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Introduction

There is a critical need to develop new imaging technologies which bridge the gap between our
rapidly developing fundamental molecular understanding of breast carcinogenesis and our ability
to rationally harness this understanding to develop more effective diagnostic and treatment
strategies. Bridging that gap requires developing new tools which can rapidly detect, diagnose,
and at times, intervene in the disease process based on recognition of specific molecular
signatures of breast cancer in vivo. In this project, we focus on the development of miniaturized
photonics-based imaging technologies (SOW, Project 1) and complementary nanoscale
molecular-targeted imaging agents for detection and monitoring applications (SOW, Project 2
and Project 3) in order to provide a new approach to molecular imaging of breast cancer.
Medical imaging plays a prominent role in all aspects of the screening, detection, and
management of breast cancer today. A variety of imaging methods including screening and
diagnostic x-ray mammography and resonance imaging (MRI) are currently used to evaluate and
monitor breast lesions. Although existing imaging technologies provide a useful approach to
delineating the extent of tumors, these methods offer only low resolution, non-specific issues of
tissue and cannot provide a detailed picture of the molecular profile of a tumor. In addition,
techniques such as x-ray imaging and MRI are not able to detect small early cancers or
pre-cancerous breast lesions and are difficult to use in settings such as the operating room
where near real-time dynamic images are required. Thus, there is a substantial clinical need for
novel imaging methods for the detection and monitoring of breast cancers which offer improved
sensitivity, specificity, portability, and cost-effectiveness. In this project we develop portable
optical technologies which promise high resolution, noninvasive functional imaging of tissue at
competitive costs. Optical approaches can detect a broad range of morphological, biochemical,
and architectural tissue features directly relevant to characterizing breast lesions including
sub-cellular physical parameters such as nuclear size and nuclear to cytoplasm (N/C) ratios and
biochemical indicators such as hemoglobin concentration, metabolic rate, and collagen
cross-linking levels. To make these technologies even more powerful we expand the current
capabilities of photonics-based imaging approaches with the additional capacity to quantitatively
and dynamically detect molecular markers of breast cancer in vivo without tissue removal (SOW,
Project 2). Developing the optical molecular imaging tools and agents for breast cancer which
will allow us to accomplish this goal is the focus of this project.



Progress Report Body

This progress report is arranged to follow the Statement of Work (SOW). The Statement of
Work is divided into three sub-projects and a series of tasks. We describe efforts during months
1-12 of the award on each of the three sub-projects below.

Project 1: Needle-Based Biopsy System Development

In the section which follows we provide background on our
motivation for developing a needle-compatible fiber optic
system (Figure 1.0) for breast cancer diagnostic and monitoring
applications, information regarding the optical techniques and
image analysis strategies we will use, and a description of how
our system would interact with the technologies which are
standard of care today. We then present our results to date.
As described in the Statement of Work, Year 1 plans focused on ~ P*"
design of this system and beginning initial construction. It was  'Mading resolution using the system
expected that the first system would be completed
approximately 20 months after the design phase. We are
significantly ahead of schedule on this project. In this section we present initial data for the
system which is already providing micron resolution imaging capability through a needle probe.
As we are ahead of schedule of Project 1, in Year 2 we will seek permission to modify our
program of work to include much more extensive clinical evaluation of this instrument than
originally anticipated. Plans which note tissue studies and other clinical efforts below will only
proceed presuming these modifications to our SOW are accepted and regulatory paperwork is
approved.

Figure 1.0. First generation needle
compatible fiber probe (next to

to  demonstrate  size).

has been experimentally

demonstrated to be < 10 um.

Background

The survival rate of cancer increases significantly with earlier diagnosis; the 5-year survival rate
of breast cancer, for example, is greater than 90% when it is diagnosed and treated while still
localized but drops to 25% after metastasis. However, an accurate diagnosis often requires an
invasive procedure that is sufficiently unpleasant that sometimes patients and even doctors are
reluctant to undergo it. This coupled to the fact that early signs of cancer are frequently difficult
to distinguish from benign lesions by routine examination lead to delayed diagnosis that cost
lives. As a result, new techniques in cancer diagnosis have traditionally sought a balance
between accuracy and invasiveness. Nevertheless, the gold standard for cancer diagnosis
remains the biopsy slides read by a trained pathologist. Not surprisingly, this is also the most
invasive diagnostic procedure available.

Recent advances in miniaturized optics and electronic systems have opened the way to a new
kind of cancer diagnosis: optical biopsy. Optical biopsy permits a direct examination of the
tissue of suspicion without any invasive tissue removal while maintaining much of the sensitivity
and specificity that make biopsy reading the gold standard for cancer diagnosis. Such



advancement is possible because the diagnosis of cancer from surgical biopsy focuses on a few
key observations: the greatly enlarged nucleus of uncontrollably dividing cells and the visibly
disrupted tissue morphology of unregulated cell expansion. Although the miniature optics used
for optical biopsy sacrifices some resolving power for smaller size, they retain sufficient
resolution and field of view to image the key features that make surgical biopsy work. This
technique therefore makes the gold standard of cancer diagnosis much more accessible and
much less unpleasant.

On the other hand, research into alternative methods of cancer diagnosis that rely on
spectroscopic information has also progressed at a robust pace. Recent publications have
reported significant differences in the fluorescence and reflectance spectra of normal versus
dysplastic tissue. Although the analysis of these spectra require the aid of computers and
spectroscopy has not proven itself equal to biopsy, the ability to probe chemical and structural
information that are not available for visualization offers an entirely new set of diagnostic tools
that can at the very least compliment the visual information from biopsies.

Starting from the development of physical imaging hardware that can produce images of
sufficient quality for optical biopsy, efforts will be directed to the subsequent development of a
complimentary software system that can at the minimum accentuate the key visual
characteristics that indicate cancer; every effort will be made to move a step further from simply
enhancing the images to automated analysis. The whole system will then be packaged for
clinical testing. After the optical biopsy system has been largely completed, the second major
thrust of the project will involve the integration of optical biopsy information with spectroscopy
information. Ultimately, this project hopes to produce an automated system that uses both
optical biopsy and spectroscopy to diagnose breast cancer. It will have sensitivity, specificity,
and minimal invasiveness that surpass or rival the diagnostic tools available to doctors today.

To that end, the following tasks will be accomplished in sequence:

Development and testing of an optical biopsy system for breast cancer
applications with digital image enhancement and analysis

This part of the project focuses on the development and testing of the optical biopsy
system. Appropriate hardware will be selected to test the feasibility of the physical
system to generate an image of sufficient quality for the software to process.
Specifically, the hardware development will be considered a success if (1) the system
clearly demonstrates sufficient resolution to image cellular features relevant to cancer
diagnosis and (2) there is clear evidence that the images contain information about those
relevant cell feature (though it need not be clear enough for a diagnosis as is). After the
hardware has been successfully developed, a software system will be designed that can
extract relevant information from the hardware images to generate a pseudo image



useful to pathologists for diagnosis and to make an automated diagnosis based on that
information. Specifically, the software development will be considered a success if (1)
the relevant cellular information can be extracted from the hardware image and (2) the
information can be used to generate a useful pseudo image to accentuate the relevant
features. If an automated diagnostic algorithm can be developed, it will be considered a
major success. This stage will be deemed successful if the two specific criteria for both
hardware and software are met.

Development and testing of an optical biopsy system for use with molecular
imaging agents in either reflectance or fluorescence mode (to be completed in
conjunction with Project 2)

This part of the project focuses on the development and testing of an optical biopsy
system specifically designed to take advantage of contrast agents for improved imaging
capability. There are two distinct areas where efforts will be focused. One area of
research will focus on the development of a contrast agent suitable for the imaging of
breast tissue. Two specific goals have been set: (1) the contrast agent can be used to
improve the visibility of key cellular features in breast tissue including but not limited to
the cell membrane and the nucleus; (2) the contrast agent can specifically target cancer
cells and distinguish them from normal cells by color or other means. If either goal can
be met in reflectance or fluorescence mode, this area would be considered a success.
The other area compliments the first by focusing on the development of a hardware
system that can deliver contrast agents directly to the imaging site. There are also two
goals specific to this area: (1) the optical biopsy system has a mechanism to deliver
precise amounts of contrast agents directly to the imaging site without adversely affecting
the imaging capability of the system; (2) if necessary, the optical biopsy system has a
mechanism to remove either unbound or excess contrast agent from the imaging site
without inflicting additional pain and suffering on the patient. The first goal is considered
the more important and feasible; however, if the situation arises where the second goal
becomes necessary, all efforts will be spend to achieve it.

Evaluation: Investigation of combining structural information with spectroscopic
information for improved cancer diagnosis

Although it has not yet show sufficient quality to rival the gold standard of biopsy,
spectroscopy has been shown to distinguish normal and dysplastic cells based on
non-visual information in many experiments. Efforts at this stage will focus first on
validating the diagnostic value of spectroscopy in breast tissue. Should the validation
be positive, structural information such as the nuclear-to-cytoplasmic ratio will be
manually extracted from a tissue sample that will also be probed spectroscopically. A
statistical software algorithm will be developed to combine the structural and



spectroscopic information, and its sensitivity and specificity will be evaluated. A suitable
spectroscopic component will be added to the optical biopsy system and integrated in
such a way that the data from both can be acquired and analyzed in the same setting.
Specifically, the integrated system will be considered a success if (1) the spectroscopic
component of the system can acquire spectroscopic information from breast tissue and
distinguish them with sensitivity and specificity comparable to published results and (2)
the final integrated system can stage breast cancer with higher sensitivity and specificity
than is possible with either method in isolation.

Background on biopsy and fiber optical imaging

Excisional biopsy, core needle biopsy, and fine needle aspiration biopsy

To this day, biopsy slides read by a pathologist remain the gold standard for cancer diagnosis.
The most informative type of biopsy is excisional biopsy. During this procedure, the piece of
tissue containing the entire suspect lesion is removed. The removed tissue is then cut into very
thin slices, stained with dyes, and examined under the microscope by a pathologist [1]. The
pathologist looks for structural and morphological abnormalities when assessing whether cancer
is present in the tissue. The most prominent structural feature associated with cancerous cells
is an enlarged cell nucleus, which may occupy as much as 80% of the total cell area when
observed under the microscope. In addition, the rapid and unregulated division of cancer cells
creates distinctive morphological characteristics in a cancerous lesion that separate it from
normal tissue. Although a single cell could potentially be observed during cell division, a
cancerous lesion will contain many more dividing cells than normal tissue. Furthermore,
cancerous lesions will show a clear breakdown in cell organization because the regulators that
controls cell organization in normal tissue do not correctly affects cancer cells. (Fig. 1.1) These
structural and morphological changes are the primary symptoms that pathologists use to
diagnose cancer in a biopsied tissue.

Figure 1.1 [2]: Dye stained breast tissue slide showing cancer cells (blue-purple, labeled “Tumor nodule”) surrounded



by normal cells (pink, labeled “Stroma”). The cancer cells show a high density of nucleus stained blue-purple. They

are also rounded and crowded. The normal cells are elongated, striated, and have much lower nucleus visibility.

Besides being the gold standard for cancer diagnosis, excisional biopsy is also the primary
method for monitoring the surgical margin, the region of normal tissue surrounding the
cancerous lesion in the removed sample, in breast conservation surgery. Primarily a gauge for
the success of breast cancer resection surgery, a clear margin means there is no cancerous
tissue bordering the edges of the tissue sample, indicating a high probability that the entire
cancerous lesion has been removed. The traditional method for mapping the surgical margins
in an excisional biopsy sample is the paraffin-embedded histology method; this requires a
lengthy preparation in which the tissue is embedded in paraffin and sectioned into thin slices with
a microtome. The slices are then examined for clear surgical margins [3].

In order to better visualize the various structures in a tissue sample, the tissue is normally
stained with dyes that add artificial color to different structures. The most common dyes used
are hematoxylin and eosin (H&E). The hematoxylin stains the nucleic acid-rich regions of the
cells, primarily the nucleus, blue-purple and the protein-rich regions, mainly the cytoplasm and
extracellular matrix, pink [4]. It is uncommon for a diagnhosis to be based on raw tissue.

Despite the powerful diagnostic value of the excisional biopsy, its high cost compels a simpler
and cheaper alternative in cases where only the diagnosis of disease, not the mapping of
surgical margins, is necessary. The magnitude of the operation to remove a piece of tissue
containing the entire suspect lesion ranges from a minor to a major surgery. The pain and
suffering of the patient, the time and medical resourced consumed, and the monetary cost
necessary for such procedures are imposed on patients and doctors alike. Because the
diagnosis of cancer is based on cellular and morphological features present even in a limited
sample, it is frequently sufficient to remove only a small piece of suspect lesion for examination
by a pathologist.

One of the most widely used alternatives to excisional biopsy is core needle biopsy. Although
needle core biopsy had been performed on other organ sites, the procedure for successfully
applying it to breast cancer diagnosis was first established by Parker et al. in 1990 [5]. In that
study, commercial core biopsy needles ranging in size from 14-gauge to 18-gauge were used to
remove tissue samples from suspect lesions identified by mammography. The mammography
system also served as the stereotactic mapping system for the guided core biopsies. The
biopsied tissues were prepared for standard pathological evaluation. A total of 103 patients
underwent stereotactic breast core biopsy followed by surgical biopsy at the same site. In all,
the histology results from the core biopsies agreed with that of the surgical biopsies in 89 of the
103 cases (87% agreement). For the 29 cases in which a 14-gauge needle was used, the
histology agreement between core and surgical biopsies reached an impressive 97%. Parker
et al. subsequently reported in 1993 a study of breast core biopsies using 14-gauge needles



guided by ultrasound [6]. In that setup, both the ultrasound transducer and the biopsy needle
were positioned by hand. The 14-gauge needle was also established as having most suitable
size for core needle biopsy of breast tissue. Of the 181 biopsies performed in that investigation,
the core biopsy results agreed 100% with surgical biopsy results in the 49 cases in which
surgical biopsy was performed after the core biopsy. Among the other 132 cases that had a
benign core biopsy result, patients were followed-up for 12-36 months after the core biopsy, and
no patient was diagnosed with breast cancer during that period. The success of the simpler
ultrasound-guided core biopsy continues to this day. As recently as 2008, Schueller et al.
reported a study involving 1352 US-guided needle core-biopsies, of which 1061 case were
followed by surgical biopsy and the other 291 benign results were followed up for at least two
years [7]. The agreement between the needle core biopsy results and either the surgical or
follow up results agreed 95.8% of the time. Needle core biopsies have been validated over the
past 20 years as a viable but cheaper and simpler alternative to surgical biopsy.

The other widely used needle-based alternative to excisional biopsy is the fine needle aspiration
biopsy. This technique was introduced to the US earlier than core needle biopsy [8]. FNAB
uses a much smaller needle, 18-27 gauge depending on position and size of lesion, compared to
the 14-gauge needle used for reliable CNB. Such a small needle size is possible because
FNAB is based on cytopathological (cell-level) instead of histopathological (tissue level)
examinations. Cells gathered from FNAB is typically smeared directly on slides and stained for
better visualization. Different smearing methods can be used; the most common are
alcohol-fixed Papanicolaou/H&E stains and air-dried Romanowsky-type stains. However, the
success rate of this technique is heavily dependent on user proficiency. The reported sensitivity
of FNAB varied widely from trial to trial until a uniform approach was adopted as during a FNAB
conference in 1996 [9]. The conference concluded that by properly correlating FNAB with initial
physical examination and imaging of suspect lesion, the sensitivity and specificity of FNAB in
diagnosing breast cancer can reach 97%-100% and 98%-100%, respectively.

Barra et al. reported in a 2007 study that by employing both the ultrasound-guided CNB
technique established by Parker et al. in 1993 and the uniform approach to FNAB recommended
by the 1996 FNAB conference, FNAB still performed poorly compared to CNB [10]. Of 264
suspect lesions that were biopsied using both CNB and FNAB in the same setting and then
excisional biopsy, FNAC results had an absolute sensitivity and specificity of 68.5 and 66.7,
respectively, compared to the excsional biopsy results. CNB results had an absolute sensitivity
and specificity of 88.3 and 95.2, respectively. The result of this study resembles that of a
seminal investigation more than 15 years earlier, in which Dowlatshahi et al. reported FNAB
having a sensitivity of 32% compared to 41% for CNB [11]. These results indicate that despite
having a uniform guideline for maximizing the performance of FNAB, this method remains more
challenging than CNB. The user’s ability to follow the guidelines influences the results much
more than in for CNB.



It is not surprising that FNAB is more challenging than CNB. FNAB results are based on
cytopathology, whereas the CNB results are based on histopathology. While it is relatively easy
to acquire cellular information from a tissue sample; the reverse is not true. When suctioning
out cells, FNAB cannot preserve the morphological features of the tissue that contained those
cells. The subsequently cytopathology relies on cellular information only. Although this is
sufficient in some cases, the range of disease to which FNAB is applicable is less than CNB
because it inherently possesses less information.

Fiber optical imaging systems

Based on existing trends in making the diagnosis of cancer as un-invasive as possible, one
logical next step could be to perform pathological examination without physically removing the
suspicious tissue: an optical biopsy. Trying to look inside the body is an age-old goal of
physicians; one of the first successful medical endoscopes was developed by Desormeaux in
1853, although physicians from much earlier times have tried to probe into various orifices of the
body [12]. Since those early days of crude endoscopes, advances in miniaturized optics and
optical fibers have enabled tremendous advances in the field of in-vivo optical imaging,
especially in the last 20 years [13]. Today’s fiber optical in-vivo imaging systems can penetrate
solid tissue, employ a wide variety of contrast agents, and visualize their target using techniques
ranging from physical image formation to interferometry.

The first fiber optical imaging systems were single fiber scanning confocal microscopes designed
to extend the reach of confocal microscopy to otherwise inaccessible sites [14, 15]. This
single fiber approach has one severe limitation: in order to form an image the distal tip of the fiber
needs to scan across the surface of interest. The light it gathers at each point is re-assembled
into an image of that surface. Therefore, a scanning mechanism is needed at the distal end of
the fiber. Over the years, numerous techniques and mechanisms have been developed to
allow a single optical fiber to scan a surface, including microfabricated mirrors [16-18],
piezoelectric transducers [19], and electromagnetic actuators [20-22]. However, due to current
limitations in microfabrication technology, the smallest of these probes that produce an image
suitable for pathological analysis is several mm in diameter [18]. Yelin et al. have proposed a
spatial encoding scheme using different wavelengths of light to remove the need for a scanning
mechanism [23]. However, this technology has only been tested in the imaging of peritoneum
surface topology in mouse. It is unclear whether a spectrally divergent beam of light possesses
sufficient sensitivity to distinguish the small difference in reflectivity between cell nucleus and cell
cytoplasm without significant variation in surface topology. Such is the case of imaging
suspicious lesion inside bulk tissue using an inserted probe that is pressed against the tissue.
Despite their limitations, however, single fiber optical imaging systems remain a promising tool
for in vivo imaging because of the simple fact that the fiber itself can as small as a few hundred
micrometers in diameter.

Until the scanning challenge is solved, fiber optical imaging systems are better served by a



coherent fiber bundle instead of a single fiber. Although a fiber bundle is in general larger than
a single fiber, it can transfer an image directly from its distal surface to its proximal surface
because each individual fiber images a distinct point [24]. This capability removes the need for a
scanning mechanism on the distal end of the fiber bundle so the fiber bundle becomes the
limiting factor in miniaturization of the probe. Current manufacturing technology allows several
thousand single fibers to be packaged in a fiber bundle with a diameter of only a few hundred
micrometers [25]. This approaches the practical operational size of a single fiber because a
single fiber requires sufficient size to transmit enough light for imaging and to maintain structural
stability. This setup has been used successfully in both reflectance based imaging systems [26,
27] and fluorescence based imaging systems [28, 29]. These systems generally still employ a
scanning system made of mirrors on the proximal side of the fiber bundle and detect the light
from each fiber in the bundle using an avalanche photodiode. The advantage of the APD is its
high sensitivity, so even low signals can be detected. The disadvantages of this method include
the need for scanning mechanism, which is frequently complex, and the time needed for the
scanning. To decrease the time required to scan a complete image, Sabharwal et al. have
developed a slit scanning mechanism that scans a whole line of the image at once [30].
Despite their many benefits, the current fiber bundle based fiber optical imaging systems still
suffer from an often complicated scanning mechanism at the proximal end. Although the
scanning mechanism no longer affects the size of probe tip and the speed of scan has been
gradually increasing, the need for moving parts decreases the robustness and increases the size
of final system. This makes packaging the system into a device suitable for clinical applications
in harsh environments difficult.

