [78]. This work was referred to 

as an “artificial retina,” and it led to other approaches that further manipulated 

sensor arrays. One group developed a unique binning method to group together 

pixels into different sized groups depending on the location of the pixel, providing 

variability in resolution throughout the field of view [79]. These chip manipulations 

however are not applicable to the use on the smaller endoscopic scale. More straight 

forward methods have been attempted, where two cameras (one low resolution but 

large FOV and one high resolution but small FOV) image a single objective through a 

beamsplitter onto different fiber bundles at different conjugate planes [80]. Other 

groups have attempted to produce spatial resolution variability across the FOV by 

using more traditional optical components. For example, two research groups used 

a door peephole lens combined with distortion-correction software to produce 
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images that created the foveated appearance [81, 82]. However, these have only 

been proven on the large scale. Our lab was able to produce a foveated image with a 

wide total field combined with high-resolution center field through the use of highly 

aspheric optical elements.  

More recently, a group from the University of Arizona has developed a 

multiresolution foveated laparoscope to aid surgeons during laparoscopic 

procedures [83]. Similar to endoscopy procedures, state-of-the-art laparoscopes 

suffer from the tradeoff between adequate spatial resolution and a useful FOV. This 

group was influenced by prior work of our lab [84] and attempted to create a 

foveated image by introducing distortion through optical components. The result is 

a scope that fits within a 10 mm diameter housing that provides both wide-angle 

and higher resolution imaging by using a 2D scanning mirror to provide two views. 

The wide angle mode provides a FOV that is 80 degrees and a high resolution probe 

that covers 26 degrees with 45 µm resolution. While this design is nicely enclosed 

within a probe, the spatial resolution is not sufficient to observe cellular detail and 

is only intended to aid during surgery.     

As mentioned previously, in Hagen 2012, the authors were able to initially 

demonstrate the concept of creating a foveated image through an increase in 

distortion to achieve a resolution of 7-8 μm at the center of the field combined with 

a FOV of 4.6 mm by utilizing custom-built optical lenses. The objective design, which 

was loosely based off a previous design [84], was defined using the optical design 

software Zemax (Radiant Inc). The built objective contains two custom diamond-
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turned PMMA aspheric lenses combined with an off-the-shelf glass lens. The design 

offered a magnification and NA or 0.51x and 0.075, respectively, at the center of the 

field that quickly dropped off to 0.04x and 0.04/0.006 (tangential/sagittal fields), 

respectively. The design is diffraction limited across the entire field, with an 

expected drop of the modulation transfer function (MTF) as the field increases due 

to the decrease in NA. When investigating the allowable manufacturing tolerances, it 

was found that decentration of the surfaces and elements were of the most concern. 

For this reason, the custom lenses were built on large 38mm disks that were aligned 

with 3D printed mounts, relying on precise individual adjustments in order to reach 

optimal optical performance. The objective was relayed through a commercial 

objective and tube lens on to a CCD detector array. The foveated image produced by 

the system contains a large amount of barrel distortion, with greater magnification 

and detail at the center of field that drops off. An algorithm was created to remove 

the distortion of the image, producing a larger image with nearly 2.4 times as many 

pixels as the original measured image. 

While this objective was able to prove the concept of creating a foveated 

image by introducing distortion with traditional optics, the system was very limited. 

The design was difficult to integrate (due to very tight tolerances), and therefore 

had to be built on large 38 mm disks that was aligned through the use of bulky 3D 

printed holders. This combination made it difficult to produce a quality image. 

Although the design should have been able to resolve around 5 μm, the completed 

objective was only able to resolve around 7 μm.  This deterioration in image clarity 

was apparently due to damage on one of the surfaces as well as the lack of 
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alignment. Regardless of the quality of the objective however, a NA of 0.075 at the 

center of the field is too low to provide sufficient morphological detail relevant for 

dysplasia identification. Furthermore, a magnification of 0.5x would not be ideal to 

be utilized with a fiber bundle with center-to-center spacing of 4 to 5 μm, as the 

image would be severely under-sampled. Ultimately, this proof of concept objective 

did not exhibit resolution necessary for sub-cellular in vivo imaging and lacked the 

ability to be integrated in the in a small format compatible with standard 

endoscopes. 

 

3.2. Optical Design of Foveated Objective 

The major design guidelines for the foveated endomicroscope objective are as 

follows: a completely integrated miniature objective with outer diameter less than 

2.8 mm to fit the standard tool channel of an upper endoscope, the ability to resolve 

between 2 to 3 μm in order to visualize cellular changes associated with dysplasia, 

and a large enough field of view (~5 mm) to provide sufficient context of the 

surrounding areas. To meet these design requirements, a new foveated 

endomicroscope was designed in the optical design software ZEMAX (Radiant 

Zemax, LLC., Redmond, Washington). The objective is loosely based off of a design 

from our previously published work [77]. In order to provide both a large FOV and 

the ability to resolve fine features, the objective utilizes a large amount of negative 

distortion in order to decrease the numerical aperture and magnification as distance 
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from the optical axis increases. The objective is designed to be imaged in two modes, 

a confocal mode and a widefield mode capable of collecting spectral information.  

 

Figure 3.1 Optical layout of foveated design. 

 The optical layout of this foveated objective is shown in Figure 3.1. The 

design consists of three elements: zinc sulfide (ZnS) and two poly (methyl-

methacrylate) (PMMA) aspheric lenses. The first lens, which provides most of the 

optical power, is fabricated from zinc sulfide (ZnS), a rugged polycrystalline 

material with a high refractive index (n=2.419 at 500 nm). The second and third 

lenses of PMMA, with a refractive index of n=1.49, provide ease of fabrication for 

aspheric surfaces, low auto florescence for the design wavelength, and high 

transmission. The optical prescription of the objective can be found in Table 3.1.  
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Table 3.1 Optical prescription of the foveated objective 

Glass Radius Thickness Semi-Diameter 2
nd

 Order Term 4
th

 Order Term 

--- Infinity 2.150000 2.500000 --- --- 

ZnS -1.455565 3.011256 0.671249 -0.072069 0.021755 

--- -3.318246 1.801397 1.064858 --- --- 

PMMA 4.894459 1.993937 0.709224 -0.013088 --- 

--- -2.986461 0.980410 0.982669 --- --- 

PMMA 2.369662 3.004441 1.066610 --- --- 

--- -4.055369 0.231411 0.722063 0.647925 -0.716443 

The expected foveated image is produced by the distortion that is introduced 

via the first surface of the objective, resulting in the fisheye-like appearance. The 

current objective was optimized for the 510 nm wavelength with a ±50 nm range; in 

order to be near the emission peak of proflavine. Proflavine is a fluorescent dye that 

stains cell nuclei, enhancing visualization. Table 3.2 provides the expected change in 

magnification and NA as the field changes. According to the equation for Rayleigh 

Resolution, with an NA of 0.1, at the wavelength of 510 nm would provide a 

resolution of 3.11 μm:  

    d=0.61*λ/NA.      (1) 

 

Where d is the minimum distance between two points where it is possible to 

distinguish each. 
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Table 3.2 Design parameters across the field for the foveated objective 

 Working Distance 2.1 mm 
Field (mm) NA M Rayleigh Resolution (μm) 

0 0.100 0.39 3.11 
0.5 0.098/0.095 0.37 3.17/3.27 
1 0.092/0.082 0.30 3.38/3.79 
2 0.074/0.045 0.14 4.20/6.91 

2.5 0.061/0.024 0.06 5.10/13.0 

 

Field refers to the semi diameter from the optical axis. Due to the elliptical 

pupil at larger fields, the tangential/sagittal values are each defined by the two 

numbers with a slash. M refers to magnification. The Rayleigh resolutions were 

calculate for λ = 510 nm.  

As displayed by the modulation transfer function (Figure 3.2), the design is 

diffraction limited along the axis, with an expected drop off across the field due to 

the matching decreasing NA and associated magnification. 

 

Figure 3.2 The modulation transfer function of the foveated design. 
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The design is telecentric in the image space, with a NA of 0.22 that does not 

change across the field, allowing the objective to be integrated with an optical fiber 

guide with high coupling efficiency.  

3.3. Conclusions 

This chapter introduced the concept of foveated imaging for 

endomicroscopy. The optical design of the foveated objective was defined by 

parameters chosen from conversations with clinicians and is presented via the 

optical layout and the prescription data of each lens, providing a FOV of 5 mm with 

the ability to resolve 3 µm features on axis. The expected performance was indicated 

by the modulation transfer function, which varies across the field of view, as is 

designed. The final stage before fabrication is addressing the effects of machining on 

the completed design. 
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Chapter 4 

Fabrication Methods of 

Endomicroscopes 

*The contents of this chapter have been modified from text published in the following 

journal articles: A. Shadfan, M. Pawlowski, Y. Wang , K. Subramanian, I. Gabay, A. Ben-Yakar, 

T. Tkaczyk. "Design and fabrication of a miniature objective consisting of high refractive 

index zinc sulfide lenses for laser surgery", Opt. Eng. 55(2), 025107 (Feb 23, 2016) [85] and 

A. Shadfan, A. Hellebust, R. Richards-Kortum, and T. Tkaczyk, “Confocal foveated 

endomicroscope for the detection of esophageal carcinoma,” Opt. Express 6, 2311-2324 

(2015) [76]. 

The development of the miniature foveated objective encountered several 

technological challenges due to the material choice (Zinc Sulfide) and the small size 

of the elements. Several of these challenges were addressed via the development of 

other endomicroscopes that were designed as a laser ablation focusing objective. 

The purpose of the production of the laser ablation objectives are first introduced, 
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along with the design and fabrication processes. The chapter concludes with the 

fabrication of the foveated objective.  

4.1.  Laser Ablation Objective 

Laser ablation surgical therapies have been shown to treat a wide array of 

conditions including endometriosis, epilepsy, thyroid nodules, varicose veins, 

prostate cancer, and many others [86-91]. While laser ablation can be broadly 

defined as the removal of material due to the absorption of laser energy, specifically 

ultrafast pulsed lasers have shown great promise for use in surgical ablation 

therapy, providing unmatched precision [92-94]. These systems however are often 

limited by the difficulty of delivering light from the large benchtop lasers to the 

tissue of a patient [95, 96]. One solution is to incorporate flexible optical fibers with 

miniature optics in order to access difficult to reach regions.  

Hollow core photonic crystal fibers (HC-PCF) have been successfully used in 

endoscopic probes to deliver ultrafast pulses with fluences sufficient for tissue 

ablation without damaging the fiber [96, 97]. The most recent endoscopic probe has 

combined miniaturized optics with a piezo-scanned PCF to deliver high-repetition 

rate amplified femtosecond lasers from a compact fiber laser. This surgery probe 

showed a reduction in the time per cut through the improvement of repetition rate 

while maintaining a miniature package and delivering enough pulse energies to 

ablate fixed tissue samples [96]. The availability of larger air core HC-PCFs can 

potentially enable delivering larger pulse energies. There is a need for a custom 
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miniature objective designed to couple these large core, low NA fibers in order to 

provide desired focusing conditions for precision surgery.  

To improve the efficiency of laser coupling to the tissue and to meet the 

specifications necessary for surgery, we present the development of a custom 

designed miniature objective. In this work, we describe the design, fabrication, and 

validation of this objective to be used as a surgical probe. To simplify the optical 

design down to two optical components, a high refractive index material was 

incorporated. This material, Zinc Sulfide (ZnS), has been used considerably in IR 

imaging applications [98-101] and successfully incorporated into a miniature 

objective [76]. To further reduce complexity of the optical system and to relax 

assembly tolerances, all optical components were manufactured using diamond 

turning technology, a prototyping method that allows for the production of 

spherical and aspherical components without an increase of cost and manufacturing 

time. To provide a distance invariant object field, the lens is telecentric in the 

sample space. By incorporating a piezo scanning fiber to deliver the laser radiation 

responsible for absorption within the tissue, the miniature probe objective was 

designed to be hypercentric in the image space in order to collect light emitted by 

the deflecting fiber-optic tip. The objective was thus reduced to two elements to 

provide -13× magnification and a 160 µm field of view, allowing for adequate energy 

density within the tissue. Two versions were built: a traditional cylindrical 

miniature objective and a prototype tapered mount. The optical performance of the 

tapered objective was characterized by the ablation performance of gold film. 
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4.1.1. Optical System of the Laser Ablation Probe 

The optical design of the distal optics of the surgery probe aims to deliver a 

sufficiently focused beam of light on to the tissue surface, while the beam is scanned 

across the back aperture of the optics to achieve the largest possible area of 

ablation. The optical system of the Miniature Surgery Probe is presented in Figure 

4.1. The basic optical parameters of the presented system are summarized in Table 

4.1. The optical system was designed in the Zemax (Radiant Zemax, Redmont, WA, 

USA) optical design package. At the design state, the system was modeled “in 

reverse” in order to utilize the built-in Zemax option to launch rays telecentrically in 

the object space as well as use the optimization operands to target a hypercentric 

ray configuration at the fiber side of the system.   