In a direct effort to make a fiber optical imaging device that is robust, fast, and suitable for routine
clinical use in a variety of settings, Muldoon et al. have developed a fiber bundle fluorescence
imaging system that has no scanning components [31]. (Fig. 1.2) Image from the fiber bundle is
directly acquired by a commercial CCD camera and displayed on a computer screen using
commercial image capture software. The system is capable of imaging 4.4 um-wide bars on
the USAF resolution target and human oral mucosal cells with visible nuclei after application of
medical grade acriflavin. The promising results of this setup in in-vivo human cell imaging and
its targeted application for clinical use makes it the ideal inspiration for the hardware aspect of an
optical biopsy system for breast cancer diagnosis and monitoring. A complete optical biopsy
system, however, will require simultaneous development in image processing and analyzing
software and very likely a contrast agent delivery system suitable for use in bulk tissue.
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Figure 1.2 [31]: (a) System diagram of a CCD-based non-scanning fiber bundle optical imaging system. (b) Potential 1

mm and 0.5 mm diameter commercial fiber bundles that can be used.

Digital image processing and analysis

Digital image processing and thresholding

Concurrent to the development of hardware systems for in vivo fiber optical imaging, software
algorithms to process and analyze the raw images from hardware are also a major area of
research. The ultimate motivation for the high amount of interest is two-fold. If optical biopsy
is to become a viable alternative to incisional or perhaps even excisional biopsy, the quality of
the image produced by the system must convey the same level of information available from
physical biopsy slides examined under the microscope. This is challenging from a purely
hardware point of view because despite the advances made in miniaturized optics and imaging
electronics during recent years, these components still lag behind high precision microscopy
optics in performance. Compounding the problem is the fact that the staining agents used in
many pathological examinations cannot be readily applied inside in bulk tissue in vivo.
Therefore, imaging using optical fiber systems benefit from and sometimes require digital
enhancements to accentuate structural features essential for pathological assessment. The
other factor that motivates the development of digital processing and analyzes of medical images
is the drive for quantitative analysis. Despite being the gold standard in cancer diagnosis,
pathology today remains predominantly a qualitative process. The human brain can quickly
survey a large area of cells and make an almost immediate estimation of quantitative
characteristics such as the overall nuclear-to-cytoplasmic ratio and the proportion of cells
undergoing cell division. However, for a human being to precisely quantify this information is
nearly impossible due to the sheer # of cells involved and the difficulty of calculating the area of
irregularly shaped objects. On the other hand, both challenges are easily solved digitally
provided that dividing and non-dividing cells can be accurately segmented and counted.
Therefore, development of the software component is an important part in making an optical
biopsy system.
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One of the first problems encountered in the images from a fiber bundle optical imaging system
is the pixilation artifact created by individual fibers in the bundle [31]. However, this is not a
difficult problem to solve because the artifact is highly localized in the spatial frequency domain.
By transforming the image into the Fourier domain, removing the frequency band corresponding
to the pixilation artifact and transforming back to the spatial domain, the artifact can be reduced
with minimal distortion to the other features of the image [32]. This basic signal processing
method can be easily implemented digitally [33]. Application of this type of image processing
has already been reported [34, 35].

Unfortunately, beyond removing the pixelation artifacts, subsequent processing of the image
becomes much more challenging. In particular, finding the appropriate threshold to accentuate
the cell membrane and the nuclear boundary, two features essential for cytopathological analysis,
does not yet have an ideal solution [36] despite the fact that numerous techniques have been
investigated since the 1980s [37]. The fundamental assumption of thresholding is that the
features of interest in an image can be assigned numeric values that are significantly different
from values in the background without or without first undergoing a mathematical transform.
Furthermore, should such a significant difference exist, a suitable threshold value must be found
to separate the feature values from the background values. One of the most common problems
for accurate thresholding is non-uniform background; this can easily caused by non-uniform
illumination or different tissue types in an optical fiber image. A threshold value suited for one
part of the image is unlikely to be suitable for another part, particularly for the two extremes of the
variation. Global background correction schemes exist [38, 39]. However such correction
schemes usually either require a priori knowledge of the kind of non-uniformity that can occur, so
the proper correction filter can be designed, or distort the interesting features of the image during
correction in such a way that renders subsequent thresholding difficult. Adaptive thresholding
has been proposed as a possible solution to non-uniform background without the adverse effects
of global background correction [40]. Although a suitable local region size still needs to be
manually defined, the algorithm automatically computes the most likely threshold value in that
region by assuming the background is uniform. Therefore, as long as a reasonable region size
is chosen, the exact nature of global background non-uniformity need not be known.
Furthermore, because no correction is applied, there is no risk of feature distortion. Despite
these techniques, straightforward thresdholding is still unsuitable to process an image for which
a suitable threshold value cannot be found, a common problem when trying to detect edges in an
image that show gradual instead of sharp edges [36].

The watershed algorithm

Because gradual edge detection is such a widely demanded application of image processing and
analysis, one popular method has evolved over the years specifically to perform this task without
using any thresholding: the watershed algorithm, first proposed by Beucher and Lantuejoul in
1979 [41]. The watershed method works in a way analogous to water filling a landscape. (Fig. 1.3)
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The starting point of the algorithm is the image as an intensity map; this can be the intensity of
the image directly or the intensity of a transform of the image, e.qg. its gradient. If we imagine a
3D graph of the intensity map, regions of high intensities will be ridges and hills while low
intensities will be represented by valleys and pits. Starting from the lowest points, we gradually
fill up the valleys and pits with water; in actual terms, lowest intensities are successively
discarded as background. A condition is imposed on the filling of water: no two pools of water
that started separately can be joined. The intensity map will be gradually filled until it cannot be
filled anymore without violating the condition just described. The remaining ridge tops will be
the boundaries that need to be detected. This analogy is slightly misleading because if the
water were rising uniformly throughout the map, some ridges will drown before the tips of others
were approached. This is where the analogy ends; at each intensity, all points whose
discarding does not violate the no-joining condition will be discarded as background. So
intensities discarded as background in some parts of the map are preserved in other parts.
Since it as proposed, the watershed algorithm has been used in a wide variety of image
processing applications [42, 43].

Watersheds

5 Catchment
* basins

(a) (b)

Figure 1.3: Conceptual representation of a 1D watershed algorithm. The local minima in the image (a) can be viewed
as catch basins in which water accumulate. As the water rises, the highest point between two catch basins is a
watershed (b), or a boundary to be detected. (Image and caption from http://iria.pku.edu.cn/~jiangm/courses/dip/html/
node139.html)

However, directly applying the basic watershed algorithm to a complex image such as that of
tissue would cause significant over-segmentation. Due to the large variation present in these
images, there may be many intensity local minima in a single object: a cell, a nuclei, or the
background. To overcome this problem, various efforts to develop a seeded watershed
algorithm have been reported [42-47]. The basis of the seeded watershed algorithm is to fill the
intensity map starting from only designated locations, or seeds. All other local minima will be
disregarded, and only pools that started from seeds should not touch. This method creates its
own problems. Automated seeding algorithms are imperfect, frequently putting more than one
seeds in one object of interest, e.g. a cell, and none in others, leading to incorrect segmentation
[42]. Manual seeding, on the other hand, is an extremely laborious process for images
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containing a large number of objects [45]. Despite these difficulties, the watershed algorithm
remains a useful image processing method because of its robustness in accurately detecting
boundaries given correctly placed seeds. A useful direction of research, then, seems to be to
develop a competent automated seeding algorithm to be used with the watershed algorithm for
boundary detection.

Dynamic programming and the optimal path problem

While a reliable automated seeding algorithm is being developed, alternative means of boundary
detection without thresholding have emerged. One of the most promising techniques employ
dynamic programming to solve a optimal path problem along the boundary of interest that would
otherwise be computationally intractable. Baggett et al. reported one implementation of this
technique in 2005 [48]. The problem can be broadly separated into two sub-problems of
design—formulation of an optimal path problem—and implementation—solving the optimal path
problem using dynamic programming. For the design sub-problem, Baggett et al. first manually
designates a point near the center of the object of interest, e.g. a cell, and another point on the
boundary to be detected. To detect the entire boundary, a region of the around the center point
is transformed from polar coordinates to Cartesian coordinates with the designated boundary
point simultaneously on both edges of the transformed image. (Fig. 1.4) The optimal path is the
path of highest average intensity between the two points on the edges. In other words, in the
original image, start from the boundary point and proceed either clockwise or counterclockwise
and find the path of maximum average intensity until the path forms a loop and returns to the
boundary point.

Figure 1.4 [Figures and caption from 48]: The optimal path problem to detect boundary of a cell in an image involves (A)
selecting a point central to the cell and another point on the cell boundary, (B) transforming an area around the central
point from polar to Cartesian coordinates, (C) finding the path of maximum average intensity in the transformed image,

and finally (D) performing an inverse transformation.

To solve the optimal path problem, a gray-weighted distance transform is used to find the path of
highest average intensity between the two boundary points on the edges of the
polar-to-cartesian transformed image. This method is employed because it is amenable to
dynamic programming. A simple example illustrates this method. (Fig. 1.5) In a simple MxN
image, designate one pixel on the edge as the starting pixel. First, generate a MxN map A
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containing the distance of each pixel in the image from the starting pixel; map A is completely
filled first. Then, generate a 2" map MxN B containing optimal cumulative intensities of each
pixel. To starting filling B, the pixels with the highest values in A have B values equal to their
original intensity in the image. The we move on to pixels with A values of one less. For each
of these pixels (call it P), find all adjacent pixels with A values of exactly one more; then, from
those adjacent pixels find the one with highest B value; then add that B value to P’s intensity in
the original image; finally, set P’s B value equal to that sum. After that, go to pixels with A
values of one less still and iterate until the starting pixel is reached. To find the path of highest
average intensity from the starting pixel to any destination pixel, simply start from the destination
pixel and trace backward, in strictly decreasing A value, along adjacent pixels of highest B value
until the starting pixel is reached. To prove why this method always gives the maximum
average intensity, a detailed study of the theory of dynamic programming [49-51] and its
application in optimal path finding [52, 53] is required.
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4 |9 [10]2 1|1 [2 [3 2

5 [8 |3 |1 0|1 (2|3 1
1|5 [7 |6 1|1 |2 [3 6
D 1410] E 14|10] F 14 {10
20 |2 29 (20 |2 zg-kzugz

9 |1 34(28]9 |1 Eizs'xg 1

13 |6 1813 (6 18 1376

Figure 1.5 [Figures and caption from 48]: A simple figure depicting the steps in gray-weighted distance transform from
(A) the intensities in the original image, (B) a map of pixel distance from the starting pixel, and (C) the optimal
cumulative intensity map, through successive iterations (D) and (E) to fill the cumulative intensity map until the optimal
path from the starting pixel to any non-trivial pixel can be found by backtracking through the highest adjacent

cumulative intensities (F).

Since its introduction to image processing, dynamic programming has been used in a variety of
projects to segment both 2D [54, 55] and 3D [56, 57] images. The main limitation of formulating
cell boundary detection as an optimal path problem solved by dynamic programming, at least
using the aforementioned method, is the need for manual placement of two points: one at the cell
center and one on the cell boundary. To segment a large number of cells in a tissue image, the
amount of user interaction can be significant. A major benefit of this technique is that given a
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complex image of cells, individual cells can be marked and segmented in isolation. Such high
degree of control is impossible for the watershed method because to place only two seeds in a
complex image, even if one is inside a cell and one is out, there is no guarantee that when the
seeds begin to form pools and fill the image, the highest remaining ridge separating the two will
be the correct cell boundary, especially for tissue images in which cell boundaries appear as a
interconnected network of high intensity ridges. On the other hand, dynamic programming
methods require a substantial amount of computation to segment just one cell, and cells need to
be process individually. This requires considerably greater computational resources than the
watershed method, which processes the entire image at once until only the boundaries remain.

It is clear that both the watershed algorithms and the dynamic programming methods have their
benefits and limitations; however, one limitation that exists in both methods is the need to place
marks in the image to indicate objects of interest, such a cell. For either method to work in an
automated or fast image enhancement or analysis software package, the placement of such
marks (seeds or central/boundary points) needs to be automated yet reliable. One possibility to
solve this problem is by using a Hough Transform to identify the center of cells.

The Hough Transform is a technique to extract generalized features from a data set that may
contain imperfections or significant noise [58, 59]. One example would be to extract a circle
from an image of a circle made up of broken arcs. In the simplest terms, the Hough transform
works by first defining the feature of interest using a parameter space, followed by investigating
every point in the dataset for possible sets of parameters that define an acceptable feature that
includes that point and adding a count to the appropriate bin in the parameter space for each set
that is found, and finally picking the appropriate bins in the parameter space that has the highest
number of counts. A simple case for detecting the line formed by three points is illustrated in
Figure 1.6. For circles, the Hough transform typically uses three parameters: the coordinates of
the center and the radius. Some groups have reported studies incorporating the Hough
transform in software algorithms to segment biological images [60-62]. However, applying the
Hough transform to the analysis of biological images is very challenging because (1) biological
structures such as cells are frequently irregular in shape and cannot easily be parameterized and
(2) biological images frequently contain too much information for Hough transform to be
performed in reasonable time without a highly optimized software algorithm. Despite these
limitations, the ability of the Hough transform to penetrate imperfection and noise is very
attractive. With research and development, it may be possible to adapt the Hough Transform
as a tool to reliably mark the cells/nuclei in a tissue so that either the watershed algorithm or a
dynamic programming technique can be employed for boundary detection.
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Figure 1.6: To start the Hough transform, the line to be detected (target line) is described by two parameters: (1) the
slope of another line (parameter line) that is both perpendicular to the target line and passing through the origin, and (2)
the distance between the origin and the intersection of the parameter line with the target line. The two parameters
form a two-dimensional parameter space (figure, right), called a Hough space in this case. For each of the three
points, a number of potential target lines that contain that point are considered (solid lines, left top). For each of the
potential target lines, the two parameters of its parameter line (dashed lines, left top) is recorded (table, left bottom).
Assume that for each point, a substantial number of potential target lines are investigated and the parameters
associated with each record in the parameter space, the parameter space eventually looks like the figure on the right
with three lines. The intersection of the three lines represents the parameters associated with the target line that
includes all three points. (Image and accompanying caption from http://en.wikipedia.org/wiki/Hough_transform)

Results Achieved in Months 1-12

Development and testing of a needle compatible optical biopsy system with digital image
enhancement and analysis

Preliminary work: hardware system

We have built and tested a prototype setup in order to investigate the hardware capabilities of the
optical biopsy system. (Fig. 1.7) The setup maximizes simplicity and minimizes the cost while
meeting the core design criteria essential to minimally invasive optical biopsy. The intentional
open-air layout permits easy replacement of various components and modifications to the optical
pathway. This approach allows continuous optimization of the design—to balance performance,
size, cost, and robustness—while adhering to a set of pre-determined requirement.
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Figure 1.7: Photos (left) and schematic (right) of the optical biopsy system hardware prototype.

The optical train starts at a 455 nm peak-wavelength, 20 nm HWHM LED (Luxeon IIl Star,
Philips). This light source was chosen because it was demonstrated in a previous study that
this wavelength of excitation light is suitable for fluorescence imaging using acriflavin as contrast
agent [31]. It is useful to build a prototype that possesses the flexibility to image in both
reflectance and fluorescence mode to enable testing of all the agents developed in Project 2.
The viability of using a single light source for both modes can then be assessed.

Light from the LED is collected by a planar-convex collimating lens (f = 25.4 mm, Newport) and
transmitted to a planar-convex focusing lens (f = 62.9 mm, Newport), which focuses the light onto
the proximal tip of a bundle of two illumination fibers (NA = 0.22, 200 um diameter; Thorlabs).
The collimating-focusing lens pair was chosen to transmit the maximum amount of light from the
LED to the illumination fibers. 25.40 mm is the shortest focal length available in a standard
Newport lens set. The LED is purposely placed one focal length away from the front principle
plane of the collimating lens to ensure light exiting the collimating lens is essentially parallel.
Using a collimating lens with the shortest focal length means the collimating lens is as close to
the LED as possible, capturing the maximum amount of light.

The focusing lens was chosen so to have the shortest focal length while keeping the light within
the acceptance cone of the illumination fibers. Given NA = 0.22 for the illumination fibers, their

maximum half angle 6 of light acceptance in air (n = 1) can be calculated as

sin*(NA/n) = 8
sin}(0.22) = 0.222 rad

To keep the angle of light from the focusing lens with diameter d and focal length f within the
acceptance angle of the illumination fibers, it is necessary that

tan™(d/2f) < 0 or f > d/2tan(6)
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We used standard Newport lenses with diameter of 25.4 mm, so

f> 25.4/2tan(0.222) [mm]
f>56.3 mm

The smallest focal length greater than 56.3 mm in the lens set was 62.9 mm. So this was
chosen to be the focusing lens. The separation between the collimating and focusing lenses
were based purely on setup convenience and in this particular instance measured 140 mm.

The distal ends of the illumination fibers are positioned co-axially with an image guide (3000
single fibers, 240 um outer diameter, 200 um picture area diameter, NA = 0.35; Sumitomo
Electric). Both the illumination fibers and the image guide were chosen for their small size;
each illumination fiber has an outer diameter of approximately 150 um after buffer stripping.
Together, the two illumination fibers and the image guide were inserted into the bore of a
20-gauge needle with (584 um inner diameter, 902 um outer diameter; Sigma-Aldrich). This
ensured that the needle probe of our optical biopsy system is on the large end of FNAB needles,
some of the least invasive biopsy needles available.

While we paid close attention to the size of the needle probe, we also made sure that the image
guide met minimum resolution and field of view requirements. Based on its picture area
diameter and the number of fibers, we estimated the center-to-center spacing between the fibers
to be approximately 3.7 um--200 um/sqrt(3000)—qgiving a Nyquist limit resolution of 7.4 um; this
meets the requirement of imaging at the 10 um size scale of human blood and epithelial cells.
At the same time, the field of view of the image permits simultaneous examination of some
300-400 cells—1(100um)?/1(5um)?, a reasonable size to examine even tissue morphology; the
needle probe also has the advantage of being movable while imaging. As a consequence of
these calculations, we expect the system to image at least at the cellular level while still
permitting tissue morphology to be examined.

The proximal tip of the image guide is located at the focal plane of an infinity corrected objective
(f = 18.2 mm, Newport). The infinity corrected objective is beneficial in a couple of ways.
Because the light exiting the objective is collimated, the tube lens after the objective can be
placed at an arbitrary distance from the objective, either saving space or permitting other optical
components to be added. Furthermore, the image formed at the focal plane of the tube lens is
magnified relative to the image at the focal plane of the objective by a factor K.

K= ftube/fobj
So the magnification can be adjusted by switching tube lenses with different focal lengths. In

the prototype, the tube lens (f = 300 mm, Newport) was chosen to have the longest focal length
within the space constraint of the setup.
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A commercial CCD camera (AxioCam MRc5, Zeiss) is placed at the focal plane of the tube lens
to capture the final image. The camera has 5 megapixels on an 8.7 mm x 6.6 mm CCD with
single pixel detector size of 3.4x3.4 um?. The camera is controlled by its associated software
(AxioVision, Zeiss). The camera has a Nyquist limit resolution of 6.8 um, smaller than the 7.4
um resolution of the image guide even without image magnification by the tube lens. So the
camera introduces no limiting factor to the prototype system.

Figure 1.8: (left) Image of USAF resolution targets shows that the 128 cycles/mm bars are clearly distinguishable
(grayscale done using Matlab); (center) image of SkBr3 breast cancer cells in culture; (right) image of adipose cells in

bulk tissue.