 

Figure 4.1 The optical schematic of the Miniature Surgery Probe. 

In Zemax, we constructed the optical system to work with a 10 mm long fiber 

cantilever. The length of the fiber tip was an important design parameter, as is had 

direct impact on deflection of the fiber - thus driving the objective aperture 

requirements. The amplitude of vibration of a fiber cantilever is a function of the 
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electro-mechanical properties of the piezo-electric tube (PZT, Lead Zirconium 

Titanate) transducer as well as the elastic properties of the fiber. For the chosen 

inhibited coupling HC-PCF (GLOphotonics PMC-PL-780_USP, FRA) and PZT 

transducer (EBL Products Inc., CT, USA), the 10 mm long fiber cantilever locus of 

movement forms a sphere with a radius of 6.66 mm. This movement of fiber tip can 

be achieved when activated symmetrically in both tangential and sagital planes 

using a typical driving voltage signal. To model this behavior, the image plane was 

set with a spherical shape with a radius of 6.66 mm.  

To provide position invariant tissue ablation conditions, energy density at 

the target must be constant within the field of view. Additionally, for ease of use for 

the operator of the ablation objective, the whole field of view should be illuminated 

uniformly. Taking both requirements into account, the optical train of the probe was 

designed to be telecentric in the tissue space. To avoid self-focusing of laser pulses 

above the tissue in water and maintain a successful ablation process, we have 

chosen the beam interrogating the tissue to have an NA of at least 0.2. In order to 

match the NA of the fiber (0.018) and to guarantee successive ablation, a system 

with a magnification of -13× was designed that resulted in a tissue side NA of 0.23 – 

above the threshold minimum of 0.2.  
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Table 4.1 Basic optical parameters of the Miniature Surgery Probe. 

Tissue side NA 0.23 
Magnification -13× 
Design wavelength 770 nm 
Tissue side telecentric Yes 
Fiber side hypercentric Yes 
Total length 28 mm 
FOV radii (tissue side) 0.08 mm 
Fiber deflection +/- 0.87 mm 
Fiber cantilever length 10 mm 
Image curvature – fiber side 6.66 mm 
Fiber deflection ± 2.7 deg. 

 

To make the surgical probe practical, its outer diameter should be limited to 

a few millimeters and its length to several centimeters. An appropriate example 

with similar dimensions to the desired prototype probe is a pen or pencil, which 

through wide availability and broad use make manipulation of such a probe 

intuitive. At the early stages of the design we searched through readily available 

databases of optical designs like the Zemax Design Library to find optical systems 

that would meet our size and working conditions constrains but we were unable to 

match any available design to our requirements. We decided therefore to 

manufacture a custom objective and to simplify the manufacturing and assembly 

processes by purposefully reducing the count of optical elements down to two. Due 

to this low count of optical components, we choose to construct our system 

exclusively from multispectral Zinc Sulfide (ZnS) in order to decrease aberrational 

load of each lens. This optical grade crystal has a very high index of refraction (n = 
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2.32 at 770 nm [102]) and can be machined on diamond turning lathes with a root 

mean squared surface roughness value on the order of a few nanometers.  

The design process began with two monochromatic ZnS plane-parallel plates. 

We set the radii and thicknesses of the optical components as variables. After 

multiple iterations of optimization of exclusively spherical system, we added the 

conic variable on subsequent surfaces to widen solutions space for the optimization 

algorithm. At each step of optimization the merit function was modified - typically 

by adding field points and restricting tolerances on the angles of incidence of rays 

illuminating the fiber tip surface and manually controlling the system magnification 

and working distance. The optimized final prescription of the optical system of the 

miniature probe at nominal working conditions is presented in Table 4.2. 

Table 4.2 Optical prescription data of the Miniature Surgical Probe. 

Surface Radii [mm] Thickness 
[mm] 

Glass Semi-
diameter 
[mm] 

Conic Comment 

1 ∞ 0.9 Seawater 0.08  Tissue + immersion media 
2 ∞ 0.15 BK7 0.24  Cover glass 
3 ∞ 0.2  0.264   
4 ∞ 2.5 ZnS 0.312  Lens #1 
5 -2.406 15.009  0.559 -

1.093 
 

6 -0.972 4.005 ZnS 0.639 -
0.688 

Lens #2 

7 -2.636 6.5  1.972 -
0.628 

 

8 6.66   0.867  Fiber tip surface 

 

We modeled the superficial layers of tissue combined together with 

immersion media in Zemax as seawater because the bulk refractive indexes of 
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superficial skin and of the selected immersion media (saline solution) are similar 

[103, 104]. A BK7 cover glass window was used to protect the assembly against 

accidental scratches and to provide a sealing platform to isolate the optical system 

from the immersion liquid and other contaminants. Both proximal and distal lenses 

were made from ZnS and were aspherized in order to achieve diffraction limited 

performance in the system with reduced count of active optical surfaces. The optical 

system was optimized for the following object fields: 0 mm, 0.02 mm, 0.03 mm, 

0.038 mm, 0.044 mm, 0.05 mm, 0.06 mm, 0.07 mm, and 0.08 mm located in the 

tissue space. The corresponding field points in the fiber tip space were located in the 

tangential plane: 0 mm, 0.23 mm, 0.33 mm, 0.41 mm, 0.47 mm, 0.52 mm, 0.62 mm, 

0.73 mm, and 0.85 mm away from the optical axis. The nominal performance 

metrics of the ablation probe represented by the Fourier transform based 

Modulation Transfer Function (MTF) and spot diagrams, are presented in Figures 

4.2(a) and 4.2(b), respectively. As evidenced by the plots in Figure 4.2, the system 

exhibits diffraction limited performance within the whole field of view. The 

performance is further defined by Figure 4.2(c) presenting the RMS wavefront error 

plotted as a function of field and Figure 4.2(d) presenting the Strehl Ratio (SR) 

plotted across the field. The SR is a standard relationship that is used to assign a 

value to the comparison of the measured optical performance to an ideal. Both the 

expected RMS wavefront error and SR indicate the design is diffraction limited 

across the entire field despite the slight drop off of the MTF curve in Figure 4.2(a).  
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Figure 4.2 Nominal performance metrics of the Miniature Surgical Probe: 

Fourier transform based Modulation Transfer Function (a) and spot diagrams 

(b) for tangential object points located: 0 mm, 0.02 mm, 0.03 mm, 0.038 mm, 

0.044 mm, 0.05 mm, 0.06 mm, 0.07 mm and 0.08 mm away from the optical 

axis. The performance is further defined by the RMS wavefront error vs. field 

(c) and the expected Strehl Ratio vs. field (d). 

Analysis of the manufacturability of the system was performed in Zemax with 

the tolerance parameters listed in Table 4.3. The values of the tolerance operands 

represent experimentally measured manufacturing capabilities of our machining 

facility. Performance of the design during tolerance optimization was assessed using 

Root Sum Square (RSS) and Monte-Carlo analysis methods. Root Mean Square 

(RMS) wavefront error was used in both to indicate system performance. According 

to the RSS method, the change in performance of the system related to expected 

manufacturing imperfections will be 0.06. Taking into account the nominal 
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performance of the system (0.045 RMS), an estimate of the prototype RMS error 

was estimated to be 0.105, a value slightly above diffraction limit of 0.07. Analysis of 

nine hundred ninety nine Monte-Carlo simulations runs revealed that there is a 65% 

chance to manufacture a diffraction limited system within the whole field of view for 

tolerances parameters identified in Table 4.3. Because we planned on 

manufacturing at least two prototypes, we had a fair chance of producing at least 

one system that would be diffraction limited or very close to it. 

Table 4.3 Tolerance parameters used during final stage of system 

optimization. Thickness tolerance for surface 4 was ± 0.1 mm. 

Radii 
[mm] 

Thickness 
[mm] 

Element 
tilt [mm] 

Surface 
tilt [mm] 

Irregularity 
[a.u.] 

Ref. Index 
[a.u.] 

± 0.02 ±  0.02* ±  0.02 ± 0.02 0.2 ±  10-3 

 

4.1.2. Fabrication of miniature objective 

Due to the differences in sizes of the clear aperture of the two lenses, we 

investigated constructing an objective that could exploit the variable diameters due 

to tapering of the probe tip. For this reason, two versions of the objective were 

manufactured in-house using single point diamond turning (SPDT). A diagram of the 

two objectives can be seen in Figure 4.3, with a traditional design on the left and an 

experimental tapered design on the right. The first layout shown in Figure 4.3(a), 

which is similar to many of our previous cylindrical designs [76, 105, 106] relies on 

the inner and outer hypodermic tubes to precisely space and hold the lenses in 

place. The second lens shown in Figure 4.3(b) is a prototype tapered design that 
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capitalizes on the small clear aperture of the lens closer to the tissue to improve 

visibility for the operator. The aluminum tapered mount alone provides all of the 

mechanical alignment of the two lenses. The tapered region allows for improved 

visibility of the surgical target while maintaining full field performance by reducing 

the external diameter from 5 mm to 2 mm. The mount was fabricated in the 

mechanical shop of Rice University. 

 

Figure 4.3 Mechanical schematic of the two objectives. (a) Traditional design 

consisting of two ZnS lenses of the same diameter held in place by two 

hypodermic tubes. (b) Tapered design, using a custom aluminum mount to 

hold the different sized lenses. 

The production process of the lenses relies on SPDT to both reduce the 

diameter and cut the surface of optical grade ZnS pellets (Naked Optics, FL, USA) to 

the design specifications. SPDT allows for the inclusion of aspherical surfaces, 

enabling the design to rely on fewer surfaces as conic and higher order terms may 

aid in correction of aberrations [107]. For ZnS, we were able to produce high quality 

optical surfaces, as defined by a surface roughness root mean squared value of 5 nm. 

The tool path for the cuts of the traditional style objective included flat regions that 

allows for the internal spacer to be placed precisely without damaging the optically 
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relevant surfaces (clear aperture) of the lenses (as seen in Figure 4.3(a)). For the 

tapered objective, the lenses were produced in the same fashion as the first design, 

only requiring a significantly smaller diameter. Two copies of each lens were made 

in order to improve the probability of producing a diffraction limited objective. The 

best lenses were chosen and placed within the mounts. The individual lenses and 

completed systems can be seen in Figure 4.4.  

 

Figure 4.4 Pictures of the completed optical components. (a) Completed 

lenses. Traditional style lenses on the left and the tapered design on the right. 

(b) Completed versions of both styles of objectives with penny for scale.  

Due to the high refractive index of ZnS, the four optical surfaces of the 

objective result in a system transmission of only 50.4%, which could prove 

detrimental for ablation applications by limiting the amount of laser radiation 

delivered to the tissue. For this reason, the lenses were sent out for anti-reflective 

coatings (Optical Filter Source LLC, TX, USA). The coatings consisted of a 

combination of high and low index refractory oxides, to provide less than 1% 
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reflectance at the designed 770 nm. The optical performance of the two objectives 

was observed before and after the coating.    

4.2. Manufacturing of Second Generation Ablation Probe 

Unforeseen non-linear behavior of the ultrafast pulsed laser with the ZnS 

material led to a redesign of the probe with a different polycrystalline optical 

substrate with a lower refractive index - calcium fluoride (CaF2). Briefly, CaF2 was 

chosen due to its low dispersion, small thermal expansion, acceptable two photon 

absorption (TPA) coefficient, sufficient transmission in the visible range, and the 

ability to process it using diamond turning technology. However, due to the lower 

refractive index, three singlet lenses were required to provide the appropriate 

magnification of -13x. Similar to the ZnS design, the second generation CaF2 design 

focuses light from a scanning fiber to a 140 µm spot within the tissue. The optical 

layout is presented in Figure 4.5, with the prescription data in Table 4.4.  

 

Figure 4.5 Optical schematic of the miniature surgery probe. The system is 

presented in ‘reverse’ with the tissue target immersed in liquid media and 

depicted in the far left, and with the vibrating fiber tip located on the far right. 
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Table 4.4 Lens data of miniature crystalline ablation probe. 

Surface # Radius[mm] Thickness[mm] Glass Semi-Diameter [mm] Conic 

1 ∞ 0.9 Sea water 0.07 0.0 

2 ∞ 0.150 BK7 0.249 0.0 

3 ∞ 0.2  0.375 0.0 

4 ∞ 2.124 CaF2 0.429 0.0 

5 -1.102 2.0  0.781 -0.638 

6 1.916 5.0 CaF2 0.758 0.0 

7 0.579 10.0  0.369 -0.630 

8 -4.832 4.852 CaF2 1.332 4.402 

9 -2.207 6.494  2.013 -0.872 

10 6.670   0.739 0.0 

 

The system was optimized for manufacturability using the tolerance 

parameters presented in Table 4.5. The root sum square (RSS) method was used to 

estimate the wavefront error during iterative optimization, while the Monte-Carlo 

method was utilized for total system performance estimates. According to the RSS 

method, the system RMS wavefront error would be at the level of 0.11, a value 

slightly greater than the commonly defined diffraction limit of 0.07. Results of 1200 

Monte-Carlo simulation runs suggested that nearly 100% of attempts to fabricate 

the system utilizing our manufacturing methods will result in a system that is 

capable of reaching diffraction limited performance on axis and an 80% chance to 

reach diffraction limited performance at the edge of the FOV. Taking into account 
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the high rate of success as predicted by the Monte-Carlo method and the acceptable 

RSS performance, we prepared numerical programs to manufacture lenses on our 3-

axis diamond turning lathes. 

Table 4.5 Basic optical parameters of the miniature surgical probe 

Parameter Value 

Telecentricity Tissue space 

Magnification -13x 

Tissue side NA 0.26 

Fiber side NA 0.02 

Design wavelength 770nm 

Tissue side ‘object’ height 0.07mm 

Total track 30.82 mm 

 

The lenses of the system were fabricated through single point diamond 

turning (SPDT). As mentioned previously, SPDT allows for the prototyping of 

symmetrical lenses with both spherical and aspherical surfaces. The tool paths for 

cutting each optical surface were created in NanoCAM 2D (Moore Nanotechnology 

Systems, LLC, Swanzey, New Hampshire) to provide the machine coordinates. 

Coordinate points were added manually to provide flat surfaces that act as precision 

spacers between elements. In an effort to reduce the diameter of the system, we 

took advantage of the smaller clear aperture of the two singlets closer to the tissue 
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target by creating a tapered design with a custom aluminum chassis to provide the 

alignment for each lens. A schematic of the tapered system can be found in Figure 

4.6, showing the aluminum mount, the CaF2 singlets, aluminum cylinder to provide 

precision spacing between lenses 2 and 3, brass ring to secure lens 1, and a plastic 

disc and cover glass to seal the distal end of the probe.  

 

Figure 4.6. Schematic of the tapered ablation objective. 

The aluminum chassis and spacer were created in the Rice University 

Machine shop. The singlets were produced by turning down the diameter and length 

of optical grade CaF2 pellets (Naked Optics, FL, USA). As apparent in Figure 4.6, the 

outer diameter of lenses 2 and 3 were increased slightly to provide the flat surfaces 

used to mount each lens. A whitelight and Fizeau interferometer were used to 

ensure the surface roughness was optimized to an RMS of approximately 5 nm and 

that the surface shape profiles were correct. The completed singlets and the chassis 

and spacer can be seen in Figure 4.7.     
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Figure 4.7 Photograph of the aluminum tapered chassis and spacing cylinder 

along with the three CaF2 singlets. 

The final fabrication step before assembly was the production of a brass ring 

to lock the larger lens 3 in place, and the laser cutting of a plastic disc and coverglass 

to seal the first two lenses. Utilizing SPDT, a brass ring was manufactured out of a 

brass hypodermic tube to tightly fit inside the tapered chassis around the end of 

lens 3 (Figure 4.6). The ring is 800 µm tall, with a wall thickness of 95 µm (Figure 

4.8 (A)). For the tapered end of the objective, a laser cutter was used to cut a 250 um 

thick plastic disc with a 900 µm central hole to allow the light pass without 

interfering with the clear aperture. Additionally, the laser cuter was used to produce 

round cover slips to fit over the end of the plastic spacer and the taper chassis, cut 

from 150 µm thick cover glass. The plastic spacer disc and coverglass placed on the 

end of the chassis can be seen in Figure 4.8 (B). The final stage of assembly required 



 55 

the sealing of the objective. Once lens 3 and the brass ring were placed inside the 

mount, a precision fluid dispenser was used to apply a small amount of UV curable 

optical glue between the ring and the mount without spillover onto the optical 

surface of the lens. The sealed back surface of the objective can be seen in Figure 4.8 

(C). Similarly, the epoxy was deposited and then cured between the cut cover glass 

and the aluminum mount.  The sealed front tip of the tapered objective can be seen 

in Figure 4.8 (D). 

 

Figure 4.8 Sealing the objective. (A) Brass ring used to hold lens 3 with penny 

for scale. (B). Laser cut plastic disc and cover glass sealed on the mount. The 

red circle indicates the approximate clear aperture. (C) The sealed back end of 

the objective with brass ring. (D) The sealed front end of the objective with 

plastic stop and cover glass.      
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4.3. Fabrication of Foveated Objective 

Fabrication methods developed for the previous ablation objectives relating 

specifically to miniature size and diamond turning of crystalline materials were 

used to manufacture the foveated objective. The following section presents the 

fabrication and assembly process for the foveated lenses.     

4.3.1. Tolerancing and fabrication  

When optimizing an optical design, it is crucial to take into account the 

effects that manufacturing and the assembly process impart on optical performance. 

Of particular importance for single-point diamond-turning (SPDT), is accounting for 

surface and element tilt, surface quality in terms of roughness, decentration, surface 

radii, and distances between surfaces and elements. The expected values of these 

tolerances are unique to the manufacturing process. For example, the surface 

roughness and the surface radius are due to SPDT tool alignment and cutting 

speeds. Analysis with a white-light interferometer allows for quantification of the 

quality of the optical surface in terms of surface roughness, while a Fizeau 

interferometer provides deviations of the cut radii from the design. From the white-

light interferometer, typical achievable root-mean-squared (RMS) roughnesses 

were measured to be approximately 10 nm for PMMA and 5 nm for ZnS. 

Radius values typically have approximately 1% error. Expected surface and 

element tilt are due to the frequent realignment of the mounts holding the elements 

after each cut. Tilt refers to the change in angle of the optomechanical axis from 
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predicted to actual, while decentration is the distance between the predicted and 

actual center axis. Experimentally, it was found that tilt values vary significantly 

depending on the length of the lens, with a value of 3° not uncommon for lenses 

below 1 mm in length. For longer lenses (as used in this design) however, this 

number is significantly reduced. ZEMAX calculates the change in RMS wavefront 

error via a Monte-Carlo analysis due to perturbations of the tolerances in order to 

ensure a diffraction-limited system. The wavefront error is the average deviation 

from the expected wavefront, due to aberrations and tolerances that have caused 

the wavefront to change. Generally, if the RMS wavefront error is kept below 

0.07*λ, then the expected fabricated system is considered diffraction limited. A list 

of the expected tolerances can be found in Table 4.6.  

Table 4.6 Expected fabrication tolerances for lenses 

Tolerance Parameter Expected Limit 

Radius (%) ± 1 

Thickness (mm) ± 0.040 

Surface Decenter (mm) ± 0.020 

Surface Tilt (deg) ± 0.15 

Element Tilt (deg) ± 0.30 

Index (%) ± 1 

The fabricated objective consists of three single-point diamond-turned 

(SPDT) elements. Each element is fabricated to include spacing features that act as 

optical stops for the clear apertures, provide precise alignment, and allow the lenses 

to be press-fitted inside a hypodermic tube (Figure 4.9). The design was optimized 
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to include a cover slip on the object side to further protect the objective.  SPDT 

allows for the fabrication of both high quality miniature spherical and aspheric 

lenses. Aspheric lenses, while traditionally more difficult to manufacture using other 

methods, provide corrections for spherical and monochromatic aberrations. 

Because of this, it is possible to design diffraction-limited objectives with fewer 

elements.  

 

Figure 4.9 Solidworks model of the designed objective including spacing 

features to allow for press fitting. The three optical elements from left to right 

are ZnS, PMMA and PMMA.   

 To begin the lens fabrication process, precursors are cut from large disks or 

rods of the appropriate raw material. The coordinates of the cut are determined 

using the program NanoCAM 2D (Moore Nanotechnology Systems, LLC, Swanzey, 

New Hampshire) Manual coordinates were added to cut each lens surface to include 

precision spacer features, which accurately maintain the distance between each 

element. Figure 4.10 displays the cut path of the machine with the added spacing 

features - the optical lens surface (red) transitions into a slant (pink) to the flat 

surface that defines the position of the lens within the system (blue). 
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Figure 4.10 NanoCAM 2D drawing of the face cutting to be performed by the 

diamond turning machines of one surface of one of the lenses in the objective. 

The central axis of the lens is on the far left at point 0.00, 0.00. The red 

spherical surface is the optical surface. The pink surface and blue surfaces are 

covered with an acrylic marker in order to clearly define the clear aperture 

and reduce unwanted scattering of the light. 

A hypodermic tube acts as the barrel that encloses the objective. Without the 

use of any other optomechanics, the compression provided by the tube is the only 

factor controlling the alignment of optical components. The hypodermic tubing is 

able to maintain an alignment tolerance of influencing decentration +/- 0.020 mm 

due to the quality of the surface of the tube as measured by an interferometer. A 

photo of the deconstructed components of the foveated objective can be found in 

Figure 4.11. The individual lens singlets were then carefully placed within the 

hypodermic tube and sealed with the application of a small amount of UV curable 

epoxy, applied by a precision dispenser. 
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Figure 4.11 Deconstructed components of the foveated obejective with US 

penny for scale. 

4.4. Conclusions 

This chapter presented the fabrication of several miniature objectives, 

highlighting the methods developed for the means of dealing with the crystalline 

materials and the miniature size. For example, as opposed to the cutting of plastic 

substrates, the processing of crystalline materials requires a more complicated step-

down process where the depth of cut and speed of cut is decreased on each pass. 

Additionally, during the design phase it is crucial to account for the potential 

differences between lens thickness and surface shapes due to the manufacturing 

process in order to have a high probability of producing a high performing lens. 

With the foveated lens fabricated, the next step was to validate the objective.     
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Chapter 5 

Validation of Foveated Objective 

*The contents of this chapter have been published in the following journal article: A. 

Shadfan, A. Hellebust, R. Richards-Kortum, and T. Tkaczyk, “Confocal foveated 

endomicroscope for the detection of esophageal carcinoma,” Opt. Express 6, 2311-2324 

(2015) [76]. 