Prior to the start of the project, two specific goals were set for the hardware aspect of the optical
system: meeting minimum resolution requirement and acquiring cell structure information.
Imaging results from the prototype indicate that the hardware accomplishes both goals. (Fig. 1.8)
Imaging of the USAF resolution target showed that the system could achieve a resolution of at
least 7.8 um and perhaps as high as 7 um, which is slightly better than even the estimated
theoretical limit of 7.4 um. The center and right images further demonstrate the capability of the
system to image both cancer cells in culture and adipose cells in bulk tissue (we are using
chicken tissue from the grocery store until we receive regulatory approval and SOW modification
for breast tissue protocols). The present investigation does not include the introduction of
chemical agents to visualize sub-cellular structures, but the prototype system can image at the
cellular level with confidence. For sub-cellular structures larger than the resolution limit of the
system, such cancer cell nuclei that can occupy up to 80% of cell area, we expect no problem for
our system to image them.

Preliminary work: software program

The software program development is in some ways more challenging than for the hardware
system. Unlike the hardware, for which cheap and reliable components exist commercially,
most of the algorithms for the software are still being developed. However, we have identified
several very promising algorithms to perform specific functions in the program: the Hough
transform for cell localization, the watershed algorithm for broad feature extraction, and
dynamically programmed optimal path finding for specific feature extraction. As we research
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and develop these techniques for the optical biopsy system, new ideas and results will
continually be reported by us and many others. We are confident that like the hardware, the
software program will shape up to be exactly the tool we need to perform breast optical biopsy.

As a first step, raw images from the hardware are first processed in the Fourier domain to
investigate the efficiency with which pixelation artifacts caused by fibers can be removed. (Fig.
1.9) The Fourier transform of the raw images clearly shows a clearly define frequency band
corresponding to the pixelation artifact, which occurs regularly in space. By removing that
narrow range of frequency components using a band-stop filter, the artifact can be largely
removed without significantly distorting other features of the image. By further changing the
color map of the image and implementing simple histogram stretching, the raw image can be
made much more visually clear with minimal effort.

Figure 1.9: (left) A raw image of adipose cells in bulk tissue from the prototype setup using a larger image guide more
suitable for software development; (center) the Fourier transform of the raw image shows a clear and bright ring
(red-yellow) corresponding to the pixelation artifact; (right) the processed image using a different color map after

band-stop filtering and histogram stretching.

Because we want minimize the burden on the physician when using the optical biopsy system,
we started the algorithm development with the Hough transform. During our review of existing
image processing methods, we noticed that both the watershed algorithm and the optimal path
finding method suffer from the need for manual marking of cells in a tissue image. It is therefore
logical to try and solve that problem first. We performed an initial investigation of applying the
Hough transform for circles to the analysis of cells in a tissue image. (Fig. 1.10)

Figure 1.10: (Left) To perform the Hough transform on a tissue image, the set of points roughly corresponding to the

cell boundaries must first be identified. (Center) The parameter space requires an adaptive local thresholding
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algorithm to identify bins with the highest counts that are most likely to represent actual cells. (Right) A simple Hough
transform for detecting circles extracted 8 cells from the image, of which 6 could be confirmed as correct by visual
correlation between the program output and the original image (green) and 2 could not be confirmed with one more
likely to be correct (yellow) and one more likely to be incorrect (orange). At least two cells visible in the original image
were missed by the algorithm (white cross). The original image is the same one in Fig. 1.9.

Before the Hough transform can be used, it is necessary to first identify the set of points that has
a reasonable probability to be the cell boundaries. This set needs not be comprehensive or
completely accurate. The only requirement is that the points roughly represent where the cell
boundaries are located without too much noise. We chose to use a gradient map plus
thresholding approach for the initial testing because it is simple to implement and suits well the
wide cell boundaries in the image. This technique is a poor choice if we wanted a precise
extraction of size information because more than one boundary surrounds a cell; however, since
we care mostly about locating the cells, having an extra boundary is actually helpful.

The Hough transform is subsequently performed on the set of boundary points. The boundary
point plot (Fig. 1.10, left) showed a great deal of noise in the lower left region. Comparison with
the source image showed that area to have some sharp edges without clearly discernable cells.
This phenomenon was more trouble than the right region of the image that has no discernable
cells or edges because edges not part of a cell contributes to noise. Because the boundary
point plot showed a great deal more noise in the left bottom region, an adaptive local
thresholding algorithm was used to pick out the most likely centers of circles from the parameter
space (Fig. 1.10, center), representing cells in this case. A local thresholding method prevents
high noise areas from affecting low noise areas.

In the end, the simple test algorithm we used extracted a total of eight cells, six of which have
correct cell locations—judged as having the cell center mark inside the actual cell—after
correlation with the original image; two extracted cells cannot be confirmed by correlation with
image because there is insufficient detail in the image. (Fig. 1.10, right) At least two visible cells
near the top left of the original image were missed by the algorithm. However, given that this
was an initial attempt to assess how a straightforward Hough transform for circles would perform
on a difficult image, the result was very encouraging. Just by testing a simple Hough transform
without any modifications to account for irregularities in cell shapes or distortions in the image,
we extracted most of the visibly identifiable cells fro the image with an accuracy of 75%. Most
importantly, we have established that the Hough transform is a viable tool to locate the cells in a
complicated tissue image.

Next steps: hardware

The testing of the hardware has shown that the goals we set at the beginning of the project have
been largely accomplished. Both the resolution of the imaging system and the ability of the
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system to image biological structures have been demonstrated. There remains, however, much
that can to be done on the development of the hardware. Because the successful completion of
Project 1 depends on the achievement of both software and hardware goals, improvements to
the hardware can continue at least until the software has achieved its goals; every improvement
in hardware makes the software’s job that much easier.

The most logical place to start improvement is in the needle probe. So far, we have tested just
one probe size based on the smallest components available. However, should smaller probes
be possible, how small becomes too small? Background studies revealed that despite its
superiority in size, FNAB is more challenging to use correctly because it sacrifices the ability to
perform histopathology in order to employ the smallest possible needles. There is no doubt that
an optical biopsy system also has a lower size limit beyond which it loses performance, which
can be caused by overly small field of view or too little light being transmitted. As the needle
gets smaller, safety may also become a concern; although it does not seem probable that
structural failure can happen before performance reduction. In any event, a fuller investigation
on the optimal size for the needle probe is a worthwhile endeavor.

While considering different needle sizes, the question of light transmission naturally comes up.
The present setup uses separate illumination fibers even though the image guide is capable of
simultaneous transmitting light in both directions. This was done to avoid specular reflection
from the various optical-air interfaces in the optical pathway. There are certainly methods to
minimize the specular reflection—index matching, polarity control, angled optics, just to name a
few—but the possibilities extend further. For example, the image guide has many individual
fibers. It is potentially possible to design a precise enough optical pathway that delivers light
through only some of fibers, say those on the outside, and use only the inner fibers for image
transmission. To accomplish this without fiber bifurcation is both an impressive challenge and
very rewarding because the needle probe size in the present setup can be reduced by 50% if the
illumination fibers are removed. To go smaller, these modifications are worth testing.

On the other hand, going smaller is not the only option. CNB using a 14-gauge needle remains
more widely used in the US today than FNAB. If biopsies with the same quality as CNB could
be performed without tissue removal , even if the same 14-gauge needle were used, that would
be a positive development in itself. It would improve the lives of all CNB patients. If the quality
of the optical biopsy can be made higher than CNB, then it's even better. Given this possibility,
an investigation toward the larger end appears just as worthwhile as going small; on top of that,
bigger is easier in optics.

These are just some of the possible ways in which our prototype optical biopsy system can be
improved. Even if the current setup by some miracle performs just perfectly, investigations into
the limits of the system design and the various ways different components can be modified will
yield invaluable insight into the design of future medical imaging equipment, say an optical
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biopsy system for the brain, a very dangerous procedure today. Finally, after both the hardware
and software objectives have been accomplished and the desired investigations made, the
system will be packaged. While the prototype system benefits from an open and easily
modifiable setup, the system must be made portable, compact, and robust for clinical testing. It
must also have a clean and intuitive user interface. In short, the system should perform all the
difficult tasks on its own to make the clinician’s life as easy as possible.

Future work: software

Unlike the hardware side, many challenging tasks remain on the road of software development.
Although there are alternative techniques in consideration that will be investigated, these efforts
are for the most part critical to the success of the optical biopsy imaging system. The best
approach is to take one step at a time and gradually build up the software program until every
algorithm in the sequence falls into place.

The first task in software development is the adaption of the Hough transform to a algorithm that
can mark the location of cells in an image so that subsequent processing and analysis by either
the watershed algorithm or the optimal path problem can be performed. Hot on the heels of a
successful initial test, there is every reason to believe that a suitably modified Hough transform
can accurately identify the majority of cells in a tissue image. Because the initial test resulted in
two extracted cells that could not be confirmed by the original image, there is even the possibility
that the Hough transform can help in the identification of important structures that are otherwise
difficulty to visualize by the human eye. However, to develop a Hough transform algorithm is
also best done one step at a time.

Before the Hough transform can even be applied, it is necessary to extract the cell boundaries
from an image. The initial investigation showed that through pre-processing, the intensity of
boundaries in the image can be greatly increased. This leads to the possibility of an adaptive
local thresholding algorithm, which was used successfully in the initial testing to pick out most
likely cell centers from the parameter space of the Hough transform. This method is more
powerful for overcoming noise in an image, the source of difficulty with identifying the cell
boundaries in our first attempt. Reducing the noise in the cell boundary plot goes a long way
toward performing a successful Hough transform.

To improve the situation even more, a way to extend cell boundaries will be investigated. It is
clear from Figure 1.9 that cells in a tissue image are sometimes partially blocked. So instead of
a circle or an oval, they show up as a partial elliptical shape. Using geometric computation and
pattern recognition, it is possible to detect a significant arc in the image and then extend that arc
into an ellipse by adding false boundary points. For the cases where the detect arc really is a
partial boundary of a cell, the pseudo boundary points greatly increases the chance that cell will
be correctly detected by the Hough transform. In addition to the localization of cells, adding
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pseudo boundaries in the analysis could also aid in size estimation of structures; however, that
direction of research has the risk of misleading results, and will be pursue separately and with
great caution.

In the meantime, the modifications in the preprocessing have given way to the development of
the Hough transform itself. One of the assumptions in the initial test was the circularity of cells.
Although some cells and cells in culture are often round, cells in tissue are generally not. This is
especially true for epithelial cells in highly hierarchical tissue, where they are often flattened
ovals with pinching ends. Developing a Hough transform that most accurately parameterizes
the shape of the cells to be detected is an important goal in the software development.

Perhaps even more importantly, there is a possibility here to aid the diagnosis of cancer using
the tissue image. Because cancer cells lose tissue level control, their morphological structure
often differs significantly from normal tissue, especially for cancer of otherwise highly striated
cells. As seen in Figure 1.1, cancer in the breast can manifest visually as a concentration of
generally round cells surrounded by largely elongated stromal cells. By employing two Hough
transforms, each specifically designed to identify cancer or normal cells of the breast, it is
possible that some information about the pathology of the tissue under examination can be
gathered even at this early stage of image process/analysis. By having two Hough transforms,
the localization of cells for subsequent algorithms may also be improved.

The previous proposed investigations are just some of the possible ways in which the image
processing/analysis can be improved. As work on the Hough transform progresses, other ideas
will likely reveal themselves. After the Hough transform algorithm has been satisfactorily
developed, work on either the watershed method or the optimal path problem or perhaps some
other new technique will commence. Because these are highly sophisticated image analysis
methods, it is not resource efficient to simultaneously develop all of them. Instead, as indicated
by the background study, one method will be superior to the other depending on the proportion of
cells identified by the Hough transform. It is better to hold off on formulating the specifics until
the Hough transform portion has been completed.

After all the above algorithms have been developed and the cells in the image segmented, the
techniques to extract the relevant structural data, such as size, morphological score, etc. will be
pursued. These are even further out into the future. Unlike the hardware portion, where
everything can be planned ahead at once, the software development is best done in stages with
the best method chosen at each stage based on the result of the stage before.

Project 2

This project develops the nanoprobes which will be used along with the optical systems created
in Project 1 to enable molecular specificity. As our SOW describes, we are developing two
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types of materials: (1) non-cadmium luminescent dots and (2) shaped and layered gold
nanoparticles. Our first year effort on this project has been focused on the basic materials
chemistry development aspects as indicated the SOW. We are ahead of schedule on this
project and in Year 1 provide results for both Task 1 and Task 2 rather than just Task 1 as
originally anticipated. We also provide preliminary results for Task 3 which encompasses
biological evaluation of several different nanoengineered probes including luminescent dots and
gold-based nanoparticles (both nanorods and nanoshells). Please refer to the Appendix
section for copies of one submitted and three published papers on development of molecular
imaging agents for breast cancer applications.

Background

The success of an optical biopsy system that uses contrast agents will depend largely on finding
the appropriate agents. Even though gold nanoshells have been the most promising
candidates based on our preliminary research, other contrast agents will be evaluated. To
ensure that these evaluations proceed in a thorough and consistent manner, a set of guidelines
will be used to direct all investigations involving potential contrast agents to be used in the optical
biopsy system.

As with all chemicals used in the human body, the foremost question about the contrast agents is
whether they are safe to use. Once safety of the contrast agents has been reasonably
established, factors relevant to performance will be evaluated. Based on our preliminary study
of biopsy staining agents, one of the major questions will deal with time (see Task 3 results for
our own work in this area). As revealed by preliminary research, current biopsy staining
methods can at best work on a time scale of minutes to hours. While this is not an
unreasonable reaction time, indeed appearing fast for use on physical biopsy slides, the optical
biopsy system has a much higher demand on reaction efficiency. Since one goal for a contrast
agent-using optical biopsy system is site-specific delivery, the imaging needs to occur quickly
after the delivery of the contrast agent so that the needle probe does not need to be removed.
Therefore, the time it takes for the contrast agent to begin working after delivery will be a
prominent factor in evaluating its efficacy.

The other major issue related to contrast agent performance is simplicity. While the need to
introduce eosin after hematoxylin in H&E staining already poses a problem for in vivo delivery of
contrast agent during optical imaging, the numerous steps in the Papanicolaou stain are outright
impossible. The delivery system will be too complex if it has to delivery several chemical agents
into the breast with washing steps in between. Fortunately, all the nanotechnology contrast
agents under investigation work by themselves. Nevertheless, it is necessary to explicitly
specify all steps in applying a particular contrast agent and finding one that is facile to use
clinically.

26



Finally, it is perhaps obvious that the optimal imaging conditions for each candidate contrast
agent be thoroughly described. Some contrast agents work best in fluorescence mode; others
work better in reflectance mode. Still others work well under both conditions. It is necessary
to characterize the optimal imaging conditions so that the feasibility of adapting the imaging
system can be assessed and the modifications made prior to testing. Naturally, the system
setup is not the only condition that needs evaluation. The optimal condition of the contrast
agent also needs to be clarified. It is known that pH, temperature, concentration, and even fluid
mechanics can significantly affect the behavior of chemicals or nanoparticles in solution. The
chemical environment and the imaging environment are both important for optimal contrast agent
performance.

Other as of yet undiscovered issues may arise during the investigation of best contrast agents.
They will be incorporated into the study as they arise. The aforementioned factors, however,
are known questions of relevance based on the preliminary study. Whether or not other issues
arise, the characterizations noted above will be performed for each contrast agent evaluated to
ensure a uniform standard. However, because some factors are more important than others,
e.g. safety, if a contrast agent fails a test of higher significance, subsequent tests will not be
conducted because agent is no longer relevant. When at least one suitable contrast agent for
clinical use has been found, the contrast agent-based optical biopsy system will be made
suitable for clinical testing even while other promising agents continue to be studied.

Once a suitable contrast agent has been identified, the other major research objective is no
doubt the delivery mechanism to bring the contrast agent to the imaging site inside the breast.
Because our optical biopsy system uses a needle probe, it is very intuitive and logical to build the
initial prototype delivery mechanism using a syringe with the needle as both the probe casing
and contrast agent delivery channel. A conceptual drawing of such system is shown in Figure
2.0. This system has at least two promising benefits. The first benefit is using the same
needle for the imaging probe and the delivery mechanism. This ensures that the contrast agent
is always delivery right where the imaging is happening. The second benefit is that a syringe,
when coupled with a mechanical pump, can deliver very precise volumes of solution at highly
regulated rate. This is crucial for the proper operation of contrast agents that require precise
concentrations to balance signal strength and specificity. It is very possible that the needle
syringe will end up being a suitable delivery mechanism.

Figure 2.0: a syringe controlled by a syringe pump could be a very suitable contrast agent delivery tool. The imaging
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fibers (illumination not shown) are partly inserted in the syringe.

While the delivery of contrast agent is a straightforward process; the removal of excess contrast
agent could be very challenging. Using a needle, there is no easy way to specifically remove
excess contrast agent once it is delivered. Pulling back on the syringe with the needle tip inside
the breast is simply not appropriate given that the purpose of the optical biopsy system is to
minimize pain and suffering of the patient. However, one potential non-mechanical solution is
to delivery just the right amount of contrast agent using the precision injection scheme described
before. Under delivery is preferable to over delivery because adding additional agent is easy.
Mechanical draining may not be necessary.

Another possibility to avoid having excess contrast agent distorting the image lies in molecular
specific binding and activation (work underway in portions of SOW Project 2 and Project 3).
There are contrast agents activated only after binding a specific molecular target. If such a
contrast agent were used, then there is no problem associated with delivering excess agents into
the tissue. A further modification of this strategy could involve an activating agent. It is
sometimes the case that making as a single chemical that activates specifically is hard, but if a
separate agent is introduced later to activate the first, the design of the two agents is easier.
The syringe delivery mechanism can be modified to selective inject two different chemicals either
together from separate chambers or in sequence. In any case, there are strategies available
which employing a custom made delivery mechanism to help remove excess contrast agent
without resorting to pulling on the syringe. If mechanical removal really is necessary, capillary
action may prove to be helpful. Plants are able to pull water from their roots up to the highest
branches through capillary action in special interconnected cells. By custom creation of a
needle to have this kind of small channel that connects to a collecting reservoir, it may be
possible to remove some contrast agent solution from the imaging site. Because no external
mechanical force is applied, the chance that any cells would be severely disturbed is minimal.

Results Over Months 1-12

Our work to date on SOW Project 2 has continued development of layered gold nanoparticles for
breast imaging applications and initiated development of two additional classes of agents
(cadmium-free NIR luminescent dots, Task 1, and gold nanorods, Task 2 of Project 2). We
describe results of these two efforts below.

Synthesis and Hydrophilic Modification of PbS NIR Quantum Dots: We have recently
developed methods for synthesis and water solubilization of NIR nanodots described briefly here.
These cadmium-free NIR emissive nanodots are appealing not only due to tunable NIR emission
but also because the materials are broadly excitable from the UV through NIR. To prepare PbS
nanodots, a mixture of 90 mg of PbO (0.40 mmol), 0.25 g of oleic acid (0.80 mmol), and
1-octadecene (ODE) (total weight = 5.0 g) is heated to 150°C. Upon turning colorless, the
mixture is further heated to 260°C. 2mL sulfur solution (0.2 M) in ODE is then quickly injected.
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and emission properties are not

significantly altered.

The temperature of the reaction mixture is allowed to cool to
200°C to allow growth of the PbS semiconductor
nanocrystals. All steps in the reactions are carried out under

argon. For imaging applications, the surfaces of the PbS
materials must be rendered hydrophilic. The first step in this
process is pretreatment with
mercapto-propylmethyldimethoxysilane (MPS) and

methacryl-ethylenetrimethoxysilane (Si-MA). The reaction is
carried out in a 3-necked flask assembled using condenser
under argon protection. 1.0 nmol of QDs is dissolved in 1.0
mL toluene followed by dropwise addition of 200 nmol of MPS
and 1000 nmol of PEGS at 110°C. After 12 hrs,
aminopropyldiethylethoxysilane (AES) is added under argon.
The reaction is continued overnight at 100°C. After the
reaction is stopped, the QDs are precipitated against
n-hexane and redispersed in water. The as-prepared QD
aqueous solution can then be transferred to PBS. As shown

in Figure 2.1, the process to aminate the surface does not appreciably alter the optical properties.

Conventional Qdots

Figure 2.2.

(right) containing tumor phantom embedded in a

tissue mimic.

the same silicon CCD with quantum dots

synthesized in the Drezek lab.

NIR Qdots

Orl‘|--
1mm--

2ITlm--

Imaging of visible (left) and NIR

All images were generated using

Imaging with PbS Quantum Dots: As a preliminary
demonstration of the imaging advantages of the NIR
gdots as compared to those with visible emission
and to demonstrate sufficient signal for imaging
these particles using a silicon CCD, we embedded
tumor phantoms containing identical concentrations
of visible or NIR gdots in a mouse tissue mimic and
imaged the tumor phantoms as the top surface of the
tumor phantom was moved deeper into the mouse
tissue phantom (Figure 2.2). Decreased blur due to
less scattering of NIR light is clearly apparent. After
verifying signal levels were sufficient for imaging
using nM concentrations, immunotargeted NIR
gdots were developed and evaluated. Following
quantum dot synthesis and solubilization, the surface
may be conjugated to antibodies using a
heterobifunctional cross-linker such as
N-[p-Maleimidophenyl]isocyanate (PMPI) or
(N-[R-Maleimidopropionic acid]hydrazideTFA)

(BMPH) which reacts with the hydroxyl or carboxyl group respectively and provides a maleimide

functional group on the quantum dot.

The quantum dots synthesized are stable in the reagent

buffer used for the cross-linker chemistry. The maleimide group is reactive to free sulfhydryl
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groups on antibodies. Prior to conjugation of quantum dot to antibodies, the antibody disulfide
bonds are reduced to free sulfhydryls using dithiothreitol, also known as Cleland’'s reagent.
Alternatively, we can utilize a carbodiimide such as EDC and activate carboxyl groups to react
with an amine-terminus of an antibody. The quantum dots are conjugated to the antibody and
isolated from unbound quantum dots and unbound antibodies by gel chromatography. In
addition, antibodies may be immobilized via polymer tethering chains. This can be
accomplished with difunctional polyethylene glycol derivatives. This immobilization scheme
may increase the biological activity of the immobilized antibodies by enhancing their mobility and
thus their ability to interact with their target ligand.

Cytotoxicity Studies: It is worth noting that the quantum dots agents we propose are
cadmium-free, and the lead dose we expect would be required should these particles be
considered for human use in diagnostic applications is lower than the average incidental Pb daily
exposure in urban environments. Initial cytotoxicity screens (Figure 2.3) of the NIR gdots have
been promising. Any new formulations of conjugated NIR quantum
dots developed for this project will first be evaluated for
biocompatibility. Preliminary screens will determine LC50 values in
cultured human dermal fibroblasts with calcein AM/ethidium
homodimer staining (Molecular Probes Live/Dead Assay, lactate
dehhydrogenase release, and MTT assays. Changes in
proliferation rates will be monitored by staining for proliferating cell
nuclear antigen (PCNA) and evaluating growth rates. Changes in
adhesion, spreading and migration will be measured. TUNEL
assays will also be performed to assess apoptosis. We have
recently published (January 2008, Small) an extensive review of
approaches to assessment of nanoparticle cytotoxicity which
provides more detailed explanations of these methods.

Figure 2.3. Preliminary
cytotoxicity screening of PbS
gdots. Green = live cells
(calcein AM).

Project 2, Task 2

It is conceivable that the cadmium-free gdots described above still are ultimately deemed not
suitable for in vivo applications. In Task 2 we focus on materials that are gold-based
nanoparticles (AuNPs) which are the nanomaterials closest to clinical translation in particular
gold nanorods. To facilitate future applications, it is necessary to synthesize complex AuNPs
with high yield and without secondary separation steps to remove spherical or triangular
contaminants. Such synthesis is particularly challenging for long nanorods. Methods for
nanorods synthesis include electrochemical, photochemical, and seed-mediated approaches.
In seed-mediated approaches the concentration of gold growth solution is highly dilute
(0.01-0.25mM) and further purification steps are required. We are developing a modified
seed-mediated synthesis approach for gram scale synthesis of NIR nanorods (as opposed to
short nanorods readily produced using standard methods and available long nanorods methods
requiring subsequent purification). To demonstrate feasibility (Figure 2.4), a seed solution was
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synthesized by adding freshly prepared NaBH, solution (0.3mL, 0.01M) to a solution composed
of HAuCl, (2.5mL, 0.0005M) and CTAB (2.5mL, 0.2M).

oopDdAvVO
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<&
[

Wavelength / nm

Figure 2.4. Preliminary results demonstrating synthesis of concentrated high
aspect ratio (>800 nm peak) gold nanorods. In optimal synthetic conditions, the
yield of gold nanorods is up to 0.1 g as compared to 0.02 g using conventional
methods. Typical TEM image using the proposed approach without any further

purification steps is shown on the right.

The seed solution was kept in a 40°C water bath for 15 min to decompose excess NaBH,. Gold
nanorod growth solution was prepared adding ascorbic acid (AA, 0.046mL, 0.1M) into a solution
composed of HAuCl,; (0.3mL, 0.01M), AgNO; (0.06mL, 0.01M), and CTAB (3mL, 0.2M).
Nanorod growth was initiated by adding the seed solution (0.2mL) into the growth solution.
After initial optimization (Figures 2.5 and 2.6), results indicate increasing the concentration of
gold growth solution to 1.0mM (current reports do not exceed .25mM) and optimizing AGNO; can
yield gram-scale gold nanorods with concentrations as high as 0.1g/L, a significant improvement
over figures reported using standard methods (<0.02g/L). In continued work on Task 2 we will
focus on further optimization of seed-mediated approaches to generate improved yields and
larger quantities of NIR nanorods.

There are advantages as well as limitations to the use of gold nanorods as compared to gold
nanoshells or other gold nanomaterials as in vivo imaging agents. Advantages in size, delivery,
and linewidth are accompanied by disadvantages in signal strength. The biological evaluation
(SOW Project 2 Task 3+) which will enable rigorous comparisons of all the material classes we
are considering. Such direct comparisons of material classes are a present gap in the existing
literature in molecular specific imaging agents because nanomaterial groups tend to focus on
individual classes of materials within their own research labs.
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Figure 2.5. Preliminary results: effect of seed concentration. (a) Fluctuation of peak wavelength of Au nanorods
with time under Au seed initiation. (b) Correlation between seed amount and wavelength at max absorbance. (c)
Absorbance of Au nanorods with time under Au seed initiation. (d) Correlation between seed amount and

absorbance. Gold nanorod growth solution: CTAB 3ml x 0.2M, AgNO3 0.01M x 0.06mL, HAuCls 0.01M x 0.3mL, AA
0.1M x 0.046mL.
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Figure 2.6. Preliminary results: effect of AgNO3; concentration. (a) Fluctuation of peak wavelength of Au nanorods
with time under Au seed initiation. (b) Correlation between AgNO3; amount and wavelength of gold nanorods at
maximum absorbance. (c) Absorbance of Au nanorods with time under Au seed initiation. (d) Correlation between
AgNO;3; added and absorbance of gold nanorods. Gold nanorod growth solution: CTAB 3ml x 0.2M, add AgNO3 0.01
M x 0.06mL, HAuCls 0.01M x 0.3mL, AA 0.1M x 0.046mL. Seed solution: 0.2mL.

Project 2, Task 3

Because we are ahead of schedule in imaging agent development, we have also initiated work
on Task 3 which is the biological assessment aim of the imaging agent development project.
This work is conducted together with MD Anderson Cancer Center and several papers
co-authored with Dr. Kuan Yu, leading the MDACC efforts on this project, have resulted. Those
papers may be found in the Appendix of this report which begins on Page 45. We highlight
those results below.

In work published in Nanotechnology in January 2008, we developed a polarized light scattering
method to quantify gold nanoparticle bioconjugate binding. To continue development of clinical
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applications using gold nanomaterials, it is critical that analytical strategies for quantification are
developed. The previous method used to characterize nanoparticle binding requires the
measurement of extinction spectra of cells labeled with nanoparticles. This does not result in
accurate measurements of bound nanoparticles since particle-particle interaction effects are
neglected using such an approach. To avoid the influence of interactions between
nanoparticles when they are in close proximity to each other, we have developed a “negative”
method of characterizing the binding concentration of antibody/nanoshell bioconjugates targeted
specifically to breast cancer cells. Unlike previous methods, we collect unbound nanoshell
bioconjugates and measure light scattering from dilute solutions of these nanoshells to achieve
guantitative binding information. The interaction effects of adjacent bound nanoparticles on the
cell membrane can be avoided simply by measuring light scattering from the unbound
nanoshells. Specifically, we have compared the binding concentrations of anti-HER2/nanoshell
and anti-lgG/nanoshell bioconjugates targeted to HER2-positive SK-BR-3 breast cancer cells
using nanoshells of different sizes. The results indicate that, for anti-HER2/nanoshell
bioconjugates, there are approximately 800-1600 nanoshells bound per cell. For
anti-lgG/nanoshell bioconjugates, the binding concentration is significantly lower at nearly 100
nanoshells bound per cell. To the best of our knowledge this is the first paper which attempts to
rigorously quantify gold nanopatrticle binding.

0 min. 5 min. 30 min. 60 min.

HER2

HER2
+
cells

Figure 2.7 Immunotargeted gold nanoshells can produce statistically significant optical contrast in HER2+ cells
within 5 minutes of incubation. Due to the patient being anesthetized while tumor margin results are pending, it is

essential to minimize the amount of time spent processing the specimens.

In addition to being able to quantify binding, it is also critical we understand the time course of
binding events. We ultimately would like to use these particles in clinical applications requiring
rapid imaging. Almost all published protocols involving targeted nanomaterials require an
incubation period of ~1 hour. This is not feasible for clinical applications which would require a
read out in fifteen to twenty minutes. Thus, we conducted a study, which was recently
published in Nanobiotechnology online and will appear in an upcoming print issue of the journal,
to assess the time course of antiHER2 gold nanoparticle cellular binding (Figure 2.7). We
determined we could obtain substantially equivalent results to those obtained using conventional
protocols after only five minutes which greatly expands the types of clinical applications possible.
While completing this study, we observed two photon luminescence from layered gold
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nanoparticles which had not been reported in the literature at this time we made this observation.
We reported this work in a second paper in 2008 in Nanotechnology demonstrating for the first
time the use of two photon microscopy for imaging immunotargeted (antiHER2) nanoshells.
We believe using two photon imaging approaches may greatly aid in understanding
biodistribution of gold nanoparticles in vivo by allowing 3D visualization of AuNPs within and
surrounding tumors. Nuclear activation analysis (NAA) can provide high quality quantification of
AUNPs in tissue but this is a destructive, bulk measurement method and does not allow
visualization of AUNP location and distributions.

Project 3: Measurement of Radiation Dose Enabled by Nanoparticles

Project 3 is the most high risk/high yield project we proposed. The goal of the project is to
investigate a strategy for real-time monitoring of delivered radiation dose rather than relying on
computational modeling. Our task in Year 1 was to conduct a proof-of-principle study to assess
whether our idea would work. We generated promising results concerning the potential of the
overall idea: to leverage radiation breaking select bonds to cause loss of attached
nanopatrticles (and therefore, a measureable optical signal.) However, currently the strategy
requires higher radiation dose than that used in clinical practice to work effectively. We will be
conducting further experiments to determine whether it is possible to accomplish the same idea
at clinically relevant radiation levels over the next year.

Adjuvant radiation (RT) therapy in breast cancer patients is effective in reducing local-regional
recurrence, and in some patients, it can improve survival. Currently, RT dose given during
treatment is calculated using computer modeling which have assumptions and at times differs
from actual dose delivered. Therefore, it is crucial to measure the actual dose delivered to the
tumor targets to ensure proper coverage. Measuring actual dose to surrounding normal tissue is
also very important to determine risk of radiation-induced toxicities, such as secondary cancers.
The ability to measure RT dose delivered to breast cancer and normal tissue in vivo with high
3-dimentional spatial resolution is currently unavailable and will greatly improve current
techniques used in radiation therapy.

Megavoltage ionizing RT has been shown to fragment proteins, carbohydrates, and polymers by
ionization and breakage of molecular bonds directly and through free radicals generated in
agueous solution indirectly. Studies on radioisotope-conjugated antibodies also observed loss of
antibody binding due to ionizing RT in dose and time dependent manner. Therefore, we use
nanoparticles conjugated to antibodies through radiation-sensitive linkers and measure RT dose
delivered to the tissue by measuring the release of nanoparticles caused by RT-induced
breakage of the conjugation. The general concept is that since nanoparticles conjugated with
disease-specific antibody can be targeted to tumor cells with great efficiency, when we link the
nanoparticle with antibodies through a radiation-sensitive linker and apply these immunotargeted
nanoparticle to cancer cells or tumor tissue, we would expect to observe the release of
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nanoparticles caused by loss of antibody binding after applying RT dose. We hope that by
measuring the difference in concentration of nanoparticle binding and linker breakage, we can
find some correlations between the releases of nanoparticles caused by radiation treatment to
RT dose. We will also develop algorithms based on our experiments to accurately assess RT
dose by measuring the optical signal and concentration of nanopatrticles.

In year one of this project, we conducted in vitro studies and explored the applicability of using
nanoparticle bioconjugates for RT dose measurement. We developed gold nanoshell probes
conjugated with anti-HER2 antibody that specifically target HER2 overexpressed breast cancer
cells. We also developed an IgG antigen and antibody based model to investigate the effects of
RT treatment. By this method, we expect to relate the concentrations of nanopatrticle released by
RT treatment to the RT dose applied to the cells and develop algorithms to calculate the RT dose
based on our experiments. Preliminary data in Figure 3.1 shows that there is obvious nanoshell
loss after RT treatment of both 50Gy and 100Gy. The bright spots in the after-RT pictures of
100Gy are nanoshell aggregates due to the detachment of nanoparticles from the slides. In
contrast, for the no-RT control, the pre- and after- RT treatment images are quite similar to each
other.

100 Gy 50 Gy No Treatment

Figure 3.1. Darkfield images of IgG antigen treated slides incubated with gold nanoparticle and anti-lgG antibody

conjugates, pre- (top row) and after- RT treatment (bottom row). See text for explanation of results.
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KEY RESEACH ACCOMPLISHMENTS

¢ Design of needle-based fiber optic imaging system completed and development of first
generation system is ahead of schedule (Project 1)

¢ Demonstrated micron level resolution imaging using needle-compatible system (Project
1)

o Demonstrated system has the resolution and contrast to image individual cells (Project 1)

o Developed cadmium-free NIR gdots and demonstrated imaging benefits compared to
conventional emissive nanomaterials (Project 2)

o Developed a synthesis method including scale up for gold nanorods (Project 2)

o Developed and published a method for quantifying gold nanomaterial cellular binding
which will be broadly useful for evaluating gold materials developed in this project)

¢ Investigated how quickly we can achieve image contrast using antiHER2 gold
nanomaterials and published these results (Project 2) demonstrating a 5 minute read out
period is highly feasible (compared to the 60 minute read out used currently which is too
long to be clinically feasible)

¢ Demonstrated two photon luminescence provides a potential contrast mechanism for
targeted gold nanomaterials (Project 2) and published these results

¢ Demonstrated feasibility of nanotechnology-based optical scattering approach to
radiation therapy direct dosimetry measurements although currently the level of radiation
required for the approach to work is beyond what would be clinically feasible (Project 3)

o Worked with breast oncologists, surgeons, and pathologists to refine clinical applications
and develop a process to move forward towards translation much work quickly than
anticipated in the original SOW; in Year 2, we will request approval to changes in SOW
so that additional tissue studies and, if possible, in vivo clinical trials can be completed
during the time frame of the award

e Participated in the Breast Optical Imaging Working Group at MD Anderson Cancer
Center to refine clinical strategies and will be attending this year’s full Baylor College of
Medicine Breast Cancer retreat as an invited speaker on the Era of Hope project to
develop additional breast cancer collaborations to facilitate future clinical work

o First papers on work conducted as a part of this award have been published including
joint work with the MD Anderson Cancer Center collaborators involved in the project
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Reportable Outcomes
Journal Articles (acknowledging DOD Era of Hope Scholar support)
e Sun, J,, Fu, F., Zhu, MQ, Bickford, L., Post, E., and Drezek, R. "Near-Infrared Quantum

Dot Contrast Agents for Fluorescence Tissue Imaging: A Phantom Study." Current
Nanoscience. Submitted. July 2008.

e Bickford, L., Chang, J., Fu, K., Sun, J., Hu, Y., Gobin, A., Yu, TK, and Drezek, R.
“Evaluation of Immunotargeted Gold Nanoshells as Rapid Diagnostic Imaging Agents for
HER2-Overexpressing Breast Cancer Cells: A Time-Based Analysis.”
Nanobiotechnology. Published online (5/13/2008). Print issue in press.

e Bickford, L., Sun, J., Fu, K., Lewinski, N., Nammalvar, V., Chang, J., Drezek, R.
“Enhanced Multi-Spectral Imaging of Live Breast Cancer Cells Using Immunotargeted
Gold Nanoshells and Two-Photon Excitation Microscopy.” Nanotechnology. 19: 315102
(6pp) doi: 10.1088/0957-4484/19/31/315102 (2008).

e Fu, K., Sun, J., Bickford, L., Lin, A., Halas, N., Yu, TK, and Drezek, R. "Measurement of
Immunotargeted Plasmonic Nanopatrticle Cellular Binding: A Key Factor in Optimizing
Diagnostic Efficacy." Nanotechnology. 19: 045103 (2008).

Abstracts

e Sun, J., Fu, F., Zhu, M-Q., Bickford, L., Post, E., and Drezek, R. “PbS Quantum Dots for
Near-infrared Fluorescence Imaging.” OSA 2008 Frontiers in Optics (FiO)/Laser Science
XXIV Conference. Rochester, NY. 2008.

e Drezek, R.  “Nanotechnology-Enabled Optical Molecular Imaging of Cancer.” Department
of Defense Breast Cancer Research Program Era of Hope Conference. Baltimore, MD.
June 2008.

¢ Bickford, L., Chang, J., Fu, K., Sun, J., Hu, Y., Yu, T.K., Drezek R. “Immunotargeted
Nanoshells for Point of Care Diagnostic Applications.” Biomedical Optics. St.
Petersburg, FL. March 2008.

Invited Presentations

e Nanotechnology-Enabled Optical Molecular Imaging of Breast Cancer. Baylor College of
Medicine Breast Center Annual Retreat. 2008.

e Nanotechnology-Enabled Optical Molecular Imaging of Cancer. Department Seminar.
Duke University Fitzpatrick Optics Institute. 2008-2009 seminar series.

¢ Rice/Texas Medical Center Translational Research in Optical Molecular Imaging of Cancer.
Rice University President’s House “Something New for Lunch” Lecture. 2008.

38



¢ Nanotechnology-Enabled Optical Molecular Imaging of Cancer. Department Seminar.
University of Rochester. 2008-2009 seminar series.

¢ Applications of Gold Nanoparticles in Cancer Diagnostics. IEEE LEOS Summer Topical
Conference: Advances in Nanobiophotonics.  Mexico. July 2008.

e Applications of Gold Nanoparticles in Cancer Diagnostics. American Society of
Photobiology Annual Meeting. June 2008.

e Optically Activated Nanoparticles for Imaging and Therapy of Cancer. Department
Seminar. Beckman Laser Institute, University of California at Irvine. March 2008.

¢ Optically Activated Nanoparticles for Imaging and Therapy of Cancer. Department Seminar.
Rutgers Department of Bioengineering. March 2008.

¢ Optically Activated Nanoparticles for Imaging and Therapy of Cancer. Department Seminar.
University of Washington. Nanotechnology Seminar Series. February 2008.

e Optically Activated Nanoparticles for Imaging and Therapy of Cancer. Department
Seminar. MD Anderson Cancer Center Radiology Department. February 2008.

e Hot Topic Nanomedicine Workshop. SPIE Photonics West. San Jose, CA. January
2008.

e Biomedical Applications of Quantum Dots. SPIE Photonics West. San Jose, CA.
January 2008.