 Chapter 4 discussed several technological challenges that were overcome in 

the building of a miniature objective with crystalline optical materials and the 

fabrication of the foveated objective. This chapter details the validation of the 

performance of the objective by initially imaging artificial resolution targets 

followed by the imaging of ex vivo tissue samples. These tissue samples were imaged 

in a confocal mode by utilizing a custom built confocal microscope.  
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5.1. Objective performance and distortion removal 

The initial validation of the foveated objective was performed using a 1951 

USAF resolution target to assess the achievable resolution by observing the smallest 

resolvable features, find the Modulation Transfer Function (MTF), and estimate the 

Strehl Ratio (SR). The SR, a standard relationship used to evaluate measured optical 

performance relative to an ideal, compares the measured peak irradiance in the Airy 

disk to the expected theoretical Airy disk of a diffraction limited system [108]. The 

slanted edge technique approximates the SR by comparing the area under the 

measured MTF to the theoretical. The area under the measured MTF is found with 

the resolution target by measuring contrast between the white and black regions as 

imaged by the detector. A system with a SR of 0.8 is traditionally considered to be 

diffraction limited. 

For testing purposes, the foveated endomicroscope was relayed through a 

10x, 0.25NA commercial Zeiss objective onto an inverted brightfield Zeiss 

microscope at 490 nm. At the designed working distance of 2.1 mm, and a 

wavelength of 490 nm, the objective should be able to resolve 2.98 μm, 

corresponding to between elements 3 and 4 of group 8.   An image of the USAF 

objective at the center of the FOV shows the ability of the objective to resolve at 

least element 3 in group 8 as indicated by the red box (Figure 5.1 C). The slanted 

edge technique resulted in a SR of 0.82.  
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Figure 5.1 (A) Image of 1951 resolution target imaged through the objective 

showing the full field (5 mm) with red box indicating the higher resolution 

features. (B) Close up of resolution target with red box indicating the highest 

resolution features. (C) Close up of the highest resolved features, with the 

ability to resolve group 8, element 4 in red box.  

In addition to observing performance on axis, the resolution target was 

translated across the foveated objective in order to assess achievable resolution 

across the field. The high resolution features of the target were translated and 

imaged 0.5 mm, 1 mm and 2.5 mm from the axial position (Figure 5.2). Testing at a 

wavelength of 490 nm, the values from Table 4.1 vary slightly to an expected 

resolution of 1.53/1.57 um, 1.62/1.82 um, and 2.45/6.23 um at 0.5 mm, 1 mm and 

2.5 mm, respectively. As previously mentioned, the two numbers refer to the 

tangential/sagittal values, which differ due to the elliptical pupil at larger fields. The 

tangential resolution values correspond to group 8, element 3, group 8 element 2 

and group 7, element 5, respectively, which can each be resolved in figure 6.3 (blue 

boxes). The sagittal values correspond to group 8, element 3, group 8, element 1, 

and group 6, element 2, which can each also be resolved in figure 6.3 (green boxes).      
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Figure 5.2 (A) Image of resolution target imaged through the objective after 

translating the target 0.5 mm from the center of the FOV. The red box 

indicating the higher resolution features, with blue and green boxes 

highlighting the expected tangential and sagittal resolvable features (group 8, 

element 3 for both), respectively. (B) Image of target translated 1 mm from 

the center, resolving group 8, element 2 and group 8, element 1.  (C) Image of 

target translated 2.5 mm from the center, resolving group 7, element 5 and at 

least group 6, element 2.  

The goal of the foveated objective however is to provide not only high-

resolution imaging, but also a large FOV. With the foveated objective relayed onto 

the 10x, 0.25NA objective, a comparison can be made with a commercial 0.1 NA 

Olympus objective. The foveated objective is able to collect a FOV comparable to the 

commercial objective while having a clear aperture several times smaller (Figure 

5.3). 
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Figure 5.3 (A) Image taken with 0.1 NA commercial objective of Cartesian grid 

pattern of dots of 0.0625 mm with a spacing of 0.125 mm between dots. (B) 

Image of Cartesian pattern taken through the foveated objective with 

comparable field to the commercial objective.   

 While the FOV of the commercial objective and the foveated objective are 

similar in size, the diameter of the commercial objective is 24 mm with a height of 

30 mm. Additionally, the clear aperture is 8.5 mm, more than four times larger than 

the clear aperture of the foveated objective (~2 mm). A comparison of the scale of 

the objectives can be seen in Figure 5.4.  
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Figure 5.4 Comparison of the commercial 0.1 NA objective (left) with the 

foveated objective (center) and penny for scale (right). 

 In order to effectively utilize the image produced by the foveated objective, it 

is necessary to remove the distortion. In our previous publication, [77] we were able 

to remove the distortion and unwarp the image using a piecewise polynomial-

mapping algorithm written in Python. We have rewritten the algorithm in MATLAB 

and to provide a more rapid piecewise polynomial-mapping. To remove the 

distortion, a Cartesian grid pattern printed on a glass slide was used as a calibration 

target to manually match the points as imaged through the foveated objective. The 

dots on the grid pattern have diameter of 0.0625 mm with a spacing of 0.125 mm 

between dots.  The algorithm utilizes interpolation of the data points, creating 

undistorted images with approximately twice as many pixels.  
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Examples of the original distorted and corrected resolution target as imaged 

by a custom built confocal microscope can be seen in Figure 5.5. The images of the 

resolution target show the full 5.0 mm field of the endomicroscope.  

 

Figure 5.5 (A) Foveated image of resolution target. (B) Corrected foveated 

image with distortion removed. 

5.2. Experimental imaging results 

To assess the biological relevance, non-cancerous ex vivo mouse esophageal 

tissue treated with the proflavine fluorescent dye was imaged with the foveated 

objective using both a fluorescence microscope and a custom confocal microscope 

(Figure 5.6). In these images, where only the center fields are observed, it is possible 

to identify individual nuclei due to the proflavine dye, which stains the cell nuclei.   
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Figure 5.6 (A) Close up fluorescence image of normal ex vivo mouse 

esophageal tissue taken through foveated objective. (B) Close up confocal 

image of ex vivo mouse esophageal tissue dyed with proflavine taken through 

the foveated objective.  

 The custom built fluorescence confocal microscope uses a 1W 455nm 

handheld laser pointer as the light source, miniature scanning galvanometer 

mirrors, and commercial grade optics to produce a diffraction limited point of 

excitation light that is scanned across the area of interest and collected by a 

photomultiplier tube. The light that actually interrogates the sample is only 0.45 

mW/cm2 after it is attenuated though the system and foveated objective, well below 

the acceptable maximum according to the Threshold Limit Value (TLV) set by the 

American Conference of Governmental Industrial Hygienists (ACGIH) [109]. The 

entire field could not be imaged with the confocal microscope due to loss of contrast 

at the edge of the field coinciding with the drop off of numerical aperture. For this 
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reason only the central fields were captured, showing less distortion than the full 

field of the foveated objective.   

Comparisons of the foveated objective with the commercial 0.1 NA objective 

for imaging esophageal tissue of a larger field were also made (Figure 5.7). The FOVs 

were cropped down slightly to show similar regions of the same tissue. 

 

 

Figure 5.7 (A) Slightly cropped fluorescence image of normal ex vivo mouse 

esophageal tissue dyed with proflavine taken through commercial 0.1 NA 

objective. (B) Same tissue imaged through foveated objective, with high 

resolution region in the center of the field. 

 The images show overlapping regions with similar identifiable points of 

interest. In the foveated image it is possible to identify individual cells on the center 

of the image with an expected blurring towards the edge of the field as NA and 

magnification decrease.  The ability to observe this cellular structure aids in the 

localization of abnormal, potentially cancerous regions.   
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5.3. Dysplasia identification   

The primary benefit of the foveated endomicroscope is providing a large field 

of view in a small package with sufficient achievable resolution to observe structural 

changes due to abnormalities. To assess this advantage, a large segment from a 

mouse colon was imaged with the confocal foveated scope. The colon was chosen 

because the columnar epithelium of BE segments is similar in appearance and 

structure to the epithelium of the colon. Additionally the colon of a mouse contains 

more surface area than the esophagus, allowing for better assessment of the large 

field of the foveated objective. In order to induce the rapid development of 

colorectal lesions similar to ones found in humans, mice were exposed to a 

combination of azoxymethane (AOM) and dextran sodium sulphate (DSS). The 

AOM/DSS model is well established for observing colon carcinogenesis [110]. In this 

study, carcinogenesis was induced in male Balb/c mice with an intraperitoneal 

injection of AOM (10mg/kg) followed by one week cycles of 2% DSS in the drinking 

water at 1, 4 and 7 weeks. All animal experiments were reviewed and approved by 

the Institutional Animal Care and Use Committee of Rice University. The 

development of the cancer begins with appearance of aberrant crypts in the distal 

end of the colon and eventually the presence of rapidly growing polyps. The latency 

time for the complete tumors to grow is 2-3 months. Images through the foveated 

objective were taken at multiple time points. Four weeks after AOM/DSS treatment 

a mouse was sacrificed and the entire colon was resected, dyed with proflavine and 

flattened with a cover glass slide. Starting from the anus, the foveated confocal 
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scope was translated across the colon. As previously stated, the entire FOV on the 

foveated objective was not imaged due to limitations of the confocal scope. A video 

was recorded of the foveated objective traversing the colon. Figure 5.8 displays 

frames taken at several time points showing hair near the anus on the top left down 

to normal columnar epithelium and eventually an abnormal region with elongated 

asymmetrical crypt structures found in the bottom right image (white arrow), 

several millimeters from the anus. At the four week time point, high grade tubular 

adenomas were confirmed with histopathology. The series of images demonstrates 

the ability of the device to rapidly traverse a large segment to find an abnormal 

region.  

 

Figure 5.8 Series of confocal images taken through the foveated objective of ex 

vivo mouse colon 4 weeks after AOM/DSS treatment and dyed with proflavine. 

The hair in the top left image is the fur near the anus. Normal columnar cells 

can then be observed in the next images until the bottom right image, where 

the elongated crypts can be viewed (white arrow). The scale bar is 700 μm.  
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Image 5.9 is an inlarged version of the bottom right of Image 5.9. Again, in 

this image it was possible to observe the irregluar gland pattern, indicating 

adenomatous changes, specifcally the eleongated crypt found at point 1.   

 

Figure 5.9 (A) Slightly zoomed in confocal image taken through the foveated 

objective of ex vivo mouse colon dyed with proflavine 4 weeks after AOM/DSS 

treatment. Asymmetrical elongated crypts associated with the beginning of 

neoplasia can be viewed in this image (Point 1). (B) Hematoxylin and eosin 

(H&E) stained histology section from a mouse colon exhibiting distorted 

crypts after undergoing AOM/DSS treatment for 4 weeks. 

 Ten weeks after treatment, additional mice were sacrifed to observe more 

advanced stages of cancer development. Histopathology confirmed adenomatous 

changes with tubular adenomas with high grade dysplasias and intramucosal 

adenocarcinomas present in animals at the same timepoint. In the tissue sample, 
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several polypoids are present that can be obseved with the device. Images taken 

with the foveated endomicroscope exhibit the expected morphology of 

adenocarcinomas present in tissue from this time point (Figure 5.10).    

 

Figure 5.10 Confocal images taken through the foveated objective of ex vivo 

mouse colon dyed with proflavine ten weeks after AOM/DSS treatment. (A) 

The normal region (1) abruptly transitions into the large abnormal crypts 

associated adenocarcinoma (2) as defined by the added white border. (B) Full 

field mage of the tumor with crypt observed at point 3. (C) H&E stained 

histology section from a mouse colon segment transitioning from normal 

pathology (left) into large abnormal crypts (right) after undergoing AOM/DSS 

treatment for 10 weeks. (D) Standard H&E stained histology cross section 

from an area similar to the transition shown in C.  
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5.4. Conclusions      

Current generation high-definition endoscopes lack the resolving power to 

identify molecular changes associated with EAC. On the other hand, high-resolution 

endomicroscopes provide adequate resolution, but a reduced FOV, limiting adoption 

by clinicians. By mimicking the human eye, the multimodal foveated 

endomicroscope combines the lower navigation sampling of a large FOV of 5.0 mm 

with high resolution in the central portion of the field to observe morphological 

features. The foveated objective presented in this work is capable of resolving ~ 3 

μm while providing a large FOV on the same scale as a large commercial objective 

that is four times the diameter. The large FOV allows for rapid traversing of the 

large tissue samples in order to quickly locate troubled regions for further analysis, 

reducing the number of random biopsies. This objective, when combined with a 

confocal microscope, aids in rapid and reliable EAC detection in both BE and the 

colon.  
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Chapter 6 

Endomicroscope Integration with Dual 

Modalities 

*Part of the content of this chapter have modified form the following published 

journal article: A. Shadfan, M. Pawlowski and T. Tkaczyk. "Development of tunable 

miniature piezoelectric-based scanners validated by the combination of two scanners in a 

direct image relay technique", Opt. Eng. 55(1), 013104 (Jan 18, 2016) [111]. 