¢ Nanotechnology Enabled Optical Imaging of Cancer. The Materials/Biology Interface.
Material Research Society (MRS) Annual Meeting.  Boston, MA. November 2007.

e Needle Compatible Fiber Probe for Optical Imaging of Cancer. Department of
Interventional Radiology. November 2007.

e Nanotechnology Enabled Molecular Targeted Optical Imaging of Cancer. Department
Seminar. University of Texas at Austin. October 2007.

e Nanotechnology Enabled Optical Imaging of Cancer. United States/France Nanomedicine
Symposium. October 2007.
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Conclusion

Over the first twelve months of the award, we have initiated work on all three projects described
in the Statement of Work. All tasks slated for Year 1 have been completed on time or ahead of
schedule. Our work in Year 1 has focused on laying the foundations for the more clinically
directed efforts which will occur in future years. We have designed and constructed our first
prototype imaging system for in vivo imaging of breast cancer with micron resolution, a
technology we believe will offer an important complementary approach to conventional
macroscopic imaging methods. We have begun work on the two new classes of nanomaterials
we will work pursue and continued work on an existing class of gold nanostructures. We have
conducted initial experiments to examine feasibility of a high risk/ high gain strategy for
monitoring radiation therapy.

The breast cancer clinical community has been extremely encouraging of the technologies we
are developing. We have been working closely with closely with breast oncologists,
pathologists, and surgeons at MD Anderson Cancer Center to more carefully define the specific
clinical applications to be pursued. Based on their recommendations and insights gained at this
year’s Era of Hope meeting, we will seek approval over the next year for specific changes to the
Statement of Work which will enable the project to move forward more rapidly towards
translational applications including, if possible, a clinical trial. This will be possible because we
are substantially ahead of schedule in system development. Because | was relatively new to
breast cancer research at the time | submitted the proposal, a number of general ideas were put
forward in the initial proposal regarding how the type of technologies we are developing might
influence breast cancer clinical care. We have now established three specific clinical
applications. This will require approval of changes to our Statement of Work as well as
regulatory approvals of the necessary tissue/clinical protocols. In anticipation of this process,
we have already submitted and gained approval through both the Rice University and MDACC
IRBs for our work.  Our next step will be submitting a modified Statement of Work for approval,
and, if approved, submitting to DOD our regulatory paperwork. If not possible, we will continue
as scheduled with our current SOW. The specific clinical applications of our technologies we
intend to pursue are as follows:

e use of the needle-based fiber optic probe to aid in biopsy site selection and lymph node
assessment (building on Project 1 in current SOW)

e intraoperative tumor margin evaluation of HER2+ patients using immunotargeted gold
nanoparticles (building on imaging agents under development in Project 2 of current SOW)

e monitoring efficacy of radiation treatment of inflammatory breast cancer using a hon-contact
optical imaging system (building on Project 3 goal to monitor radiation therapy)

We are presently continuing our work based on the SOW as now specified but will determine
which direction maodifications may be possible this fall.
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Abstract

Due to their small size and red-shifted excitation and emission bands, lead sulfide (PbS)
near-infrared (NIR) quantum dots (QDs) possess promising enhancements to in vivo
tumor optical imaging applications. In this phantom-based study, we correlated PbS NIR
QD concentrations to feasible imaging depths. A fluorescence imaging system (FIS) was
used to acquire images of QD-filled tumor models, which were embedded in liquid tissue
phantoms. For the lowest tested concentration of 200 nM, PbS-QD-filled tumor models
could be imaged at a tissue phantom depth of 15 mm. In addition, the FIS was used to
compare the imaging potential of PbS QDs to quantum dots that fluoresce in the visible
spectral range. Results indicated that tumor models with photons emitted in the NIR
region can be imaged with less distortion than those with photons emitted in the visible
spectrum. As the phantom thickness over the tumors was increased from 0 to 1.75 mm,
the half-intensity widths of normalized fluorescence images produced by red QDs
(acquired peak at ~645 nm) increased by ~300%; for NIR QDs (acquired peak at ~880
nm), the widths increased by ~140%. Due to the decreased scattering effect of the tissue
phantoms in the NIR spectral range, the margins of PbS QD images were better defined
than those of the corresponding red images.

Key Words: Near-infrared, quantum dot, fluorescence, optical imaging, phantom

Abbreviations
PbS: lead sulfide; NIR: near-infrared; QDs: quantum dots; FIS: fluorescence imaging
system; TEM: transmission electron microscopy; UV: ultraviolet; PBS: phosphate

buffered saline; TBR: tumor-to-background ratio; Em: emission; Ex: excitation



1. Introduction

A “therapeutic window” exists in the spectral region of 700 to 1200 nm which allows
near-infrared (NIR) light to penetrate several centimeters into human tissue [1-4].
Recently, the development of various NIR fluorescence contrast agents has greatly
promoted the application of NIR fluorescence biomedical imaging techniques [4-6].
Among those strategies employing fluorescence contrast agents, the use of lead sulfide
(PbS) NIR quantum dots (QDs) is expected to yield promising results for in vivo imaging
applications. PbS QDs are nanometer-size, core-shell semiconductor structures that
possess a strong emission peak in the NIR region [6-8]. With specific surface-
modification, the water solubility and biocompatibility of PbS QDs can be greatly
enhanced [9]. Since the emission peak of these quantum dots can be easily tuned to the
desired wavelength by tailoring the particle size, PbS QDs can provide great emission
band flexibility for in vivo NIR tissue imaging applications [5-7, 9, 10].

Since the introduction of quantum dots in the late 1970s, numerous reports have been
published that examine the use of these nanoparticles as fluorescence imaging contrast
agents [6, 8, 11-13]. Compared to quantum dots that fluoresce in the visible spectral
range, PbS NIR QDs have their own unique properties for in vivo deep tissue
fluorescence imaging applications [2, 6-8, 14]. As reported in previous publications, for
PbS QDs that have an emission peak at ~1010 nm, the average particle size is ~4 to 5 nm
before surface modification; after surface modification, particles show no significant
increase in size when observed by transmission electron microscopy (TEM) [9].
Therefore, it is believed that the relatively small size of PbS QDs will facilitate body

clearance of these particles during clinical trials [15]. Additionally, the corresponding



excitation spectrum of these QDs spans the range from visible to NIR [7, 9, 10], and the
emission peak of PbS QDs can be systematically tuned in the near-infrared spectral range.
Thus, both the relatively red-shifted emission peak and wide excitation band provide
flexibility in the choice of proper working wavelength regions; this will, in turn, avoid
most of the effects of tissue autofluorescence [16, 17].

A bandpass excitation filter of 671 to 705 nm was selected for the depth-resolved
tissue phantom experiments discussed below. This range avoids the major absorption
peaks of intrinsic auto-fluorophores, and therefore permits improved illumination into the
samples [16-19]. In this experiment, the fluorescence spectrum of the excited PbS QDs
peaks at a wavelength of ~880 nm when acquired with a Maestro imaging system (CRi,
Woburn, MA). Under these conditions, the NIR quantum dot signal can be easily
distinguished from tissue autofluorescence background [16] and images with improved
contrast can then be obtained. Furthermore, in comparison with visible QDs, the
minimum absorption and scattering coefficients of tissue samples in the NIR region allow
photons emitted from PbS QDs to propagate deeper into tissue [1, 2]. Also, images of
PbS-QD-filled tumor models embedded in tissue phantoms exhibit little blurring at tumor
margins due to the reduced scattering effect.

A previous publication has shown the possibility of using bioconjugated PbS QDs as
NIR contrast agents for specifically targeted molecular imaging applications [20]. As a
step towards in vivo tissue fluorescence screening using PbS NIR quantum dots and the
Maestro imaging system, a tissue phantom study was carried out to identify and evaluate
the imaging potentials of these NIR nanocrystals and to acquire a basic understanding of

the contrast agent concentrations required to obtain clear and acceptable images.



Moreover, the imaging advantages of NIR QDs have been assessed against QDs that

fluoresce in the visible spectral range.
2. Methods

2.1. NIR quantum dot fabrication and surface modification

The lead sulfide NIR QDs used in this study were synthesized [7, 9, 10] and surface
modified in accordance with methods presented in previous publications [6, 8, 9]. The
NIR fluorescence peak of these PbS quantum dots can be tailored to the desired imaging
wavelength range and optimized for the imaging system employed [7, 9].

2.2. Tissue phantom and tumor models

Human tissue is a highly turbid media with strong absorption and scattering effects in the
ultraviolet (UV) and visible spectral regions [1, 16, 21]. However, it is within the NIR
wavelength region of 700 to 1200 nm where most biomolecular absorption coefficients
reach their minimum values [1, 2, 5, 16, 22]. To study light propagation and distribution
in human tissue, various phantoms have previously been developed that simulate tissue
optical properties within the visible and NIR spectral regions [21, 23]. In the following
experiments, tissue phantoms composed of 1% Liposyn solutions (Abbot Labs, North
Chicago, IL) were used to mimic the absorption and scattering properties of human breast
tissue [21, 23-25].

Two types of experimental phantom setups were employed. First, different
concentrations of PbS-QD filled cylindrical 20 x 8 mm glass vials were embedded in a
1% Liposyn phantom. By changing the volume of the Liposyn solution, tumors with
different QD concentrations can be imaged at various phantom thicknesses (Figure 1).

This procedure was used to provide insight into the possibility of using PbS QDs for deep



tissue imaging, as well as impart a fundamental understanding of the contrast agent
concentrations required for sufficient tumor image acquisition at various depths.

Second, a phantom-filled transparent container was placed above a 384-well
microplate (Greiner Bio-one North America, Inc.) which has 3.7 x 3.7 mm square wells
that were used to house quantum dot suspensions (see Figure 2). Two adjacent wells were
filled, respectively, with CdSe/CdS red quantum dots and PbS NIR quantum dots of the
same concentration (~1 uM) and same volume (100 puL/well). Using the Maestro imaging
system, fluorescence images of tumor models with both the red QDs (acquired emission
peak at ~645 nm) and the NIR QDs (acquired emission peak at ~880 nm) were analyzed.
This procedure was used to obtain specific data about the blurring effect associated with
using the tumor margin model for each type of QD, which was assessed by varying
phantom thickness (Figure 2).

The second phantom setup was used to simulate relatively small tumor tissue
embedded close to the superficial skin. To simultaneously image visible and NIR QDs,
an excitation band of lower wavelengths was necessary. As a result of using lower
wavelengths, the excitation photons could not penetrate deep into the tissue phantom. In
addition, a strong autofluorescence background was associated with this excitation band.
To minimize the influences of the excitation light, a superficial phantom setup was
needed. Moreover, the 384-well microplate provided well-defined square geometries and
sharp edges, which were necessary for the blurring-effect component of the study.

2.3. Fluorescence image acquisition and processing

A Maestro imaging system equipped with proper filter sets (CRi, Woburn, MA) was used
to acquire all the fluorescence images in this report. The working wavelength ranges of

all the filters used were provided by the Maestro imaging system if not specified. Table 1



summarizes the filter sets that were used in the study. With the advantages of
multispectral acquisition and quantitative data analysis, this system can provide improved
imaging flexibility and sensitivity [26]. Therefore, the fluorescence signals from phantom
autofluorescence, red QDs, and NIR QDs can be effectively separated from the stack of
wavelength-resolved fluorescence images. To further evaluate the dimensions of the
image of each square well of QDs, as described in the previous section (Figure 2), post-

acquisition image processing was performed using MatLab codes.
3. Results

Four cylindrical 20 x 8 mm glass vials were filled with 0.2 uM, 0.4 uM, 1 uM, and 2 uM
PbS quantum dots suspended in phosphate buffered saline (PBS), respectively. For the
condition in which there was no phantom above these vials (see Figure 1), fluorescence
images of all four samples were obtained under the exact same acquisition conditions
using the fluorescence imaging system. The average signal intensity of the acquired
images of each vial of QDs was then extracted using the Maestro image processing
program. To assess the influences of acquisition time and quantum dot concentration on
the average signal intensities, NIR fluorescence images were taken in a series and then
processed. As shown in Figures 3a and 3b, the average QD image intensity increased
linearly as the QD concentration increased. Additionally, the slope also increased linearly
as the acquisition time increased for images obtained with acquisition times of 100 ms,
200 ms, and 300 ms. The imaging results show that these same quantum dot image
intensities can be affected by the particular applied excitation band [9]. Specifically,
Figures 3a and 3b show the differences that result from their excitation bands, since the
same 700 nm longpass emission filter was utilized. An excitation band from 615 to 665
nm was used for Figure 3a, whereas the corresponding excitation band for Figure 3b

ranged from 575 to 605 nm.



To evaluate the PbS QD concentration needed for an acceptable image at different
tissue depths, the thickness of the phantom above each NIR tumor model was
systematically varied (Figure 1). For the visible and near-infrared spectral ranges, the
wavelength-dependent reduced scattering coefficient of the 1% Liposyn tissue phantom,
as shown in Figure 4, was obtained from previous literature [24, 25, 27-29]. The
corresponding absorption coefficient was dominated by water absorption, which varies
from 0.001 to 0.3 cm™ [24, 27, 30]. To demonstrate potential in vivo tissue diagnostic
applications, the imaging process was optimized by using a bandpass excitation filter of
671 to 705 nm (deep-red excitation filter) coupled with a 750 nm longpass emission filter
(deep-red emission filter) to acquire the fluorescence images of PbS-QD-filled tumor
models. The average QD image intensity and quality both decreased with increasing
phantom thickness. To assess image quality, the tumor-to-background ratio (TBR) was
evaluated; similar to that described by Adams et al. [31], TBR is defined as the ratio of
the average tumor region intensity to the average background region intensity. A TBR
threshold value of 1.22 was used to distinguish acceptable images from unacceptable
ones. Clear fluorescence images (TBR>1.22) of both 1 uM and 2 uM quantum dot
suspensions were obtained at a phantom thickness of 25 mm with an acquisition time of
900 ms. However, even with the same imaging conditions, a clear QD image (TBR>1.22)
could only be acquired at a phantom thickness of less than 20 mm for the 0.4 uM
quantum dots. As for the 0.2 uM QD tumor model, reasonable images could not be
obtained when the phantom was thicker than 15 mm. The normalized average QD image
intensities at various concentrations are shown in Figure 5. These normalized average
image intensities were obtained by subtracting the average background region intensities
from the average tumor region intensities. Although the maximum imaging depths for

different concentrations of QDs vary considerably, their normalized average image



intensities have the same decreasing trend when plotted as a function of phantom
thickness (Figure 5).

To compare the imaging properties of visible quantum dots and near-infrared quantum
dots, the second experimental phantom setup (see Figure 2), as described in the methods
section, was employed. The normalized fluorescence spectra of both CdSe/CdS (red) and
PbS (NIR) quantum dots obtained under the same excitation and imaging conditions are
shown in Figure 6. A green bandpass excitation filter of 503 to 555 nm and a 600 nm
longpass filter were used in tandem to simultaneously obtain the fluorescence images of
both types of quantum dots. After spectral unmixing [26], CdSe/CdS (red) and PbS (NIR)
quantum dot images can be isolated from each other as well as from the phantom
autofluorescence. A series of fluorescence images, after the spectral unmixing processing
for both the red and the NIR Qds, is shown in Figure 7. Initially, when there are no
phantoms above the QDs, clear images of the square wells can be acquired, and the
image size of these wells is almost exactly the same for both kinds of QDs. As the
phantom thickness gradually increased, the average intensities decreased for both kinds
of quantum dot fluorescence images, a finding which agrees with previous results.
Notably, the images of the red QDs are larger and less distinct than those of the NIR QDs,
even though they are obtained under the same conditions. To compare the enlarging and
blurring effects of these two different types of QDs as a function of the phantom
thickness, a section line was drawn for each fluorescence square well in Figure 7. This
section line goes directly through the center of every square well image and splits it into
two equal rectangular parts. The normalized fluorescence intensity along the section line
was plotted as a function of pixel position. Based on the data in Figure 8, it can be
observed that when the phantom thickness increased from 0 to 1.75 mm, the half-

intensity widths of the red-QD-filled wells expanded by ~300%, while those of the NIR-



QD-filled wells expanded by only ~140%. Moreover, the margins of the NIR-QD-filled

wells were better defined than the margins of the red-QD-filled wells.

4. Discussion and Conclusions

The phantom results indicate that lead sulfide NIR quantum dots possess essential
properties for fluorescence imaging applications. Increasing either the concentration of
QDs used or the image acquisition time can enhance collected image intensities. When
PbS QDs are directly excited with yellow or red light and imaged with the Maestro
system, clear fluorescence images can be obtained with the lowest tested concentration of
200 nM and the lowest tested acquisition time of 100 ms. In addition to these two factors,
PbS QD fluorescence image intensity is also influenced by the excitation light band used
(Figure 3). Since tissue absorption and scattering effects are heavily wavelength-
dependent [2, 16, 21], an optimized excitation band should be carefully chosen before
PbS QDs are used for NIR tissue imaging applications.

For the results shown in Figure 5, clear NIR images were obtained with the lowest
tested PbS QD concentration of 200 nM at the phantom depth of 15 mm when imaged
with an acquisition time of 900 ms and deep-red excitation and emission filter sets. The
red-shifted excitation band of 671 to 705 nm maximizes the illumination penetration
depth into the tissue phantom, and the 750 nm longpass emission filter eliminates most
phantom autofluorescence. Both factors improved image quality at relatively deep tissue
sites. The optimal excitation and emission wavelengths for PbS QD fluorescence imaging
were determined using a step-by-step approach. First, the emission wavelengths were
selected to be in the NIR region. This region was selected because both tissue absorption
and scattering coefficients are minimal in the NIR. For our imaging system, and with the

use of PbS QD contrast agents, the optimal emission band of 750 to 950 nm was chosen.
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Then the optimal excitation wavelengths were selected based on the aforementioned
emission band. There were three excitation filters available: one with an excitation band
of 575 to 605 nm, a second with 615 to 665 nm, and a third with 671 to 705 nm. The 575
to 605 nm filter was eliminated because it induced a strong autofluorescence background.
Although tissue phantom autofluorescence induced by the 615 to 665 and 671 to 705 nm
filters were similar to each other, the 671 to 705 nm excitation band resulted in less tissue
scattering. The optimal excitation wavelength range of 671 to 705 nm was finally chosen
in conjunction with the optimal emission band of 750 to 950 nm. As shown in Figure 5,
although the QD concentration and the imaging depth vary over a wide region, the
normalized average image intensity for each assessed concentration possesses the same
variable trend with respect to the corresponding increase in tissue phantom depth.

Another advantage of using PbS QDs for tissue imaging applications is their red-
shifted emission wavelengths in the NIR region. As previously reported, tissue absorbs
and scatters NIR light less than UV or visible light [2, 24, 32]. Therefore, most of the
NIR emission photons from PbS QDs will pass through the phantom with only a few
scattering events and be detected by the camera [1, 17, 33]. This reduced scattering effect
will potentially result in an important property of NIR QD imaging: improved margin
delineation.

The ability to obtain better-confined tumor images significantly impacts both cancer
diagnosis and surgery [34-37]. Currently, surgeons excise both the suspected malignant
tumor tissue and the benign tissue surrounding the tumor site to ensure elimination of
cancer cells. Aside from causing the patient pain and suffering, this procedure requires

extensive recovery time [34-37]. However, if the tumor could be imaged with improved
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clarity during surgery, for example, with the potential help of bioconjugated PbS NIR
QDs, the required tissue excision would be greatly reduced, with promising benefits for
both patients and physicians [34-37].

As shown in Figure 7, as the phantom thickness increases, the images of the NIR-QD-
filled square wells demonstrate better-defined margins than those of the red-QD-filled
wells. In addition, the images of the red wells with a 1.75 mm phantom are much larger
than their initial images taken without a phantom, even though both were obtained under
the same imaging conditions. In contrast, the corresponding images of the NIR wells are
similar in size regardless of phantom presence. It is believed that the wavelength-
dependent phantom optical properties may be one of the most important factors that
result in these different red and NIR images.

Although the experimental results shown in Figure 7 are promising, there may be
concerns about the green excitation band (503 to 555 nm) used and the maximum
imaging depth achieved. A green filter is used for excitation only because we wanted to
simultaneously excite both the red and NIR QDs and compare the images obtained under
the same conditions. With the fluorescence imaging system, a red (615 to 665 nm) or
deep-red (671 to 705 nm) excitation band is typically recommended for deep tissue PbS
NIR QD imaging because this band maximizes illumination penetration and,
simultaneously, avoids the excitation of most tissue autofluorescence. The maximum
phantom depth of 1.75 mm was applied in the above experiments because we can obtain
reasonable images from both the red and NIR QDs at that depth.

In conclusion, a phantom study in which PbS QDs are used as contrast agents for

fluorescence imaging applications is reported. The experiments show that lead sulfide
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NIR quantum dots possess enhanced fluorescence imaging properties. When collected
with the deep-red excitation and emission filter set, adequate NIR QD fluorescence
images were obtained with a maximum tissue phantom thickness of 15 mm at a particle
concentration of 200 nM and an acquisition time of 900 ms. Moreover, the greatly
improved tumor margin confinement images obtained from PbS QD contrast agents, as
explained above, are indicative of their promising surgical applications for future in vivo
tumor detection.
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Figure 1 Experimental tissue phantom setup (I)

Figure 2 Experimental tissue phantom setup (II)

Figure 3 Average image intensities of PbS NIR QDs acquired with no phantom and a
700 nm longpass emission (Em) filter (a) Ex (excitation): 615-665 nm (b) Ex: 575-605
nm. (n=3)

Figure 4 Reduced scattering coefficient of 1% Liposyn tissue phantom

Figure 5 Normalized average intensities of different concentrations of PbS NIR QDs
versus phantom thickness (obtained with a bandpass excitation filter of 671 to 705 nm
coupled with a 750 nm longpass emission filter, acquisition time: 900 ms) (n=3)

Figure 6 Normalized fluorescence spectra of CdSe/CdS (red) and PbS (NIR) quantum
dots (obtained with Maestro Imaging System)

Figure 7 Phantom thickness-resolved florescence images of NIR QDs (spectral unmixed,
left column) and red QDs (spectral unmixed, right column)

Figure 8 Normalized fluorescence intensity of red and NIR QDs at various phantom
depths versus pixel position along section line

Table 1 Filter sets used in study
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Figure 3. Average image intensities of PbS NIR QDs acquired with no phantom and a 700 nm

longpass emission (Em) filter (a) Ex (excitation): 615—-665 nm (b) Ex: 575-605 nm. (n=3)
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Figure 7. Phantom thickness-resolved florescence images of NIR QDs (spectral unmixed, left

column), and red QDs (spectral unmixed, right column)
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Table 1 Filter sets used in study

Set 1 Set 2 Set 3
Excitation Filter 575-605 nm 671-705 nm 503-555 nm
615-665 nm
Emission Filter 700 nm longpass 750 nm longpass 600 nm longpass
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Abstract Biomedical nanotechnology offers superior po-
tential for diagnostic imaging of malignancy at the
microscopic level. In addition to current research focused
on dual-imaging and therapeutic applications in vivo, these
novel particles may also prove useful for obtaining
immediate diagnostic results in vitro at the patient bedside.
However, translating the use of nanoparticles for cancer
detection to point-of-care applications requires that con-
ditions be optimized such that minimal time is needed for
diagnostic results to become available. Thus far, no reports
have been published on minimizing the time needed to
achieve acceptable optical contrast of cancer cells incubated
with nanoparticles. In this study, we demonstrate the use of
gold nanoshells targeted to anti-HER2 antibodies that
produce sufficient optical contrast with HER2-overexpress-
ing SK-BR-3 breast cancer cells in only 5 min. This work
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validates the proof of concept that nanoshells targeted to
extracellular biomarkers can be used to enhance cancer
diagnostic imaging for use in point-of-care applications.

Keywords nanoshells - point-of-care diagnostics - optical
imaging - cancer diagnosis

Introduction

Several nanoparticles have been explored for potential
applications in cancer diagnosis, including nanoshells [1—
4], gold colloid [5, 6], quantum dots [7, 8], carbon dots [9],
nanorods [10-12], and nanocrystals [13]. For in vivo
applications, several steps will need to be taken to ensure
the safe delivery of nanoparticles before they can be used in
a clinical setting. However, several opportunities still exist
for in vitro applications in which the cytotoxicity of
nanoparticles is immaterial. Numerous in vitro technologies
that have shown promise for point-of-care diagnostic
testing may allow clinicians to provide user-friendly, cost-
effective, and rapid results at the patient bedside. Currently,
these technologies involve analyzing biological fluids to
detect DNA or protein amplification through the use of
microarrays or biochip devices [14—16]. In addition to
fluid-based modalities, these microscopic advancements
can also be used to analyze larger biological components,
such as excised tumor specimens, for cancer screening and
diagnosis. One particular area of application is the
diagnosis of cancer from biopsy samples. For example,
after a breast biopsy, the specimen is sent to a pathology
laboratory where it is processed and examined microscop-
ically for morphological abnormalities and sometimes
analyzed for the presence of molecular biomarkers of
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disease, such as hormone receptor expression [17]. This
process can take up to several days, during which the
patient must cope with the fear of an unknown diagnosis
and the potential of treatment delay. Mojica et al. [18]
showed that delays between initial breast cancer symptoms
and treatment are associated with lower survival rates.
Consequently, delays in breast cancer diagnosis top the list
of liability claims made against physicians [19].

Another area of opportunity for advancement in point-
of-care microscopic analysis of tumor specimens involves
the assessment of intraoperative tumor margins. During a
lumpectomy, for instance, the surgeon removes the
suspected cancerous lesion with a margin of normal tissue.
Judgment of the width of this margin is largely based on
tactile sensation and visible, macroscopic abnormalities. In
advanced hospital systems, the sample is excised and
immediately subjected to pathologic analysis to ensure the
surgical margins are tumor-free before the procedure is
completed. The need to achieve negative margins is critical
in minimizing cancer recurrence and progression, particu-
larly for patients undergoing breast conservation therapy
[20]. The presence of a positive surgical margin has been
associated with lower rates in patient survival [18]. Due to
residual cancer cells being left in many patients that
undergo breast conservation therapy, as many as 40% of
patients have experienced local breast cancer recurrence
near the site of the original tumor [21]. Positive margins in
a surgical specimen, therefore, necessitate the resection of
additional tissue until the margins do not contain tumor.
Even if the specimens are examined immediately, this
extends the period of anesthesia and hence increases both
the cost and risk to the patient. Furthermore, many county
hospitals must, by necessity, process tissue samples after
the surgery is completed. In that case, the identification of
positive surgical margins requires that the patient undergo
another surgical procedure to excise the remaining tissue,
which further delays the start of adjuvant treatment and
increases the risk of cancer recurrence and subsequent
patient mortality.

With the expansion of nanotechnology-driven research,
opportunities for the use of fast and accurate diagnostic
tests outside of the hospital laboratory are likely to increase.
To realistically use nanoparticles as a point-of-care tool for
the immediate assessment of key cancer gene signatures in
excised tissue samples, the time needed to achieve optical
contrast must be minimized. Thus far, few published reports
have focused on minimizing the time needed to achieve
suitable contrast of cancer cells incubated with nano-
particles. Previous studies demonstrating the effectiveness
of using gold-based nanoparticles targeted to extracellular
cancer biomarkers have involved incubation times ranging
from 30 to 90 min [1, 3, 5, 6, 10—12]. The objective of this
study was to demonstrate the feasibility of using gold

nanoshells targeted to anti-HER2 antibodies to achieve
sufficient optical contrast in a HER2-overexpressing breast
cancer cell line (SK-BR-3) after a series of incubation
times. Overexpression of the HER2 receptor is associated
with greater cancer progression and is seen in approximate-
ly 15-25% of all breast cancer cases [17]. The nanoshells,
made of dielectric silica particles covered with a thin gold
shell, were fabricated to scatter strongly in the near-infrared
spectrum through manipulation of the silica core/gold shell
ratio. We compared the contrast that could be achieved by
incubating the nanoshells with both normal and cancerous
cells. Our results demonstrate that gold nanoshells targeted
to this cell-surface marker can produce enhanced contrast
after only 5 min of incubation. This proof of concept
supports the initial feasibility of using gold nanoshells for
potential point-of-care diagnostic applications.

Materials and Methods
Nanoshell Fabrication

Nanoshells were developed and bioconjugated by using
previously reported procedures [22]. First, silica cores were
prepared with the Stober method [23], in which tetraethyl
orthosilicate (Sigma Aldrich) is reduced in ammonium
hydroxide and pure ethanol. Next, aminopropyltriethoxysi-
lane was used to functionalize the particles by terminating
the silica core surface with amine groups. The silica
particles were then measured by scanning electron micros-
copy (SEM) to obtain the average silica core diameter of
254 nm.

To create the gold shell overlap for the silica cores, gold
colloid of 1-3 nm in diameter was fabricated based on
procedures documented by Duff et al. [24]. The gold
colloid solution was stored at 4 °C for 2 weeks and
subsequently concentrated with a Rotovap. After aging and
concentration, the gold colloid solution was added to the
aforementioned functionalized silica particles, forming
‘seeds’ in which the gold colloid is adsorbed to the amine
groups of the silica cores. To complete nanoshell fabrica-
tion, a cocktail of hydrogen tetrachloroaurate trihydrate
(HAuCly) and potassium carbonate was added to the seeds
along with formaldehyde to catalyze the formation of the
shells. The spectrum of the completed nanoshells was
analyzed with a UV-vis spectrophotometer (Varian Cary
300). The relationship between the extinction spectrum
obtained by UV-vis spectroscopy and that obtained by
application of the Mie scattering theory can be used to
approximate the size of the nanoparticles in solution
(Fig. 1). Subsequently, Mie Theory can be used to derive
the absorption, scattering, and extinction coefficients for
nanoparticles of a specific size, and a standard known
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Fig. 1 Measured spectra of nanoshells (core radius, 127 nm; shell
thickness, 19 nm) as compared with that estimated using the Mie
scattering theory; the insert depicts the corresponding image from
scanning electron microscopy. Scale bar represents 500 nm.

concentration can be acquired for a particular optical
density. In addition to using Mie scattering theory for
multilayer spheres, we also used SEM to confirm the size of
the nanoshells. The nanoshells used in this study had an
average diameter of 292 nm, a peak surface plasmon
resonance at 778 nm and a concentration of approximately
1.6x10” particles/ml.

Nanoshell Surface Modification

To target the prepared nanoparticles to molecular markers
associated with HER2-overexpression, antibodies were first
prepared by methods previously described by Hirsch et al.
[22]. Briefly, anti-HER2 antibodies (C-erbB-2/HER-2/neu
Ab-4, Lab Vision Corporation) were conjugated to the
heterobifunctionalized polyethylene glycol linker orthopyr-
idyl-disulfide-PEG-N-hydroxysuccinimide ester (OPSS-
PEG-NHS, MW=2 kD, CreativeBiochem Laboratories) by
reaction at a molar ratio of 1:3 in sodium bicarbonate
(100 mM, pH 8.5) overnight on ice. Aliquots were stored at
—80 °C. The amidohydroxysuccinimide group (NHS)
enables conjugation of the PEG linker to the antibodies
through amide linkages; the remaining end of the PEG
linker, OPSS, allows binding to the nanoshell gold surfaces
through sulfur groups. The nanoshells (1.6x10° particles/
ml) were incubated with the prepared anti-HER2-PEG
solution (0.4 mg/ml) for 1 h at 4 °C. The newly conjugated
nanoshells were subsequently incubated with a 10 uM
polyethylene glycol-thiol solution (PEG-SH, MW=5 kD,
Nektar) for 2 additional hours at 4 °C, which stabilized the
nanoshells by blocking any unoccupied adsorption sites.
The nanoshells were then centrifuged to remove unbound
antibodies, resuspended in ultrapure water, and stored at
room temperature until use. Before being incubated with
cells, the nanoshell solution was supplemented with bovine
serum albumin and phosphate-buffered saline (PBS) at final
concentrations of 1% each.

Preparation of Cells

Two cell types were analyzed for this study: the HER2-
overexpressing epithelial breast cancer cell line SK-BR-3
and the normal mammary epithelial cell line MCF10A
(American Type Culture Collection). The SK-BR-3 cells
were grown in McCoy’s 5A medium supplemented with 10%
fetal bovine serum and 1% penicillin-streptomycin and
maintained at 37 °C in a 5% CO, atmosphere. The MCF10A
cells were cultured in Mammary Epithelial Basal Medium
(MEBM) supplemented with a BulletKit (Clonetics) and also
maintained at 37 °C in 5% CO,. Both cell lines were grown
in 25-cm? culture flasks until confluent. At that time, cells
were rinsed once with 1x PBS and incubated with trypsin-
ethylenediaminetetraacetic acid for 5 min at 37 °C to detach
the cells from the substrate, after which trypsin was
neutralized with the appropriate medium and the cells were
counted. Approximately 6x 10’ cells were placed in each of
four conical tubes per cell line for each time point under
investigation. The cells were then centrifuged at 115xg for
3 min. For each cell line and each time point of interest,
three cell pellets were resuspended in the bioconjugated
nanoshell solution, and one was resuspended in an equal
amount of PBS as a control. The nanoshell-cell suspensions
and controls were then incubated in a hybridization chamber
(VWR International) at 37 °C and a motor speed of 7 rpm
for 5, 10, 30, or 60 min. After incubation, the suspensions
were centrifuged at 115xg for 3 min, and the unbound
nanoshells were collected with a pipette. Cells were then
rinsed once with 1x PBS, centrifuged, and the unbound
nanoshells were again collected. A small volume (5 ul) of
10% glucose mixed with PBS was added to the remaining
cell pellets to prevent cell death during imaging. Approxi-
mately 7 pl of each pellet was placed on a glass slide and
coverslipped for immediate microscopic analysis.

Darkfield Imaging and Processing

Images of the two cell types incubated with nanoshells were
obtained with a Zeiss Axioskop 2 darkfield microscope
outfitted with a color camera (Zeiss AxioCam MRcS).
Darkfield microscopy depends on light scattering to achieve
contrast. All images were taken under the same lighting
conditions and magnification (%20). Optical intensity was
quantified by using a Matlab code. Based on this code, an
image with a value of 0 was designated pure black and that
with a value of 255 pure white. An increase in intensity,
therefore, corresponded to an image with a higher numer-
ical value. Average intensity values for each time point and
each cell line were calculated from ten independent cell
samples that were devoid of scattering influences from
neighboring cells and unbound nanoshells. Sample normal-
ity was assessed by using Minitab to evaluate the error
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Fig. 2 Darkfield images

of MCF10A and SK-BR-3 cells
incubated with bioconjugated
nanoshells for the indicated
times. Images were obtained

at x20. Scale bar represents
125 um.

MCF10A

SK-BR-3
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Fig. 3 Enlarged darkfield
images of MCF10A and SK-
BR-3 cells incubated with the
bioconjugated nanoshells for the
indicated times. Original images
taken at x20. Scale bar repre-
sents 20 pm.

distribution for all data points. A normal probability plot of
the residuals verified that the samples followed a normal
distribution (data not shown). F tests were also used to
determine the equality of variance before applying two-
tailed paired Student’s 7 tests to evaluate significance.

Derivation of Bound Nanoshell Concentration
using Spectroscopy

According to the Beer—Lambert law, the absorbance of
particles in solution is directly related to the concentration

MCF10A

SK-BR-3

of those particles in that solution. To validate the ability of
spectroscopy to predict the concentration of a solution of
nanoshells of known size, we used linear regression
analysis. Nanoshells of known concentration, based on the
Mie Theory calculations, were serially diluted and, the
corresponding peak absorbance values were measured. We
considered a concentration of approximately 2.0x10°
particles/ml (optical density=2.4) as a 100x concentration.
From this analysis, an equation relating the peak absor-
bance (independent variable) to each known nanoshell
concentration (dependent variable) was used to approxi-
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Fig. 4 Mean quantitative intensity values for samples of MCF10A
and SKBR3 cells incubated with nanoshells for the indicated times.
Differences between cell types incubated without nanoshells were not
statistically significant (P>0.1, n=10). Differences between cell types
incubated with nanoshells were statistically significant at all time
points (P<0.001, n=10). Error bars indicate standard deviations.

mate the number of nanoparticles in subsequent solutions of
unknown concentration. This derivation was necessary to
calculate the approximate number of bound nanoparticles
per cell at the different time points.

To determine and compare the number of nanoshells
bound after 5 min and 60 min of incubation, the collected
unbound nanoshells were centrifuged at 255xg for 20 min,
resuspended in ultrapure water, transferred to cuvettes and
sonicated briefly before being measured with a UV-vis
spectrophotometer. The spectrum was recorded and the
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Fig. 5 Top Spectra of serial dilutions of known nanoshells concen-
trations in suspension. Bottom Linear regression analysis of known
nanoshell concentrations vs. the corresponding peak absorbance
values.

peak absorbance documented for each sample. Based on the
original concentration of nanoshells, the number of cells
used, and the concentration of the collected unbound
nanoshells, the approximate number of nanoshells bound
to each cancer cell was derived. An F' test was also used to
determine the equality of variance before applying a two-
tailed paired Student’s 7 test to evaluate significance.

Results/Discussion

We evaluated the contrast that could be achieved by
incubating nanoshells targeted to HER2 receptors with
normal breast epithelial cells (MCF10A) or breast cancer
cells (SK-BR-3) for four intervals: 5, 10, 30, and 60 min.
All procedures were done with triplicate samples and
included a control condition (cells to which no nanoshells
had been added). Figures 2 and 3 illustrate original and
enlarged images obtained at all four time points for both
cells lines and for cells incubated without nanoshells
(designated as 0 min). Because the optical peak resonance
for the fabricated nanoparticles occurred at 778 nm, the
nanoshells scattered strongly in the near-infrared range and
could be visualized under darkfield illumination as red
particles. Qualitative assessment of the imaging results
revealed that the MCF10A cells showed little enhanced
scattering at any period of incubation with the bioconju-
gate—nanoshell solution compared with both controls or the
cancer cells. However, the SK-BR-3 cancer cells showed
enhanced contrast after as little as 5 min of incubation.
Typically, SK-BR-3 cells express about 8x10° receptors
per cell and normal MCF10A cells about 1x10* [25, 26].
The targeted bioconjugated nanoshells apparently bound to
cell surface receptors on both cell types; however, because
the cancer cells had higher numbers of receptors, the
contrast that could be achieved was considerably greater
with those HER2-overexpressing cells. Other evidence of
the superior contrast achieved with the SK-BR-3 cells was
apparent from the difference in the numbers of unbound
nanoshells between the two cell types. In the images of the
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Fig. 6 Number of nanoshells bound per SK-BR-3 cell after 5 and
60 min of incubation. Values shown are the means of triplicate
measurements. Error bars indicate standard deviations.
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MCFI10A cells, several unbound nanoshells could be seen
between cells despite our attempts at removing unbound
nanoshells by rinsing the cells. Considerably fewer such
nanoshells were present in the SK-BR-3-nanoshell images
(Fig. 2).

To quantitatively assess the increase in contrast between
the normal and cancerous cells at each time point, we used
a Matlab code to evaluate the average intensity of ten cells
from each condition; an intensity value of 0 was considered
pure black and 255 pure white. Statistical analyses
indicated no difference between either cell type incubated
with only PBS (the control condition; P>0.1). However,
differences between the MCF10A cells and the SK-BR-3
cells were significant at all four incubation times (P<0.001;
Fig. 4). An additional analysis of variance showed no
differences in the mean intensity of the SK-BR-3 cells at
any of the four incubation times (P>0.5).

To further compare the differences between contrast that
could be achieved at 5 and 60 min for the SK-BR-3 cells,
we examined the number of bound nanoshells at both time
points. To do so, we first developed a simple UV-vis
spectroscopy method to determine the concentration of
nanoshells in solution. On the basis of dilutions of known
nanoshell concentrations, we used linear regression to
estimate the concentration of nanoshells in a given solution
(Fig. 5). We confirmed the existence of a linear relationship
between absorbance and corresponding concentration of
nanoshells for concentrations ranging from 9.8x107 to
2.0x10° particles/ml. With a goodness-of-fit (R*) value of
0.986, we concluded that the absorbance accurately predicts
the concentration of an unknown suspension of nano-
particles that falls within this range.