With the foveated objective fabricated and the performance validated with 

biologically relevant models, the next stage of the project was the integration of the 

objective with the two imaging modes. The confocal microscope, introduced in 

Chapter 5, provides high resolution imaging, while the hyperspectral imaging device 

(IMS) reported in Chapter 2 provides widefield spectral and spatial information. The 

performance of each of these imaging devices has been previously validated. In 

order for the objective to be clinically relevant, an image guide is required to relay 

the image from the miniature objective near the tissue to the imaging devices 
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located away from the imaging target. For the foveated objective, which demagnifies 

the image while providing an image size of nearly 1.5 mm, relaying the complete 

image without loses is not trivial. Two image relay approaches were developed to 

allow the foveated objective to be imaged by the two devices with sufficient 

sampling and field. The first method consisted of a single scanning optical fiber 

while the second focused on the use of a larger fiber bundle. The development of the 

two image relay approaches as well as the integration with the imaging devices are 

discussed in this chapter.    

6.1. Piezoelectric Scanner Image Relay 

The first of the two image relay methods developed for integrating the entire 

device consisted of the scanning of a single optical fiber. This section describes a 

fabrication process of a piezoelectric driven scanners and the combination of two 

tunable scanners into a novel imaging technique.   

6.1.1. Introduction 

Endoscopy procedures allow for the examination and interrogation of 

internal structures and functions through the use of small optical devices 

introduced into a cavity of the body. Endoscopy is often employed to observe and 

treat conditions associated with gastrointestinal and respiratory tracts such as 

esophageal adenocarcinoma, Barrett’s esophagus, colorectal cancer, Crohn disease 

and many others [112,113], and has also been proven useful to aid in middle-ear 

surgery[114] as well as microsurgery outside of the body [95]. Necessitating 
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miniaturization for ease of use for the observer and to minimize discomfort to the 

patient, lead zirconate titanate (PZT) actuators are commonly used in endoscopes as 

a means to relay light to and from these difficult to access regions in a very compact 

manner. An alternative commonly used strategy to reduce the size of the device is to 

incorporate a fiber bundle as an image guide. While beneficial for not requiring any 

moving components, fiber bundles lack flexibility with a poor bend radius compared 

to a single mode fiber as used in a PZT system. The bundles additionally suffer from 

reduced lateral optical resolution due to the pixilation effect and crosstalk between 

adjacent fiber cores [115]. A PZT system provides the opportunity of building a 

miniaturized device with a larger field of view and greater achievable optical 

resolution than a system utilizing static optical components in a more compact form. 

Additionally, miniaturization of the distal end optics reduces discomfort to patients 

and allows for the exploration of small bodily orifices for observation of luminal 

organs and tissues. For example, miniature PZTs have been utilized in 

endomicroscopy to provide wide-field full-color imaging [116], 3D optical 

coherence tomography imaging [117, 118], two photon fluorescence imaging[119], 

confocal imaging [120], and to increase the ablation region of laser surgical probes 

[96]. Confined to a few millimeters in diameter (between 2.7 to 4mm in middle-ear 

probes [121] and typically less than 5mm for endomicroscopic systems), these 

probes typically consist of a miniature lens to focus light onto a PZT controlled 

optical fiber, which is vibrated at its resonance frequency in order to image an area 

as defined by the actuator deflection, fiber mechanical properties and imaging 

optics. Depending on the imaging modality employed by the scanner, the image 
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reconstruction can vary [117, 119, 120, 122]. For most systems, the light leaving the 

optical fiber is focused onto a point detector and is converted to an electrical signal. 

Using the known coordinates of the scan at each point, which is typically either a 

spiral or a Lissajous pattern depending on the driving signal, a reconstruction 

algorithm assigns the voltage of the signal to a pixel as an intensity value [123]. The 

image is then smoothed across the field using interpolation of nearby pixels. The 

reconstructed image often requires further post-processing with distortion removal 

with a remapping algorithm [119, 122, 123]. 

While there have been numerous examples of PZT miniature scanners, rarely 

are the details of the mechanical design of the scanner fully reported. Li et al. 

previously described the effects of the choice of fiber, fiber length and PZT size on 

resonant frequency and scanning range by producing eight different fixed scanners 

[124]. One step of the fabrication process that is critical for defining the 

performance of a PZT based scanner is the design of the mechanical attachment 

binding the optical fiber to the PZT. Most reported solutions for fixing the fiber to 

the PZT calls for the non-descriptive use of an adhesive, permanently setting the 

parameters of device [116, 117, 122, 124]. This technique has been proven to 

produce repeatable results [124]. More recently, groups have utilized solutions that 

have provided a greater degree of tenability through the inclusion of engineering 

plastic to produce mounting heads [118], a pinhole epoxied to a hypotube [125] and 

a silicon fiber holder [120]. The silicon fiber holder offers very tight tolerances, with 

measured deviations of less than 5µm of the pin-hole on axis from the design18. 

Meinert et al relied on tuning through the use of a liquid lens and did not report on 
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variability of the fiber length once placed inside the mount [120].  In this paper, we 

present a robust and repeatable method for manufacturing tunable PZT scanners 

based on the production of high precision fiber holding PMMA inserts through the 

use of optical grade diamond turning lathes to achieve interference fit tolerance to 

the PZT tube. A miniature drill bit is used to drill an on-axis hole in the insert to 

maintain the fiber length due to friction. The interference fit of the fiber to the insert 

allows for the user to intentionally move the fiber, while holding securely during 

testing. This reported process allows for the testing of the parameters before an 

epoxy is applied and does not increase the size of the probe. Additionally, due to the 

low Young’s modulus of the PMMA, the system can be disassembled and 

reassembled reliably without the need for specialized tools or training. With this 

assembly process, it is possible to experimentally adjust the scanner characteristics 

by varying the fiber length extended from the PZT and even replace the fiber 

without risk of damaging the components in order to meet the desired performance 

for the user and application.  

To prove the repeatability and robustness of the manufacturing process, we 

have fabricated and combined two identical scanners into a novel imaging system 

that relays an image between the distal and proximal ends of an optical system via 

two synchronized PZT scanners without the need for image processing that is 

required in systems utilizing a single scanner coupled with a non-pixelated light 

detector. Both PZTs oscillate in phase, identically rotating the shared fiber at either 

end, resulting in acquisition of 2D images without the need to correlate the scanner-

driving signal with the image detector. This new imaging method allows for direct 
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image relay, which could prove useful when it is difficult to utilize electronic 

components in order to display images recorded by an endoscope. By relying purely 

on the hardware without any post-processing, the optical performance of this new 

system depends on the scanning of the two PZTs, which can be tuned to the desired 

specifications based on the manufacturing method presented in this document. The 

dual scanning setup presented employs a transillumination subsystem designed to 

observe transparent samples. We would like to note, that other imaging modalities 

may benefit from the use of the presented technology, albeit the opto-mechanical 

set-up may be more complex with illumination through the fiber in a reflectance 

mode. We envision future applications of this presented technology to build reliable 

and predictable PZT scanners for a variety of applications ranging from 

microendoscopy to OCT imaging [117] to display technology [127].  

6.1.2. Piezo Manufacturing  

Typically, a PZT scanner consists of the optical fiber, the ceramic actuator, an 

epoxied mount to hold the fiber, and a voltage driver. Electric leads are soldered on 

to the activated quadrants of the PZT and the fiber is permanently attached to the 

PZT. Time modulated voltage is applied to the driver at the resonant frequency of 

the system, and an image is reconstructed by correlating the PZT motion with the 

recorded intensity signal. In most published works, the fiber is permanently 

attached to the PZT, preventing further tuning or modification of the system’s 

characteristic resonant frequency. 
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6.1.2.1. Fiber Holding PMMA Insert  

There are two mechanical components that affect the quality and reliability 

of PZT scanner - a holder that sets the position of a scanner within the system 

enclosure and a mount that fixes the position of the base of a fiber tip cantilever in 

reference to the PZT tube. The holder that sets the position of the scanner is critical 

to system reliability. A mount that holds the base of the fiber cantilever has a direct 

influence over the resonant frequency of the system. Both mounts should be as 

secure as possible, maintaining positioning while at the same time allowing the PZT 

tube to vibrate. Typically, glue is used for both mounts. While strong and simple to 

apply, glued connections are not adjustable and as result, the position of the scanner 

relative to the mount and the resonant frequency can’t be changed. While it is 

theoretically possible to match resonant frequencies of two independently 

manufactured scanners using glued connections, such a process may be very 

difficult and costly. Instead of an adhesive as the basis of the mount, we propose a 

novel solution that is based on use of plastic interface component called a fiber 

insert. The insert is a plastic cylinder with an axial hole (an example of a PZT insert 

is depicted in Figure 6.1 a). The outer diameter of the cylinder is manufactured to 

conform to tight interference fit tolerance with the inner diameter of the PZT tube. 

The overlapping external diameter of the rod and internal diameter of the PZT tube 

provide, due to slight deformation of the plastic insert, enough clamping force to 

hold the insert at the end of the PZT scanner (Figure 6.1 a). The axial hole is 

designed to guide a fiber optic cable, with the diameter chosen in such a way that 

friction between the internal walls of the insert and the external protective coating 
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of the fiber immobilizes the fiber during oscillation while still allowing the operator 

to adjust the fiber length during the assembly and tuning stages. For the purpose of 

the experiments presented herein, we used an optical fiber model 780HP (Thorlabs, 

Newton, NJ), with a 5.0 ± 0.5μm mode field diameter, a 125 ± 1.5μm cladding 

diameter, a 245 ± 0.5μm coating diameter, and a numerical aperture of 0.13 at 780-

970nm. A diagram of the proposed scanner can be seen in Figure 6.1 (b).  

 

 

Figure 6.1 (a) Photograph of an optical fiber held by a microdrilled PMMA 

insert mounted in a PZT tube.  (b) Schematic of the proposed completed 

scanner consisting of the fiber (1) the PMMA insert (2) the PZT tube (3) 

machinable epoxy (4) and soldered leads (5). 

6.1.2.2. PMMA Insert Fabrication 

We manufactured the PZT inserts from Poly(methyl methacrylate) (PMMA) 

on two Optimum 2400 (Precitech, Keene, NH) diamond turning lathes. The external, 

cylindrical surface is manufactured using standard, diamond turning tools intended 

for processing of plastic optics. The internal, axial orifice is drilled on the diamond 

turning machine with a miniature drill from the MSE00XXSB series (Mitsubishi, 

Tokyo, Japan), where XX is drill diameter expressed in tens of micrometers. For 

example, the primary drill used in this work was MSE0024SB, corresponding to a 
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diameter of 240µm.   Precision diamond turning allows us to control outer shape of 

the insert with nanometric precision. The inherent properties of drilling process 

(namely the removal of the processed material using relative rotational motion of 

the tool in regard to the processed part) combined with the corkscrew-like shape of 

the outer cutting surface of the drill does not allow for precise control of a diameter 

of the drilled hole, as the chips of processed material are pressed against the walls of 

freshly processed hole during their outward movement. For that reason, drilled 

holes are usually measurably larger than the diameter of drills used to manufacture 

them. For our application, the guiding hole diameter together with fiber outer 

diameter should conform to tight, transition fit tolerances. Typically, tightly 

tolerated holes are manufactured in a two stage process. In the first step a hole is 

drilled with a sub-diameter drill. In the second step, the remaining small amount of 

excess material is removed by a dedicated reamer, which has tightly tolerated outer 

diameter and leaves smooth, precision machined inner surface. In our case, where 

the target hole diameter must match the fiber outer diameter with sub-millimeter 

precision, reamers are not available in required sizes. We relied instead on 

repeatability of a precise drilling process, by using material from only one 

manufacturing batch and by tightly controlling process parameters: the relative 

speeds of the tool and the processed part, rotation of the part, and the feed rate. To 

match the diameter of the fiber, we tested a range of drills of different diameters 

spanning from 100μm to 400μm. We have found experimentally, that drill of 

diameter of 240μm allowed us to manufacture hole that matched outer 260μm 

diameter of the 780HP single mode fiber used in this work. The manufacturing 
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process of the PZT insert takes an operator about 2 hours, consisting of diamond 

turning the PMMA rod to match the diameter of the PZT and drilling the insert. A 

short video showing the insert drilling process is depicted in Figure 6.2. Note that 

the use of the ultra-precision diamond lathe typically used for prototyping optical 

components produces optical quality surfaces as displayed in Figure 6.2, with 

surface roughness between 5 and 10nm. 