We next used this relationship between absorbance and
concentration to measure the absorbance of unbound
nanoshells collected after incubation and cell rinsing and
subsequently resuspended in a volume of water equal to
that of the diluted samples of known concentration.
Knowing the initial number of nanoshells and cells, we
could derive the approximate number of nanoshells bound
to each cell, which we did for the triplicate samples of
nanoshells plus cells after 5 and 60 min of incubation. At
5 min of incubation, 1,593+121 nanoshells were bound per
cell; at 60 min, the range was 1,686+40 nanoshells per cell
(P>0.1, not significant; Fig. 6). Thus, roughly 95% of the
binding noted at 60 min had occurred within the first 5 min
of incubation. Our imaging results suggest that this 5%
difference did not seem to affect contrast.

Conclusions

Our findings support the proof of concept that optical
contrast of HER2-overexpressing breast cancer cells can be

achieved by brief periods of incubating those cells with
nanoshells. Although the ability to detect malignancy by
such means is critical for in vivo applications and for in
vitro applications associated with biological fluids, other
opportunities exist for using such techniques to diagnose
solid tumor specimens in vitro. The time between diagnosis
and treatment could be drastically shortened by the use of
microscopic evaluations of excised tissue samples that
provide rapid and reliable results. We have shown both
qualitatively and quantitatively that nanoshells can be used
to achieve discernible contrast between cancerous and
normal breast cells in 5 min. These results suggest that
gold nanoshells can be designed and optimized to enhance
the scattering signatures of cancer cells at minimal
incubation times necessary for potential applications in
point-of-care cancer diagnostic imaging. Future studies are
underway to extend these findings from the cellular level to
tumor specimen models.
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Abstract

We demonstrate the capability of using immunotargeted gold nanoshells as contrast agents for
in vitro two-photon microscopy. The two-photon luminescence properties of different-sized
gold nanoshells are first validated using near-infrared excitation at 780 nm. The utility of
two-photon microscopy as a tool for imaging live HER2-overexpressing breast cancer cells
labeled with anti-HER2-conjugated nanoshells is then explored and imaging results are
compared to normal breast cells. Five different imaging channels are simultaneously examined
within the emission wavelength range of 451-644 nm. Our results indicate that under
near-infrared excitation, superior contrast of SK-BR-3 cancer cells labeled with
immunotargeted nanoshells occurs at an emission wavelength ranging from 590 to 644 nm.
Luminescence from labeled normal breast cells and autofluorescence from unlabeled cancer and

normal cells remain imperceptible under the same conditions.

(Some figures in this article are in colour only in the electronic version)

1. Introduction

Accurate cancer diagnosis through its multi-stage progression
is critical for developing effective and selective cancer
treatments. In order to provide clinicians with functional
diagnostic results, knowledge of the molecular signatures of
carcinogenesis is necessary. Due to their overexpression
during the development of cancer, several biomarkers have
been identified as a biological means of characterizing these
signatures [1].  Although the acquisition of molecular-
specific data is typically associated with gene arrays and
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name.

4 Address for correspondence:  Department of Bioengineering, Rice
University, 6100 Main Street, MS-142, Houston, TX 77005, USA.

0957-4484/08/315102+06$30.00

proteomics [2], there is an opportunity to use such biomarkers
as tools for both in vitro and in vivo diagnostic evaluations of
tissue specimens, such as during surgery, in order to identify
malignant cells among heterogeneous tissue.

Silica-based gold nanoshells, which are advantageous for
several biological applications due to their unique optical
tunability and potential as multi-modal agents, have previously
demonstrated enhanced diagnostic imaging potential of
carcinogenesis at the microscopic scale through the use of
extracellular biomarkers [3-6]. By manipulation of the size
of their silica cores and gold outer shells, nanoshells can be
optically tuned to absorb or scatter light from wavelengths
ranging from the visible to the near-infrared, allowing for
both imaging and therapy applications [7]. Achieving optimal
contrast of gold nanoshells for biological diagnostics includes

© 2008 IOP Publishing Ltd  Printed in the UK
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a combination of developing nanoshells that are tuned to scatter
or absorb light in the near-infrared (NIR), where biological
chromophores absorb minimal light, and the use of NIR-based
imaging systems.

Although several optical devices have been used to
validate applications of gold nanoshells as viable contrast
agents [3-15], none have focused on evaluating the
effectiveness of using immunotargeted nanoshells as contrast
agents for cell surface biomarkers using nonlinear excitation
microscopy. Nonlinear optics has been used extensively
for analyzing fluorescent signals in animal models and
tissue samples [16-20]. By using a femtosecond pulsed
laser, two photons can be used simultaneously to excite
tissue molecules similar to the excitation generated by
a single photon, but with twice the energy. Only the
molecules at the focus of the femtosecond laser will be
excited, resulting in greater resolution than that achievable
with single-photon systems, such as conventional confocal
microscopy.  Additionally, unlike conventional confocal
microscopy, a pinhole is not required to reject out-of-focus
light and the inherent excitation at only the focal plane
means that biological tissue undergoes less photodamage [20].
Although multi-photon microscopy has frequently been used
for enhancing fluorescent signals [16, 20], studies have
demonstrated that metal particles display photoluminescence
as a result of excitation by such multi-photon systems [21, 22].
This photoluminescence is induced by a significant field
enhancement that occurs upon multi-photon excitation of the
metallic molecules [21]. Thus far in the literature, metallic
nanoparticles analyzed for two-photon imaging potential have
included gold colloid spheres [23, 24], gold nanorods [25-29],
and gold nanoshells [14]. A recent publication on the
use of two-photon microscopy for evaluating nanoshell
contrast focused on potential dual imaging and therapy
applications where unlabeled nanoshells were delivered to
murine tumors through extravasations due to the presence of
leaky vasculature [14]. However, since nanoshell dimensions
are fundamentally variable [7], it is important to further
elucidate and confirm the two-photon properties of these highly
tunable nanoparticles despite differences in size. Furthermore,
since cancer undergoes a multi-stage progression, the ability
to track molecular signatures through the overexpression of
biomarkers is crucial in obtaining functional and accurate
diagnostic results. Therefore, the goal of our study was
to demonstrate the nonlinear properties of very different-
sized nanoshells and validate the proof of concept that
immunotargeted nanoshells can be used to enhance the
contrast of malignant human cells in vitro through nonlinear
excitation prior to our evaluation of this system in excised
tissue specimens.  Additionally, through the use of two-
photon excitation and multi-spectral imaging, the simultaneous
acquisition of images at different emission wavelengths was
obtained to ascertain the optimal imaging parameters for this
system.

We demonstrate the two-photon luminescence properties
of two different sizes of gold nanoshell designed with a
similar plasmon resonance in the near-infrared. \We evaluate
the enhanced contrast by comparing HER2-overexpressing
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Figure 1. Schematic of Zeiss LSM 510 META multi-photon system
configuration.

breast cancer cells to normal breast cells with and without
targeted anti-HER2-bioconjugated gold nanoshells at five
different emission wavelength ranges: 451-483, 483-515,
515-547, 558-579, and 590-644 nm. By evaluating imaging
results under different ranges, we explore the broad emission
properties of silica-based gold nanoshells under two-photon
induced luminescence. The anti-HER2 antibody was selected
as a model for surface tumor targeting due to the association
of HER2-overexpression with more aggressive breast cancers
seen in 15-25% of all breast cancer cases [30]. Additionally,
studies in our laboratory have previously demonstrated
the effectiveness of using immunotargeted nanoshells as
diagnostic imaging agents for HER2-overexpressing cancer
cells [3, 5, 6, 13]. We show that for immunotargeted nanoshells
with a silica core diameter of 254 nm and a gold shell
thickness of 19 nm imaged with our specific system, the
optimal emission wavelength for observing enhanced contrast
of HER2-overexpressing breast cancer cells occurs between
590 and 644 nm at 10% of maximum excitation power. Under
similar conditions, normal breast cells are not detectable.

2. Method

2.1. Multi-photon imaging system

A Zeiss laser scanning microscope (LSM) 510 META multi-
photon system was used in conjunction with a Coherent
Chameleon femtosecond mode-locked Ti:sapphire laser to
collect two-photon data (figure 1). The wavelength of the
polarized output laser beam was tunable between 720 and
950 nm with pulse width of 140 fs at a repetition rate of
90 MHz. A short-pass dichroic mirror (KP700/488, Zeiss)
was used to reflect the incident NIR excitation light onto the
sample through a 20x or 63x objective and to collect the two-
photon-induced luminescence data. To further eliminate the
background signal of the excitation light, a wave plate and
an IR-blocking filter (BG39, Zeiss) were placed in front of
the META detector. The Zeiss LSM META system allowed
simultaneous multi-spectral imaging and recording of up to
eight emission channels. The maximum output power of
the Chameleon femtosecond laser was around 1640 mW for
excitation at 780 nm. Based on data from the manufacturer,
less than 10% of this power was incident on the sample. The
excitation wavelength of 780 nm was chosen as it was within
10 nm of the extinction peak for both nanoshell sizes.
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2.2. Nanoshell fabrication

Nanoshells were developed as described in previous publica-
tions [3-5]. First, the Stéber method was used to create silica
cores by reducing tetraethyl orthosilicate (Sigma Aldrich) in
ammonium hydroxide and pure ethanol [31]. Aminopropy-
Itriethoxysilane (APTES) was then added in order to termi-
nate the silica core surfaces with amine groups, which formed
functionalized particles. The two different-sized groups of sil-
ica particles were measured by scanning electron microscopy
(SEM) to obtain the average silica core diameters of 130 and
254 nm. The gold shell overlay on the silica cores was also
created using previously described methods [3-5]. First, us-
ing procedures outlined by Duff et al [32], gold colloid of 1-
3 nm in diameter was developed and then aged under refrig-
eration for two weeks. The colloid was then concentrated us-
ing a Rotovap and added to the functionalized silica particles
mentioned above. By interacting with the functionalized amine
group surfaces of the silica particles, the gold colloid was ad-
sorbed, forming surfaces with partial gold coverage. Addi-
tion of more gold completed the formation of the shell through
catalysis of formaldehyde with hydrogen tetrachloroaurate tri-
hydrate (HAuCl;3H,0) and potassium carbonate. Two groups
of nanoshells were fabricated and both were spectrally ana-
lyzed using a Varian Cary 300 UV-vis spectrophotometer (fig-
ure 2). The final sizes of the nanoshells were determined using
SEM imaging (figure 2, inset) and confirmed using Mie theory
simulation for multi-layer spheres. The smaller nanoshells had
an average gold shell thickness of 21 nm. The larger nanoshells
had an average shell thickness of 19 nm. The nanoshells were
stored in deionized water at 4 °C until further use.

2.3. Nanoshell surface modification and bioconjugation

For live cell imaging, the larger nanoshells were used and tar-
geted to HER2-overexpressing cells through conjugations with
anti-HER2 antibodies. In order to prepare the immunotar-
geted nanoshells, a heterobifunctionalized polyethylene gly-
col linker (orthopyridyl-disulfide-PEG-N-hydroxysuccinimide
ester, OPSS-PEG-NHS, MW = 2 kD, CreativeBiochem Lab-
oratories) was first conjugated to anti-HER2 antibodies (C-
erbB-2/HER-2/neu Ab-4, Lab Vision Corporation) through
amide linkages that joined the amidohydroxysuccinimide
group (NHS) of the PEG linker to the antibodies. This re-
action proceeded at a 3:1 molar ratio in sodium bicarbonate
(100 mM, pH 8.5) on ice overnight. Aliquots of the ‘PE-
Gylated” antibodies, at a concentration of 0.4 mg ml~*, were
stored at —80°C until use. Conjugation of the nanoshells to
the PEGylated antibodies was then carried out through sulfur
linkages between the gold nanoshell surfaces and the remain-
ing OPSS group of the heterobifunctional PEG linker. This
was performed by incubating the nanoshells, at a concentra-
tion of 1.6 x 10° particles ml~%, with the PEGylated antibod-
ies for 1 h under refrigeration (4°C). In order to block va-
cant adsorption sites, the nanoshells were further incubated
with a 10 uM polyethylene glycol-thiol cocktail (PEG-SH,
MW = 5kD, Nektar) for two additional hours under refrigera-
tion. Unbound antibodies were then removed by centrifugation
and the immunotargeted nanoshells were then resuspended in
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Figure 2. Measured extinction spectra of nanoshells. (a) Nanoshells
of average core diameter 130 nm and average shell thickness of

21 nm. (b) Nanoshells of average core diameter 254 nm and average
shell thickness of 19 nm. The insets depict corresponding images
from scanning electron microscopy. Scale bars represent 450 nm.

deionized water. Prior to incubation with cells, the immunotar-
geted nanoshell solution was further modified by the addition
of bovine serum albumin (BSA) and phosphate-buffered saline
(PBS) to a final concentration of 1% each.

2.4. Cell preparation

SK-BR-3 cells (American Type Culture Collection, ATCC)
were grown at 37°C in a 5% CO, atmosphere using McCoy’s
5A growth medium supplemented with 1% antibiotics and 10%
fetal bovine serum (FBS). MCF10A cells (ATCC) were also
grown at 37°C in a 5% CO, atmosphere using Mammary
Epithelial Basal Medium (MEBM) supplemented with a
BulletKit (Clonetics) and 1% antibiotics. Both cell lines were
grown in 25 cm? culture flasks until confluent, rinsed once
with 1 x PBS, and incubated with trypsin-EDTA for 5 min
at 37°Cin a 5% CO, atmosphere. The trypsin-EDTA was then
neutralized with the appropriate culture medium and the cells
were subsequently counted using a hemacytometer. For each
cell line, an estimated 6 x 10° cells were placed in each of
two 15 ml conical tubes and then centrifuged at 115 x g for
3 min. One cell pellet was resuspended in the immunotargeted
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Figure 3. Quadratic dependence of luminescence intensity on
excitation power at 780 nm for two different-sized nanoshells.
Nanoshells of core diameter of 130 nm and shell thickness of 21 nm
are designated as NS172. Nanoshells of core diameter of 254 nm and
shell thickness of 19 nm are designated as NS292. Data were
recorded with a 20x objective.

nanoshell solution and the other pellet was resuspended in an
equal volume of 1 x PBS. The cells were then incubated at
37°C in a hybridization chamber (VWR International) and
rotated under a motor speed of 7 rpm for 10 min. Post
incubation, the cells were centrifuged at 115 x g for 3 min, the
supernatant was removed, and the cells were rinsed once with
1 x PBS. Following rinsing, the cells were resuspended in 10%
glucose in 1 x PBS in order to maintain cell viability during
imaging. The cell suspensions were then placed on chambered
coverglasses (Fisher Scientific) prior to two-photon imaging.

3. Results and discussion

By manipulation of the core-to-shell ratio, nanoshells can be
designed to strongly absorb or scatter light upon near-infrared
excitation. In order to validate the two-photon characteristics
of silica-based gold nanoshells, we designed two different sizes
of nanoshell with a similar peak surface plasmon resonance
in the near-infrared. After fabrication of two different-sized
silica cores, their average diameters were confirmed through
scanning electron microscopy (SEM) as 130 and 254 nm. Once
the gold shell was added, the nanoshells were measured by
SEM and their optical properties were assessed by UV-vis
spectroscopy. The smaller nanoshells had an average diameter
of 172 nm and a peak surface plasmon resonance at 772 nm; for
the larger nanoshells, the average diameter was 292 nm, with
a peak surface plasmon resonance occurring at 778 nm (both
shown in figure 2). The two-photon luminescence properties of
the gold nanoshells were then observed using a Zeiss LSM 510
META multi-photon system with the configuration shown in
figure 1. The two-photon properties were verified by evaluating
the dependence of increasing logarithmic emission intensity
on increasing logarithmic excitation power. Aliquots of both
sizes of bare nanoshell suspended in deionized water were well
dispersed with sonication and separately placed on chambered
coverglasses (Fisher Scientific). Data were recorded at an
excitation wavelength of 780 nm, which corresponded to the
peak plasmon resonance of the nanoshells for both sample

sizes. The excitation power was varied from 2% to 15% of
the maximum laser power with a detection spectral band of
494-634 nm. By using the image processing software inherent
in the LSM 510 META system, the average intensities of
the nanoshell suspensions were obtained. The dependence of
luminescence intensity on excitation power at 780 nm for both
smaller- and larger-sized nanoshells was determined (figure 3).
The slopes of the fitted linear curves are estimated as 2.02
and 2.18 for the smaller and larger nanoshells, respectively,
in accordance with the characteristic two-photon-induced
quadratic dependence of emission intensity on excitation
power [14, 16, 20]. Specifically, Wang et al demonstrated that
the dependence of luminescence intensity on excitation power
for gold nanorods ranged from 1.97 to 2.17 [27]. This disparity
was attributed to possible nanoparticle melting after increasing
the power on the nanorod sample and, subsequently, decreasing
the power on the same sample. However, in our study, since a
difference in quadratic dependence exists for two sizes of gold
nanoshell treated under the same conditions, we believe that
the nanoshells may actually undergo photophysics which are
not yet fully elucidated.

In order to demonstrate the enhanced two-photon optical
signatures of breast cancer cells labeled with immunotargeted
nanoshells, the HER2-overexpressing epithelial breast cancer
cell line, SK-BR-3, was analyzed and compared to the
normal breast epithelial cell line, MCF10A, which does not
overexpress HER2. For this component of the study, the
cells were incubated with the larger nanoshells which were
conjugated to anti-HER2 antibodies. Images were taken of
the SK-BR-3 cancer cells under three conditions: labeled
with nanoshells at 10% of maximum laser power, unlabeled
at 10% of maximum laser power, and unlabeled at 100%
of maximum laser power. An excitation wavelength of
780 nm was used for all images and five different emission
wavelength ranges were analyzed: 451-483, 483-515, 515—
547, 558-579, and 590-644 nm. Additionally, images were
taken of the MCF10A normal cells under the same labeling
and imaging conditions. As shown in figure 4(a), bright
two-photon luminescence signals from nanoshells targeted
to cell surface receptors provided clear visualization of the
SK-BR-3 cancer cells under only 10% of maximum laser
power. However, under the same power, unlabeled cancer
cells were not perceivable (data not shown due to lack of
detectable signal). By increasing the laser power to 100%,
the spectral-resolved two-photon-induced autofluorescence is
evident at emission wavelengths ranging from 451 to 547 nm
(figure 4(b)). However, this autofluorescence, which is only
visible at the maximized power, cannot be discerned beyond
an emission wavelength of 547 nm. With regard to the normal
MCF10A cells labeled with immunotargeted nanoshells under
10% of maximum laser power, clear visualization of the
cells is not possible and only a few targeted cell surface
receptors can be distinguished (figure 4(c)). Due to the
differences in HER2 cell surface receptor expression, which is
approximately 8 x 10° receptors per SK-BR-3 cancer cell [33]
and about 1 x 10* receptors per normal MCF10A cell [34],
the contrast was dramatically increased in the cancer cells
due to the overexpression of HER2. Similar to the unlabeled
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Figure 4. Two-photon images (pseudo color) of live SK-BR-3 cancer cells and MCF10A normal cells in suspension taken at different
emission wavelengths. (a) Cancer cells labeled with larger nanoshells at 10% of maximum excitation power. (b) Unlabeled cancer cells at
100% of maximum excitation power. (c) Normal cells labeled with larger nanoshells at 10% of maximum excitation power. (d) Unlabeled
normal cells at 100% of maximum excitation power. Images taken at 63x. The scale bar represents 20 pm.

SK-BR-3 cancer cells, unlabeled MCF10A cells imaged at
10% of maximum laser power were not detectable (data not
shown due to lack of detectable signal). Furthermore, images
collected at 100% of maximum laser power demonstrated
that the MCF10A cells exhibited low levels of two-photon-
induced autofluorescence (figure 4(d)). Wang et al [27] and
Durr et al [29] have previously shown two-photon imaging
results using gold nanorods. However, the images collected
were taken over a single emission wavelength range from
400 nm to approximately 700 nm. Based on spectral-resolved
image acquisition, however, the unique widely spanning
luminescence properties of gold nanoshells demonstrate great
flexibility in selecting the emission wavelengths necessary
to minimize the influence of background autofluorescence.
Photobleaching was also not observed under the two-photon-
induced nanoshell luminescence. Based on a comparison
of live cell bright-field images observed before and after
laser exposure, morphological changes were not detected
as a result of the aforementioned laser conditions and,
in particular, all cell membranes remained visible and
intact.

4. Conclusion

Two-photon microscopy is a powerful tool for diagnostic
research applications.  With advancements in gold-based
contrast agent development and flexibility in two-photon
excitation wavelength selection readily achieved through
tunable laser sources, the potential to use multi-photon imaging
for assessment of molecular signatures of malignancy is
substantial. In this study, we demonstrate the first use of
immunotargeted gold nanoshells as in vitro contrast agents
for biomarkers of disease using two-photon microscopy. We
additionally confirm broad luminescence from gold nanoshells
using multi-spectral images to visualize the optical contrast
provided by anti-HER2-nanoshells targeted to live HER2-
overexpressing breast cancer cells. Our study identifies
an additional application of immunotargeted nanoshells and
suggests their potential future use as multi-functional probes
for molecular imaging.
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Abstract

In this study, we use polarized light scattering to study immunotargeted plasmonic nanoparticles
which bind to live SK-BR-3 human breast carcinoma cells. Gold nanoparticles can be
conjugated to various biomoleculesin order to target specific molecular signatures of disease.
This specific targeting provides enhanced contrast in scattering-based optical imaging
techniques. While there are papers which report the number of antibodies that bind per
nanoparticle, there are almost no reports of the key factor which influences diagnostic or
therapeutic efficacy using nanoparticles: the number of targeted nanoparticles that bind per cell.
To achieve this goal, we have developed a ‘ negative’ method of determining the binding
concentration of those antibody/nanoparticle bioconjugates which are targeted specifically to
breast cancer cells. Unlike previously reported methods, we collected unbound nanoparticle
bioconjugates and measured the light scattering from dilute solutions of these particles so that
guantitative binding information can be obtained. By following this process, the interaction
effects of adjacent bound nanoparticles on the cell membrane can be avoided simply by
measuring the light scattering from the unbound nanoparticles. Specifically, using nanoshells of
two different sizes, we compared the binding concentrations of anti-HER2/nanoshell and
anti-1gG/nanoshell bioconjugates targeted to HER2-positive SK-BR-3 breast cancer cells. The
results indicate that, for anti-HER2/nanoshell bioconjugates, there are approximately 800-1600
nanoshells bound per cell; for anti-1gG/nanoshell bioconjugates, the binding concentration is
significantly lower at nearly 100 nanoshells bound per cell. These results are also supported by
dark-field microscopy images of the cells labeled with anti-HER2/nanoshell and
anti-1gG/nanoshell bioconjugates.

1. Introduction optical contrast agents are playing an increasingly significant
role in these scattering-based techniques by enabling
enhanced molecular-specific optical signals. In particular,
gold nanoparticles are attractive for potentia in vivo
4 Author to whom any correspondence should be addressed. applications due to gold’'s inherent biocompatibility and

Scattering-based optical imaging techniques offer a new
approach to noninvasive cancer diagnosis [1-3]. Targeted
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because the gold surface can be readily modified with
various molecules. Numerous gold nanomaterials have been
investigated as possible optical contrast agents, including
colloidal gold nanoparticles [4—6], gold nanoshells [7-11],
gold nanorods [12—14] and gold nanocages [15]. As an optical
contrast agent for cancer imaging applications, gold nanoshells
have shown considerable potential. This potential arises due
to the optical tunability of nanoshells from the visible light
spectrum through the near-infrared (NIR) region [16].
Previous studies have shown that colloidal gold nanoparti-
cles which have been conjugated with anti-EGFR monoclonal
antibodies provide enhanced signals in labeled human cervical
tumor cancer (SiHa) cells, as shown in confocal reflectance im-
ages [4, 5]. Similar results, when using dark-field microscopy,
have also been seen in anti-EGFR/gold nanoparticles' |abeled
HSC ora cancer cells [6]. Proof-of-concept studies show that
gold nanoshells conjugated with anti-HER2 antibodies pro-
vide enhanced signals, specifically in labeled HER2-positive
human breast cancer SK-BR-3 cells. These have been ob-
served in reflectance confocal and dark-field microscopy im-
ages [8, 9]. Given the diagnostic potentia of various nanopar-
ticles and their in vivo applications, the ability to quantify
nanoparticle bioconjugates that can be targeted to cancer cells
is significant and critical for improved diagnostic and thera-
peutic results. Despite this potential, however, the key factor
which influences diagnostic or therapeutic efficacy is not even
reported: the number of targeted nanoparticles that bind per
cell. Thusfar intheliterature, only Sokolov et al have reported
~5 x 10* nanoparticle bioconjugates bound per cell for hu-
man cervical tumor (SiHa) cells labeled with anti-EGFR mon-
oclonal antibodies—conjugated colloidal gold nanoparticles[4].
The method they used to acquire the binding number requires
centrifugation of the mixture of |abeled cells and nanoparticles,
so that those nanoparticles which did not bind to the cell sur-
faces are separated out. This method may be limited by the
size of the nanoparticles and the material from which they are
made, i.e. it may not be effective to separate cells and nanopar-
ticlesof al varieties by centrifugation. Other people attempted
to study the binding efficiency by using the direct measure-
ment of optical signals from nanoparticles which were bound
to cells. The limitation of this method is that multiple scat-
tering can occur when nanoparticles are in close proximity to
each other on the cell membrane. Due to the nonlinear effect
introduced by this multiple scattering, the nanoparticle bind-
ing information cannot be accurately assessed. Additionally,
measuring the optical signals of nanoparticles which bind to
cells does not provide the quantitative information of the bind-
ing numbers. It isalso difficult to directly count the number of
particles that bind to cells. To achieve the binding information
effectively and accurately, we have developed a novel method
to semi-quantitatively characterize the binding concentration
of gold nanoparticle bioconjugate-labeled HER2-positive SK-
BR-3 breast cancer cells using polarized angular-dependent
light scattering. We have called this method ‘ negative’ quan-
tification because wefirst obtain concentration information and
light scattering spectra from nanoparticles that were originally
added to the cells for incubation. We then collect unbound
nanoparticles after the incubation period with the cells, and

measure the light scattering of these unbound nanoparticles.
According to Mie theory, when a single-scattering criterion
is satisfied, the intensity of scattered light is linearly propor-
tional to the particle concentration [17, 18]. Under laboratory
conditions, a simple way to demonstrate that single-scattering
events predominate in a scattering media is to dilute the con-
centration of particles in the sample by a chosen factor and
observe whether the scattered light intensities at all scatter-
ing angles also drop by this same factor. If thisis true, sin-
gle scattering predominates in this sample. Therefore, under
single-scattering conditions, by comparing the light scattering
spectra of the original and the unbound nanoparticles, the con-
centration of the unbound nanoparticles can effectively be ob-
tained. Combined with cell counting data, the average number
of nanoparticles bound per cell can be derived. By following
this procedure, cells labeled with immunotargeted nanoparti-
cles can be effectively separated from unbound nanoparticles,
as will be discussed later in this paper. Furthermore, multiple
light scattering, which may influence the accuracy in deriving
the concentration of nanoparticles, can aso be avoided sim-
ply by measuring light scattering from a diluted suspension of
unbound nanoparticles.

2. Method

2.1. Gold-silica nanoshell fabrication

Detailed description of the fabrication of gold—silicananoshells
can be found in [19]. Generaly, spherical SIO, nanoparti-
cles are synthesized using the Stober method [20] and func-
tionalized by immersing and boiling the SiO, nanoparticles
with aminopropy!-triethoxysilane (APTES). Gold colloid is
prepared as reported by Duff et al [21]. The functionalized
silica cores are then seeded with concentrated gold colloid,
which adsorbs onto the amine groups on the silica surface, to
facilitate the growth of the gold shell. Next, nanoshells are
grown by mixing a stock solution of HAUCI, with the seed
particles under formaldehyde catalysis. During this process,
gold isreduced onto the adsorbed gold colloid on the seed par-
ticle and will eventually form a continuous shell over the SIO,
core. The growth of nanoshells is monitored using a UV-vis
spectrophotometer (Varian Cary 300) and also by comparing
the measured extinction spectrawith the calculations from Mie
theory; the particle size is further confirmed by using a scan-
ning electron microscope (SEM). Mie theory is used to deter-
mine the absorption, as well as scattering and extinction co-
efficients, of nanoshells with a specific core radius and shell
thickness. The concentration of the nanoshells can then be
determined by relating the calculated extinction coefficient to
the measured extinction from the spectrophotometer. Figure 1
shows the SEM images and the measured extinction spectra of
nanoshells used in this study. In this paper, we refer to the size
of agold nanoshell by the notation R r1/r, nm, wherer; isthe
core radius in nanometers (nm) and r» is the overal particle
radius in nanometers (nm). Then (r, — ry) is the thickness of
the gold shell. Two different sized nanoshells are used in this
study. According to Mie theory calculations and SEM images,
the smaller nanoshell isr; = 86+7nmandr, = 111+ 10 nm,
whichisshown as R86 + 7/111 + 10 nm; while the larger one
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Figure 1. Measured extinction spectra of gold nanoshells. SEM
images of the gold nanoshell are taken at 50000x and the scale bar
is500 nm. (a) Nanoshells R86 + 7/111 + 10 nm. (b) Nanoshells
R134 4+ 6/157 £ 7 nm.

isr; = 134+ 6 nmandr, = 157 & 7 nm, which is displayed
as R134 + 6/157 = 7 nm.

2.2. Preparation of OPSS-PEG-antibodies

Anti-HER2 (Labvision) or anti-lgG (Sigma) antibodies were
tethered to nanoshell surfaces using bifunctional PEG
linkers.  Orthopyridy! disulfide-PEG-n-hydroxysuccinimide
(MW 2000, OPSS-PEG-NHS, Shearwater Polymers, Nektar)
was allowed to react with each antibody at 1:1 molar ratio in
100 mM sodium bicarbonate (pH 8.5) for 4-8 h, or overnight,
on ice. The product was then dialyzed in 100 mM sodium
bicarbonate for 2 h using a dialysis cassette with a molecular
weight cutoff of 5000, to remove excess reagent. The product
was then stored in frozen working aliquots at —20°C [22, 23].

2.3. Nanoshell bioconjugation

The anti-HER2 (anti-1gG)/nanoshell conjugates were obtained
by reacting the OPSS-PEG-antibodies with the nanoshells
for 1 h a 4°C. Additional nonspecific adsorption sites on

\ Pinhole /\@

Linear polarizer
Detector

Figure 2. Schematic of experimental set-up of the goniometer for the
angular-dependent light scattering study. The light from a633 nm
He-Nelaser isincident through the first polarizer onto a cylindrical
cuvette containing the samples; the scattered light is then collected
by a silicon detector rotating around the cuvette through the second
polarizer.

the nanoshell surfaces were then blocked by reacting with
PEG-SH (MW 5000) for an additional hour. The nanoshell
bioconjugates were subsequently centrifuged so that excess
reagent was removed. The nanoshell bioconjugates were then
resuspended in phosphate buffered saline (PBS) to prepare
for cell targeting. Concentration of nanoshell bioconjugates
was determined to be ~1-1.5 x 10° particles ml—2, with peak
optical density of the extinction spectraat around 2, depending
on the size of the particle.

2.4. Cell culture and incubation with anti-HER2
(anti-lgG)/gold nanoshell bioconjugates of SK-BR-3 breast
cancer cells

HER2-positive human breast epithelial carcinoma SK-BR-3
cells (ATCC) were cultured in McCoy 5A growth medium
containing 10% fetal bovine serum (FBS) and 1% antibiotics at
37°Cand 5% CO,. Thecellsweregrownin 25 cm? cell culture
flasks to a concentration of ~5-8 x 10* cells cm™2. Following
three washes with PBS, anti-HER2 (anti-IgG)/nanoshell
bioconjugates suspended in PBS were added to the cell culture
flask together with 1% Bovine Serum Albumin (BSA) as a
blocker to eliminate nonspecific interactions. The cells were
then incubated with the nanoshell bioconjugates for one hour.
After incubation, additional unbound nanoshell conjugates
were collected using a pipette. The cells were then rinsed
with PBS three times to ensure that all the unbound nanoshells
were removed and collected. The rinsing PBS and unbound
nanoshells were collected for light scattering measurements.
Finally, the labeled cells were removed from the cell culture
flask using trypsin-EDTA and resuspended in McCoy 5A
growth medium for dark-field imaging and cell counting.

2.5. Polarized angular-dependent light scattering
measurement

A schematic of the experimental set-up for the light scattering
study is shown in figure 2, and details about it can be
found in our previous publication [24]. The polarized
angular-dependent light scattering spectra of gold nanoshell
bioconjugates were studied using an automated goniometer.
Light scattering has been shown to be sensitive to both the
size and concentration of small particles. Furthermore, it
has been proven that light scattering from surface-modified
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Figure 3. Scattered light intensity at different scattering angles
showing a linear relationship between the light scattering signal and
the concentration for nanoshell R86 + 7/111 4+ 10 nm. Error bars
represent the standard deviation of three separate measurements.

nanoparticles can also be predicted by Mie theory [24-26].
Therefore, the concentration of gold nanoshell bioconjugates
can be reliably derived from the light scattering phase
function that we measured. We additionally conclude,
for the aforementioned reasons, that the goniometer has
effectively facilitated our semi-quantitative study and can thus
be considered a promising tool with which to characterize the
binding concentration of gold nanoshell bioconjugates to SK-
BR-3cdlls.

3. Results and discussion

To accomplish our goal of characterizing the number of
nanoshells bound on each cancer cell, nanoshell bioconjugates
with different concentrations were first prepared, and light
scattering from these initial samples was compared. The light
scattering study showed a significant linear relationship with
the concentration for these samples, as shown in figure 3. This
confirms the feasibility of using light scattering to characterize
the concentration of unknown nanoshell bioconjugates. One
of these diluted nanoshell samples, with known concentration,
was then recorded as a standard reference, as shown in
figures 4(a) and (b) (black solid curves). After cell targeting,
the unbound nanoshell bioconjugates were collected and
diluted for light scattering measurements. Once the polarized
light scattering of both the unbound and reference nanoshell
bioconjugates was obtained, the concentration of the unbound
nanoshells could be derived by interpolating the scattered
intensity between the lines in figure 3. Specificaly, the
total number of nanoshells bound to the cell could then be
calculated using the volume and concentration data of the
unbound nanoshells and the nanoshells originally added to
the SK-BR-3 cells. After counting the cells, the number of
nanoshellsbound per cell could be determined, thus confirming
the validity of our ‘negative’ approach, as referenced above.
Figure 4 shows the parallel polarized light scattering from the
reference and unbound gold nanoshells (anti-HER2 conjugated
only) of different sizes. The number of anti-HER2 (anti-
IgG)/nanoshells bound per cell is shown in table 1. The

e NS-HER?2 original

e NS-HER2 unbound

Scattered Intensity (UW)

0 30 60 90 120
Angle (degree)

150

0.01

180

(a) Nanoshells R86+7/111+10nm

=

10

3 — NS-HER?2 reference

e NS-HER2 unbound
=
=
2
(%]
c
9]
=
o
o
i)
I
(&3
(2]

001 L L Il L L Il L L Il L L Il L L Il

0 30 60 90 150 180

Angle (degree)

120

(b) Nanoshells R1344+6/157+7nm

Figure 4. Parallel polarized angular-dependent light scattering
measurements of reference and unbound anti-HER2/nanoshel |
bioconjugates: the concentration of unbound nanoshells can be
derived by comparing the light scattering to that of the reference
nanoshells. (&) NS86 &+ 7/111 4+ 10 nm. (b) NS

134 + 6/157 £ 7 nm. Error bars represent the standard deviation of
three separate measurements for each sample.

errors in table 1 represent the standard deviations of three
separate measurements which come from the summation
of the individual errors generated in the light scattering
measurements and from cell counting. This data is also
supported by the results from a previous study on the use
of gold nanoshells for molecular imaging [8]. In that study,
Loo and colleagues used nanoshells of R120/155 nm for cell
labeling, and compared the intensity of dark-field microscopy
images taken from different nanoshell-labeled configurations.
The author’s histogram analysis of the resulting dark-field
images shows that nanoshell targeting of the HER2 receptor
resulted in significantly greater average contrast values in the
anti-HER2 group (142 + 16) compared with the anti-1gG group
(48 £ 12) and with the group lacking nanoshells (26 + 4) [§].
These results show an average of 5 times greater efficiency in
anti-HER?2 targeting than in anti-1gG targeting. Thisreinforces
our semi-quantitative results of using the R134 + 6/157 +
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Figure5. Dark-field microscopy images of SK-BR-3 cells with (a) anti-HER2/nanoshell targeting (R86 4+ 7/111 4+ 10 nm, specific),
(b) anti-1gG/nanoshell targeting (R86 + 7/111 + 10 nm, nonspecific) and (c) without targeting. All images were taken under the same

lighting conditions.

Figure 6. Dark-field microscopy images of SK-BR-3 cells with (a) anti-HER2/nanoshell targeting (R134 + 6/157 4 7 nm, specific),
(b) anti-1gG/nanoshell targeting (R134 + 6/157 4+ 7 nm, nonspecific) and (c) without targeting. All images were taken under the same

lighting conditions.

Table 1. Number of nanoshell bioconjugates bound per cell.

No. of nanoshells NS NS

per cell R86+7/111+10nm R134+6/157+7nm
Anti-HER2/NS 1503 4+ 204 883+ 101
Anti-IgG/NS 90+11 113+ 16

7 nm nanoshells (which are similar in size as reported in [8])
to increase the nanoshell binding efficiency with anti-HER2
targeting. We have found that the anti-HER2 targeting is of the
order of 5-9 times more efficient than the anti-1gG targeting
for these specific nanoshells, as shown in table 1.

Images of anti-HER2 (anti-lgG)/gold  nanoshell
bioconjugate-targeted SK-BR-3 breast cancer cells were taken
under dark-field microscopy, atype of imaging modality that is
only sensitive to the scattered light of visualized objects. This
makes dark-field microscopy very suitable for the imaging of
biological cellsand small particles, aswell asfor nanoparticle-
labeled cells. Images were taken with a Zeiss Axioskop 2
Plus microscope equipped with a color CCD camera using a
40x objective. All images were taken using the same lighting
conditions; more specificaly, all same-sized nanoshell labeling
had images taken under the same conditions. Figures 5 and 6
show the dark-field microscopy images of SK-BR-3 breast can-
cer cellslabeled with anti-HER2 (anti-1gG)/gold nanoshel | bio-
conjugates, as well as SK-BR-3 cells without any labeling.
Based on the dark-field images, we can clearly see the dif-
ference in both specific (anti-HER2/gold nanoshell) and non-
specific (anti-1gG/gold nanoshell) labeled cells, compared to
those cells without any nanoshell 1abeling. The cells with spe-

cific labeling demonstrate greater contrast under dark-field mi-
croscopy, due to the increase in targeted nanoshells [8]. This
al so supports our results on the number of nanoshell bioconju-
gates bound per cell as shownintable 1.

4. Conclusion

In conclusion, we have developed a new technique to
semi-quantitatively characterize the binding concentration
of nanoparticles to living cancer cells. We have labeled
HER2-positive SK-BR-3 human breast cancer cells with gold
nanoshells of different sizes, and semi-quantitatively compared
the differences in anti-HER2 and anti-lgG conjugated
nanoshell labeling. We have provided an easy and reliable
method for semi-quantitatively determining the amount of
immunotargeted nanoparticles that can be targeted to SK-
BR-3 breast cancer cells. Unlike the previous methods
which measure cells labeled with nanoparticles, this method
only requires the measurement of scattered light from
nanoshell bioconjugates and provides accurate information
on the number of nanoparticles that actualy bind on the
cell surfaces. Following this method, multiple scattering
effects can be avoided simply by measuring light scattering
from the dilute suspension of unbound nanoshells. This
study provides important information on characterizing cell
labeling with immunotargeted plasmonic nanoparticles for
diagnosis and therapeutic applications. As a generalized
methodology, it can aso be easily applied to studies of other
scattering nanoparticles targeted to cells that overexpress other
biomarkers.
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