 

Figure 6.2 PZT insert drilling process. 

In order to minimize the dimensions of the scanning system we have used 

EBL #2 PZT tubes (EBL, Piezoelectric Precision, East Hartford, CT) as the actuator. 

EBL #2 PZT tubes have an outer diameter of 1.98mm and inner diameter of 
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0.2921mm. Their inner diameter is loosely controlled during the manufacturing 

stage, necessitating single actuator specific PMMA inserts to be manufactured.  

6.1.2.3. Complete PZT Scanner Assembly 

In order to demonstrate the tunability of this manufacturing process, two 

complete, matching PZT scanners were produced. The process began with the 

fabrication of the inserts from PMMA rods. Both inserts were then drilled to fit the 

780HP optical fiber. Five electrical leads were soldiered onto the PZTs in order to 

control the movement with voltage driver. The five electrodes of the PZT were: 

ground, North, South, East and West. A machineable-fast set epoxy (Hardman, 

Belleville, NJ) was applied at the proximal end of the PZT actuator, in order to 

protect the electrical leads and provide a scanner mounting point. An image of the 

two scanners with epoxy applied over the electrical contacts can be seen in Figure 

6.3. The epoxy was diamond turned to fit the 5.0mm inner diameter of a hypodermic 

tube that could be held in place by standard optical benchtop mounts. Assembling 

the scanner consisted of placing the fiber into the insert, followed by friction 

mounting of the PMMA insert within the PZT actuator. Finally, the PZT cylinder was 

mounted with the hypodermic tube.  
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Figure 6.3 (a) Two PTZ scanners with inserts and soldiered leads covered in 

epoxy. (b) Turned down diameter of a single scanner in front of a penny. 

6.1.3. Custom Voltage Amplifier  

Both PZT actuators are driven by custom built voltage amplifiers. We used 

one, four channel amplifier, to drive each PZT tube. The voltage amplifiers were 

built around E02CT (EMCO High Voltage, Sutter Creek, CA) proportional DC to DC 

converters, that power four operational amplifiers (AMPEX PA97DR, AMPEX 

Microtechnology, Tucson, AZ), configured to provide a 10x gain. The operational 

amplifiers are controlled by a logical signal from a PCIe-6353 (National Instruments, 

Austin, TX) analog/digital (A/D) input output (I/O) card. The driving system is able 

to provide PZT driving signal in the range of +/-100V in response to +/-10V logical 

signals from the NI I/O card. The PZT tube contacts are logically divided into: 

ground, North, South, East and West. In order to maximize deflection of the PZT 

tube, North-South and East-West pairs are driven by signals of the same amplitude 

and opposite polarity. That way, when one side of the PZT tube shrinks due to 

applied voltage, the opposite side expands, forcing the fiber tip cantilever to 
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oscillate. We created a custom LabView (National Instruments, Austin, TX) program 

to independently control both PZT actuators. The developed application allows us to 

independently control driving signal shape, amplitude, frequency and relative phase 

between all four channels of both PZT actuators. 

6.1.4. Tuning of PZT Response 

For our imaging applications involving PZT scanners, we are interested in the 

resonant frequency in order to maximize the field of view either illuminated or 

observed. As has been described in previous publications, the resonant frequency of 

the PZT is determined by the geometry of the cantilever tip (optical fiber) while the 

scanning range depends on both the cantilever and PZT size [116, 119, 124, 128]. It 

has been shown that the resonant frequency of the fiber can be theoretically 

calculated as 

𝑓 =
𝜋√𝐸

16√𝜌

𝑅

𝐿2
𝐵𝑛
2,    (1) 

where E is the Young’s modulus, ρ is the density of the fiber, R is the radius of 

the fiber, L is the fiber length, and Bn is a numerical constant equal to 1.194,2.988… 

[116]. Without changing any parameters besides fiber length L, we can expect an 

inverse correlation with resonant frequency. In the proposed solution herein, the 

PMMA insert is immobilized with the actuator due to the elastic deformation of the 

PMMA material originating from the interference fit tolerances between the internal 

diameter of the PZT and external diameter of the insert. Similarly the fiber is held by 

the insert, and as a result this solution provides the ability to modify the resonant 

frequency of the system. Because the fiber cantilever length affects both the 
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resonant frequency and the amplitude of vibration, we have the ability to 

experimentally tune each PZT scanner to a desired frequency and amplitude of 

vibration without the need to theoretically predict the system behavior using 

equation 1 based on assumed parameters of the actuator. This approach is practical 

when the properties and tolerances of the components of the complete PZT scanner 

assembly are not well defined or fully reported. One of the strengths of this system 

is the ability to observe the effects of changing the fiber length without needing to 

disassemble the entire probe - allowing the user to find the optimal parameters for 

the application. 

6.1.4.1.  Tuning of PZT resonant frequency and vibrational amplitude 

In order to tune the scanning performance of both PZTs, a CCD camera was 

used to observe the range of deflection as the fiber length extending from the insert 

was varied. For the experimental setup (Figure 6.4), the PZTs share a single fiber 

(780HB) that is illuminated on the proximal end and imaged on the distal side. Each 

PZT has its own independent driver that can be synchronized with each other. Two 

0.1 NA commercial objectives are mounted back to back to each other in order to 

provide 1x magnification, in an effort to provide additional spacing between the 

object to be imaged from potentially contacting the moving fiber. A 1951 United 

States Air Force negative resolution target was imaged by the dual scanning system, 

which was illuminated by a halogen lamp passed through a 731nm filter. For this 

setup, the theoretical limit of resolution according to the Rayleigh criterion 

calculated for a 0.1 NA objective should be 4.46µm, with the ability to resolve the 
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bar patterns between elements 5 and 6 of group 7. For the initial fiber length 

varying experiments of each PZT, the resolution target was removed from the setup.  

Rather than requiring a point detector like most PZT imaging systems, this imaging 

method utilizes a CCD camera to image directly.  

 

Figure 6.4 The optical layout of the imaging system, providing 1x 

magnification before PZT1. The two PZTs on the right share a single 780HB 

fiber.  

To begin assessing the performance of each scanner, all operating conditions 

including applied voltage and mounts were kept the same, with only the fiber length 

varied. For initial measurements, the fiber length was set to 20mm and a driving 

cosine signal was sent to the north-south electrodes of the first PZT at a frequency of 

150Hz and voltage amplitude of +/-50V with the following equation: 

𝑥(𝑡) = 𝐴 ∗ cos(2𝜋𝑓𝑡 + 𝜑)   (2) 
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where, x is the displacement in time (t), A is the voltage amplitude, f is the 

driving frequency and φ is the phase shift. These operating parameters are 

comparable to a similarly sized PZT9. To find the maximum displacement, the 

frequency was swept across a range from 50Hz to 1500Hz, allowing of observation 

of both the first and second mode resonance. The experiments were repeated for 

the East-West electrodes and at varying lengths (15, 10, 9, and 7mm). As expected, it 

was observed that a longer fiber resulted in a larger deflection, at the cost of a 

smaller resonant frequency - ranging from a deflection of approximately 350µm 

down to 100µm and a frequency of 175Hz up to 1300Hz, respectively. For imaging 

applications, a compromise must be made to provide the largest field possible with 

highest scan frequency for fast imaging rates. With the ability to scan 140µm at 

approximately 920 and 880Hz in each direction, a fiber length of 9mm, measured 

from the face of the insert, was selected for the rest of the experiments - providing 

sufficient scanning speed and field of view, which could be increased by applying a 

larger voltage (up to +/-100V). The scans at different fiber lengths and the 

associated change to resonant frequency and deflection size can be seen in Figure 

6.5.  
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Figure 6.5 The change to amplitude and resonant frequency due to the 

variance of the length of the optical fiber in the PZT scanner. Scale bars 

correspond to 100µm.  

As show in Figure 6.5, slight irregularities to the scan pattern in each 

direction were observed (oval pattern instead of straight lines). This behavior was 

expected due to the low amount of friction between the fiber coating and PMMA 

insert. While elliptical oscillation of the fiber cantilever is not desirable, the 

irregularity can be simply removed through the application of a small amount of 
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glue to more securely fix the fiber to the insert. The application of the epoxy is 

performed after the tuning process is complete, and desirable parameters have been 

met. Images of the scan before and after the application of the epoxy can be seen in 

Figure 6.6, along with the slight change in resonant frequency that was observed as 

the mass and length slightly changed. After five separate iterations, we observed 

that the change to the resonant frequency was reliably within 150 Hz as compared 

to the initial resonant frequency. The small differences in amplitude of vibration at 

the frequency at which the PZTs are driven were compensated by adjusting the 

amplitude and phase of the driving signal.     

 

Figure 6.6 The change in scan uniformity with the inclusion of an epoxy to 

hold the fiber to the PZT scanner. Scale bars correspond to 100µm. 

Lastly, it should be noted that the fiber continues to oscillate with a full width 

half maximum (FWHM) bandwidth of +/-30Hz of the resonant frequency. The 

FWHM of the bandwidth is nominally determined by the quality factor (Q-factor), 
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which is an indication of how well mechanical energy is stored [117]. Roughly 

measured by the ratio of resonance frequency to bandwidth, the Q-factor can be 

improved by reducing the resonant frequency and bandwidth with the addition of a 

cantilever weight [117,118, 128]. However, for this application in which we are 

trying to match two scanners, a larger bandwidth is preferred. The slight differences 

in frequency that can arise due to manufacturing imperfections can therefore be 

corrected by changing the operating parameters (driving frequency, voltage and 

phase) of each independently controlled PZT in order to synchronize movement of 

both fiber cantilevers. Lissajous scanning further negates the issue of slight 

differences in resonant frequencies between north-south and east-west poles, as the 

pattern is created by vibrating the poles at different frequencies, where the ratio of 

the frequencies and amplitude between the two directions defines the filling density 

and coverage of the Lissajous pattern [128].    

6.1.5. Dual Scanning Imaging  

In order to assess the ability of our manufacturing process to tune the two 

PZTs for synchronized operation, the PZTs were driven to vibrate the distal and 

proximal ends of a single shared fiber at the same operating frequencies in order to 

relay an image without the need for image processing that is required in systems 

utilizing a single scanner coupled with a non-pixelated light detector. With both 

PZTs oscillating in phase in order to identically rotate the shared fiber at either end, 

2D images are acquired without the need to correlate the scanner-driving signal 

with the image detector. With the length of fiber protruding from both scanners set 
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to 9mm, the voltage amplifiers drove each PZT to produce an identical Lissajous 

pattern. The Lissajous pattern was produced by driving one of the electrode pairs 

with a cosine function with an amplitude of +/-50V at a frequency of 1020Hz while 

the second pair was vibrated at 985Hz and +/-50V for both PZTs. In order to 

accurately synchronize the two PZTs, a phase adjustment between PZT1 and PZT2 is 

necessary in order to account for irregular shifts caused by manufacturing 

imperfections. With the operating parameters set, the resolution target was placed 

in the focal plane of the microscope objective base image relay system (Figure 6.4) 

and images of the target were acquired. Figure 6.7 depicts a series of images of a 

number “2” feature from the resolution target recorded during the synchronization 

of the dual PZT system. The image of the far left shows the blurred number “2” 

recorded when vibrating each PZT at the same frequencies without final 

synchronization of the relative phase of the driving signals. As the relative phase 

between both the north-south and east-west poles of PZT1 is slowly modified to 

match the movement of PZT2, the image of the number “2’ becomes sharper.. 

 

Figure 6.7 The effect of changing the phase in both north-south and east-west 

poles of the PZT in order to synchronize the scanners and produce a clear 

image. The scale bar corresponds to 100µm.  
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With the phase matched correctly, images with a field of view of 100x100µm 

were recorded separately while the resolution target was translated across the face 

of first PZT. Under the chosen operating conditions (which can be varied), the 

imaging system was able to resolve at least the individual elements from group 5, 

element 6, where a single bar corresponds to a value of 8.7μm. A video of the images 

acquired while the resolution target was translated across the PZT can be seen in 

Video 7.3, with several frames arranged into the know position shown in the Figure 

6.8 (a) along with the corresponding reference target (b). 

 

Figure 6.8 (a) Several frames selected from Video 7.3 as the resolution target 

is translated across the first PZT. (b) The full corresponding resolution target 

as a comparison.  
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Varying the amplitude and adjusting the frequency to account for the change 

in the filling of the Lissajous pattern, the field of view could be changed. By 

increasing the voltage up to +/-100V and adjusting the frequencies to 1015 and 

995Hz, the field of view was increased approximately 125% to 225 x 225μm. Again, 

the resolution target was translated across the PZT while several frames were 

taken. Select frames over the field can be seen in Figure 6.9, with a comparison to 

the reference target. Of note, there is an expected drop off in achievable resolution 

due to loss of synchronization of the PZTs with the camera acquisition settings. 

Specifically, the system resolution can be manipulated by changing the driving 

voltage and frequency while maintaining a camera exposure time of 185ms. The 

expected resolution thus worsens as the field of view is increased.   

 

Figure 6.9 (a) Several frames selected as the resolution target is translated 

across the first PZT with a larger scan range of 225μm. (b) The full 

corresponding resolution target as a comparison.  
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In order to show the improvement in resolution the applied voltage was 

decreased down to +/-35V and frequencies further from the resonant frequency 

were selected (1020 and 970Hz) without changing the camera parameters. With a 

scanning field of view of only 50μm, due to a smaller applied voltage, the dual 

scanning system was able to resolve at least group 7, element 1, as seen in select 

frames in Figure 6.10, corresponding to a single line width of 3.91μm.   

 

Figure 6.10 (a) Several frames selected from Video 7.5 as the higher resolution 

features are translated across the first PZT with a scan range of 50μm. (b) The 

full corresponding resolution target as a comparison.  

The image distortion observed in this presented proof of concept system is 

most likely due to differences in electrical and mechanical properties of the PZT 

actuators and assembly imperfections. The PZTs used in this work have small shape 

differences, which required us to manufacture non-exchangeable PMMA inserts for 
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each PZT. Additionally the assembly setup did not allow for precise control of the 

angular orientation of the PZT cantilever in reference to the PZT tube. While we 

corrected the vibrational response of both scanners, we had limited control over 

miniscule differences in motion between the moving cantilevers. We believe that 

proper selection of components and tighter control of assembly stage may improve 

quality of images obtained in a dual PZT scanning setup, which we plan on pursuing 

further.  

These initial results prove the concept of the ability to synchronize two 

tunable PZTs built with diamond turned, micro-drilled inserts with controllable 

correction of electro-mechanical differences.  To the best of our knowledge, this is 

the first dual PZT system that is able to relay images without the need 2D display or 

synchronization between the imaging detector and PZT actuator.  

6.1.6. Discussion  

The development of custom fitted plastic inserts to fit and hold an optical 

fiber with a PZT scanner allows for a great degree of tunability. With limited 

knowledge of the mechanical properties of the individual components of PZT 

scanner that can differ due to manufacturing processes, one can rapidly build a 

scanner that would meet the desired scanning parameters by tuning the fiber 

cantilever length. Additionally, using the presented technology, during adjustment 

stage, it is possible to simply disassemble the system in order to replace PZTs, 

inserts or fibers in order to match desired performance, assuming mechanical 

compatibility. With a manufacturing time of two hours, one can afford to test a 
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single PZT actuator with multiple fibers. This degree of tunability should aid in the 

rapid manufacturing of endoscopic systems with single or multiple scanners. This 

tunability was verified by the synchronized performance of two PZTs, which could 

relay an image without the need for any reconstruction or post processing. The 

optical performance of this system depends on the chosen scanning parameters, and 

can be experimentally adjusted to meet desired performance. With the inclusion of a 

miniature objective, an endoscope can be built for a variety of applications including 

observation and disease diagnosis of the gastrointestinal or respiratory tracts, 

visualization of luminous organs, as well a probe to perform ablation microsurgery. 

For the foveated objective however, the current development stage of the 

dual scanning imaging system does not provide sufficient field of view to 

successfully relay the entire image. Additionally, the necessary hardware and 

relatively large voltages necessary to control the two PZTs could prove difficult for 

the eventual device to be tested in vivo. For these reasons, a second technique was 

developed for the system.  

6.2. Vibrating fiber bundle  

In tandem with the development of the dual scanning imaging system, we 

investigated the use of a larger fiber bundle. Again, in order for the objective to be 

clinically relevant, an image guide is required to relay the image from the objective 

near the tissue to the imaging devices located away from the imaging target. For the 

foveated objective, which provides an image size of nearly 1.5 mm, relaying the 

complete image without loses is a challenge. Piezoelectric scanners for example do 
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not provide a large enough field of view with high enough refresh rates required for 

in vivo imaging. A larger fiber bundle provides adequate field, but the size, pattern 

and crosstalk between the individual fibers limits achievable resolution due to too 

low of sampling. In an effort to improve sampling we present a technique of rapidly 

vibrating a fiber bundle in order to acquire data that would normally be inaccessible 

due to the limitations of fiber bundle pattern. 

The vibrating fiber bundle setup consists of a miniature electric vibrating 

motor attached to a 60k element, 1.2 mm diameter fiber bundle with a core-to-core 

spacing of 4.5 µm (Myriad Fiber, Dudley, MA). The vibrating motor ((273-0107, 

Radio Shack, Fort Worth, TV) was connected to a voltage driver supplying up to a 3 

V signal. The optical train of the testing system is as follows: Light from a halogen 

lamp passes through a 710 nm filter onto a 1951 USAF negative resolution target. To 

protect the surfaces of the fiber bundle and the resolution target, the image of the 

target is relayed by two 4x, 0.1NA Olympus objectives placed back-to-back 

(providing 1x magnification) to the fiber bundle proximal surface. A CCD camera 

with a 10x, 0.25NA finite correct objective and a tube lens collects the image from 

the distal end of vibrating fiber bundle. Images were collected with voltage applied 

to the vibrating motor in order to assess the improvement in resolution.  

The image below (Figure 6.11) displays the resolution target imaged through 

the fiber bundle when voltage is not applied to the motor (A), compared to when 

voltage is applied and the fiber vibrates (B), and with an image of the target without 

the fiber bundle present (C) over the same exposure time. As the spatial sampling 
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increases, there is a clear improvement in the resolvability of the features when 

comparing the smallest resolvable features for the static fiber bundle (group 6, 

element 4 equating to 11.04 µm per line pair) to the resolvable features for the 

vibrating fiber (group 7, element 4 or 5.52 µm per line pair). The limit of resolution 

for this setup is defined by the 0.1 NA objectives and the chosen wavelength 

(710nm), with an ability to resolve features from group 7, element 5 (4.33 µm per 

line pair) according to the Rayleigh criterion for the diffraction limit. Thus the 

system provides nearly diffraction-limited performance when the fiber bundle is 

vibrating, well above the limit of a static fiber bundle, and is appropriate for imaging 

with the foveated objective. 

 

Figure 6.11 Image of 1951 USAF neagative resolution target taken through a 

static fiber bundle (A). Image of the same target taken with a vibrating fiber 

bundle in order to increase the spatial sampling, providing an improvement in 

acievable resolution (B). Image taken with fiber bundle removed, showing the 

limit of resolution of the system without the fiber bundle (C).   

In addition to reducing the visual impact of the fiber bundle pattern, the 

vibrating method minimizes the effects of debris and damage found on the fiber 

bundle surfaces. This is illustrated in the full field images of the resolution target 
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taken through the foveated objective (Figure 6.12). Similar to Figure 6.11, Figure 

6.12 compares images of the resolution target when the fiber bundle is stationary 

(A) and when it is vibrating (B), demostrating the improvement in acheivable 

resolution and reduction of defects to the fiber bundle.  

  

Figure 6.12 full field image of 1951 USAF neagative resolution target taken 

through a static fiber bundle and the foveated objective, with red box 

displaying the higher resolution features (A). Image of the same target taken 

with the vibrating fiber bundle and foveated obejctive in order to increase the 

spatial sampling, providing an improvement in acievable resolution and 

overall smoothing of image defects from the fiber bundle. The red box 

displays the higher resolution features (B). 

6.3. Confocal and IMS integration with foveated objective 

With a sufficient improvement in resolution, the vibrating fiber can be used 

to integrate the foveated objective to the confocal microscope and Image Mapping 

Spectrometer, both of which have been previously validated in several papers. 

Pictured below in Figure 6.13, a mockup schematic of the entire foveated 

endomicroscope system is presented with the miniature objective, the vibrating 
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fiber bundle, the two imaging devices and a computer to display the images in real 

time.   

 

Figure 6.13 Schematic of the completely integrated device with foveated 

objective on the left combined with the vibrating fiber bundle. A beam splitter 

then splits the signal to the confocal microscope and IMS . The images are then 

displayed on a laptop monitor. 

The custom confocal microscope was reported previously [76]. Briefly, the 

microscope incorporates a 455nm, 1W handheld laser pointer, commercial optics, 

miniature galvanometer mirrors, a spatial filter, and a photomultiplier tube to scan 

and collect a diffraction limited point across the region of interest. The spatial filter 

improves axial resolution over standard bright-field imaging by blocking out-of-

focus light in the conjugate image plane. The light that actually interrogates the 

sample however, is only 0.45mW/cm2 after it is attenuated though the system and 

foveated objective - well below the acceptable maximum according to the Threshold 

Limit Value (TLV) set by the American Conference of Governmental Industrial 

Hygienists (ACGIH) [109]. The beam is raster scanned over the field to produce a 

1000x1000 image at 2 frames per second. A custom LABVIEW program drives the 

mirrors and acquires the images with the ability to control scanning speed and 

amplitude. The beam is focused and scanned on the distal end of the optical fiber to 
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collect images.  A schematic of the confocal microscope can be seen in Figure 6.14 

below. 

 

Figure 6.14 Schematic of scanning confocal microscope with pinhole to 

produce high resolution images. The scanning mirrors are controlled by a 

DAQ board that also aquires the signal from the PMT to produce images.  

Figure 6.15 displays an image of lens paper marked with a yellow highlighter 

marker imaged through the foveated objective and fiber bundle by the confocal 

microscope. Due to the thickness of the resolution target, confocal images of the 

resolution target could not be acquired.     
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Figure 6.15 Comparison of highlighted lens paper imaged by the confocal 

microscope through a fiber bundle. Bare fiber bundle confocal image of the 

lens paper fibers (A). The introduction of the foveated objective imaged by the 

fiber bundle results in an observable increase in field of view of the lens paper 

fibers (each approximately 20 μm in diameter).   

In addition to the high resolution images provided by the confocal 

microscope, the broad surveillance of the tissue is accomplished by imaging with the 

IMS. The IMS has been described previously [41 – 43] but briefly is a snapshot 

hyperspectral imaging device, which acquires spectral and spatial data 

simultaneously. The system consists of customized optical parts (mirror, lenses and 

prisms), a bandpass spectral filter (470 – 670 nm), and a CCD camera incorporated 

into a custom built metal casing. Each image collects greater than 100,000 spectra 

across the field - this information can then be used to aid in the localization of 

questionable lesions. In this setup, the IMS uses external 500mW white (425-

700nm) and 670mW blue (385-425nm) LEDs to illuminate the tissue directly. As 
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with the confocal microscope, the distal end of the vibrating optical fiber is imaged 

by the IMS to collect the widefield images in addition to the spectral information. An 

image of the USAF resolution target through the foveated objective can be found in 

Figure 6.16, along with pseudocolored images at 8 different wavelengths. The same 

highlighted lens paper from Figure 6.15 was placed behind the resolution target and 

illuminated by the blue LED.   

 

Figure 6.16 Full field image of resolution target imaged through the foveated 

objective by the IMS with all wavelengths represented (A). Images of the 

resolution target at eight different wavelengths, pseudocolored to match the 

represented wavelength (B).     

The final step of integration required a mount to set the distance between the 

objective and the fiber bundle. Proximal end integration of the fiber bundle was 

accomplished with the 3D printing of a miniature mount to attach the foveated 

objective to the fiber bundle. The mount, designed in Solidworks and printed on a 

3D printer, increases the outer diameter of the probe by 500 µm and relies on 

friction to hold both the objective and the fiber bundle. Three schematics of the 
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mount and an image of the foveated objective in the mount can be seen in Figure 

6.17. 

 

Figure 6.17 Schematic view of the silver foveated objective, the gray 3D 

printed mount, and the black fiber bundle (A). Cross section view, displaying 

the lenses within the foveated objective and the spacing of the objective to the 

fiber bundle (B). Photograph of the foveated objective held in the mount 

attached to the fiber bundle (C). Isometric view of the 3D printed holding 

mount (D).   

6.4. Conclusions 

Development of both the PZT imaging system and the vibrating of a fiber 

bundle have been presented in this chapter. Each method was developed in order to 

reliably relay an image from a miniature objective to an imaging modality with 

appropriate field of view and sampling for sufficient resolution. Ultimately, the 
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vibrating of a larger fiber bundle proved the preferable solution with the foveated 

objective, allowing for the development of a single foveated device. The vibrating 

fiber was then combined and imaged by a custom-made confocal microscope and 

the IMS, allowing for the acquisition of widefield images with spectral data 

combined with high resolution imaging. 
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Chapter 7 

 Multimodal Foveated Endomicroscope 

Tissue Imaging 

*The contents of this chapter will be submitted for consideration of publication to 

the following journal article: Journal of Biomedical Optics (April 2016). 

Following the development of (1) the foveated objective and (2) the image 

relay technique, as well as the integration of the objective and fiber bundle with the 

confocal microscope and Image Mapping Spectrometer, the device was used to 

image biopsied tissue. Providing both spectral data and spatial information over a 5 

mm field of view with high resolution imaging at the center of the field, this system 

is an improvement over single mode devices that often report either low specificity 

of low sensitivity. In order to evaluate the device, the foveated system was used to 

image ex vivo normal and tumor oral samples treated with proflavine dye, providing 

spectral data to aid in the diagnosis between normal and tumor tissue based on the 
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reflectance signal, in conjunction with high resolution imaging in order to 

distinguish cellular architecture changes due to dysplasia. 

7.1.  Imaging of ex vivo oral punch biopsies  

To assess the validity of the device for detecting oral cancer, biopsies from 

abnormal tissue resected from the oral cavity were examined as part of Rice 

University protocol 11-193E and MD Anderson Cancer Center protocol Lab 05-

0669. Consent was acquired from patients eligible for the study for having surgery 

scheduled to resect abnormal oral cavity tissue. Punch biopsies from the lesions and 

clinically normal sites (when available) were taken and imaged by the foveated 

endomicroscope. Proflavine, a fluorescent dye that stains cell nuclei, was used as a 

contrast agent for the confocal imaging. After the dye was applied and rinsed, the 

biopsies were imaged first by the widefield multispectral mode illuminated by the 

white and then blue LEDs, followed by the high-resolution confocal mode. Figure 7.1 

displays a series of images and the spectra acquired by the foveated 

endomicroscope of a biopsy from an invasive squamous carcinoma of the maxilla 

requiring a total maxillectomy. The pathology report of the tumor in Figure 7.1 

(performed by an experienced head and neck oncologist) indicated the carcinoma to 

be moderately to poorly differentiated with a histologic grade of G2-G3.  
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Figure 7.1 Images acquired by the endomicroscope of the tumor biopsy in 

widefield spectral mode when illimunated by the white and blue LEDs along 

with the associated average spectra at the center of the fields (A). Images of 

the biopsies at eight different wavelengths, (pseudocolored to match the 

represented wavelengths) showing vascularization at different depths (B).  

The widefield spectral images shown in Figure 7.1 show the macro structure 

of tumor, while the blue LED allows for observation of the loss of fluorescence 

associated with inflammation and the development of the carcinoma. The average 

spectra across the center of the field (Figure 7.1 A) can be used for further analysis 

through either relatively simple methods such as observing spectral trends or 

through more complex techniques like spectral unmixing that we have utilized 

previously [44]. Additional metrics for spectral analysis to determine relative 

changes in spectral response consist of comparing either the intensity of (1) 

different color channels acquired by an RGB camera or (2) at specific wavelengths 

when the when the spectrum is acquired. Specifically, it has been shown that by 

observing the variability in the ratio of the intensity of diffuse reflectance signal at 
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545 nm and 575 nm, it is possible not only to successfully distinguish the difference 

between premalignant and cancerous oral lesions [129-131] but even to identify 

individual grades of cancer development due to the changes in the spectral dips 

associated with oxygenated hemoglobin in the tissue [132]. While a standard RGB 

camera is unable to differentiate between these two wavelengths, the IMS allows for 

a clear distinction. Analysis of the average 545/575 ratio as measured by the device 

was performed for each biopsy site (Figure 7.2). There is a clear trend between the 

normal and tumor biopsies that come from similar sites, where the ratio is 

decreased for normal samples compared to the tumors. All of the biopsies from 

tumors were classified between G2 and G3. The intensity ratios are not uniform 

between sites, most likely due to the different sources of the biopsies in the oral 

cavity(tongue, maxilla, roof of the mouth, buccal, and mandible).    
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Figure 7.2 Scatter chart of the reflectance signal intensity ratio of 545/575 nm 

from different biopsy sites (both normal and from cancerous oral lesions). 

The error bars represent the standard deviation of the average ratios, which 

were measured in approximately twenty points on each biopsy. 

Additionally with this device it is possible to observe vascularization at 

different depths corresponding to the wavelength penetration depths [43], which 

could prove valuable for in vivo samples to distinguish changes in vascularization 

due to cancer development.  

Using the widefield mode with spectral data to locate the suspicious regions 

of the tissue, it is then possible to acquire confocal images at the center of the field of 

view in order to observe morphological changes associated with the development of 

dysplasia. Biopsies of buccal tissue acquired from both a normal region and a tumor 

from the same patient were dyed with proflavine and imaged by the device. The 
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confocal images acquired of these samples (Figure 7.3), which were pseudocolored 

green to match the proflavine dye, display the differences between the normal and 

tumor biopsies consisting of fibroadipose tissue. Figure 7.3 B for example exhibits 

moderately differentiated squamous cells with variations between cellular 

characteristics throughout the image indicating the presence of neoplasm, agreeing 

with the pathology report, as compared to the bunch of normal fat cells displayed in 

Figure 7.3 A as indicated by the red arrow. The pathologist indicated a histologic 

grade of G2, with moderately differentiated squamous cell carcinoma. 

 

Figure 7.3 Confocal mode image of two biopsy samples treated with 

Proflavine. (A) A normal sample from the buccal consisting of fibroadipose 

tissue with a red arrow indicating a fat cell. (B) Confocal image of biopsies 

taken from a buccal tumor, illustrating the irregular formations of the tissue 

and cellular structures, indicating neoplasm.    
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7.2. Conclusions  

A multimodal endomicroscope was developed for the rapid localization and 

identification of premalignant and cancerous lesions. This is made possible by 

imaging with two modalities through a single miniature foveated objective that 

provides a combination of large field of view with high resolving power on axis. The 

device was evaluated by imaging ex vivo samples of normal and cancerous oral 

tissue. With the device it was possible to distinguish normal and cancerous tissue 

through both the analysis of the intensity ratio of two wavelengths as well as the 

observation of morphological changes associated with cancer development. The 

successful combination of widefield imaging with spectral analysis and high 

resolution imaging for this pilot study suggests this device should be further 

investigated in clinical studies. Future work will involve the testing of larger 

samples containing normal and abnormal structures in order to assess the ability to 

rapidly differentiate tissues and aid in the identification and labeling of tumor 

margins. Eventual in vivo studies will further validate the device, as active 

vascularization and effects of palpation during the oral examination can be observed 

and assessed for additional cancer detecting biomarkers.  
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Chapter 8 

Conclusions 

In summary, the work presented in this thesis details the fabrication and 

testing of an endomicroscope that aids in the early detection of oral and esophageal 

cancer. This goal was accomplished by developing a miniature foveated objective 

and two novel image relay techniques to combine widefield and high resolution 

imaging into a single device with two imaging modalities. The endomicroscope was 

validated on several biological models. 

The first stage of the project was the development of the miniature foveated 

objective. The design of the objective intentionally introduces distortion into the 

optical system in order to provide variability in the numerical aperture and 

associated magnification across the field. The result of this design is an objective 

that nominally mimics the imaging process of the human eye, where objects of 

interest in the peripheral vison can be quickly located due to the large field of view 
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followed by a more thorough inspection by moving the high resolution region (fovea 

centralis) to focus on the target. For the foveated objective, a 5 mm field of view was 

combined with the ability to resolve features separated by ~3 µm on axis in a 

compact 2.7 mm diameter probe due to the introduction of an optical 

polycrystalline material with a high refractive index. 

The technological challenges associated with the development of the 

miniature probe were addressed in Chapter 4. The design and fabrication of two 

different miniature objective that utilized the polycrystalline material in order to 

focus an ultrafast pulsed laser for laser ablation surgery offered an opportunity to 

develop solutions for the fabrication of the foveated objective. After fabrication of 

the foveated lens was complete, the objective was tested on a mouse colon cancer 

model, demonstrating the combination of large field of view with sufficient 

resolution to quickly survey a tissue segment for the signs of cancer (Chapter 5).          

With the objective fully validated, an image relay technique was needed to 

provide the full field and sufficient achievable resolution to remain clinically 

relevant. The challenge in delivering a high quality image is due to the 

demagnification provided by the foveated objective. Traditional methods such as the 

scanning of a single optical fiber or the use of a static fiber bundle image guide 

cannot provide either sufficient field, imaging speed or achievable resolution for use 

in this system. To overcome this limitation two novel image relay techniques were 

introduced. The challenges associated with the development of a dual scanning 

optical fiber system based on the use of two synchronized piezoelectric actuators to 
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provide images were discussed in Chapter 6. Ultimately, a method involving the 

vibration of a fiber bundle to improve spatial sampling was chosen, as it provides 

adequate field and resolution when imaged by a custom-made confocal microscope 

and a snapshot imaging spectrometer.   

The final stage of the project as reported in Chapter 7 of this document 

consisted of the testing of the foveated endomicroscope when integrated with the 

vibrating fiber and two imaging modalities. The two previously reported modalities 

(snapshot imaging spectrometer and confocal microscope) provide (1) both 

widefield imaging and spectral data for the rapid localization of abnormal lesions as 

well as (2) high resolution imaging at the center of the field of view to allow for the 

observation of cellular and tissue architectural changes associated with dysplasia, 

respectively. The entire system was evaluated by imaging normal and cancerous 

human ex vivo oral samples provided by a collaboration with the MD Anderson 

Cancer Center.   

In the future, the device will be further validated on larger tissue samples 

with normal and cancerous lesions found on the same specimen in order to 

illustrate the ability of the scope to rapidly locate suspect regions followed by an 

optical biopsy. Simultaneously, the investigation of an improved foveated objective 

design will be performed, including the use of different optical materials to provide 

the distortion necessary for the foveated effect. Eventually the system will be 

utilized in an in vivo study, compared with current detection techniques in order to 

quantitatively define the sensitivity and specificity of the device.          
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