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ABSTRACT
Spectral imaging permits two-dimensional mapping
of the backscattering propertiesof
biological systems. Such mapping requires broadband illumination
of the entire areaof
interest. However, imagingof turbid biological media under these conditions often
involves mean photon path lengths that exceed the pixel size. Using
a numerical Monte
Carlo model,we have studied the effectsof photon scattering ina hemoglobin-bearing
model system. We find that photon migration and the resulting wavelength-dependent
optical coupling between pixels can complicate the analysis
of imaging spectroscopy
data. In fact, the wavelength dependenceof photon trajectories also alters the distribution
of photon exit angles at the tissue surface. We therefore find that the finite optical field
of
view of an imaging spectrometer can affect the measured spectra in the absence
of
chromatic aberrations.
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1. Introduction
Until recently, optical backscattering and reflectance measurements
of tissue in the

biomedical literature have been made using fiber-optic probes or limited imaging
systems. The addition of true imaging to biomedical spectroscopy can provide much
more information than point spectroscopy alone. With enabling technologies that include
active devices such as acousto-optical tunable filters, liquid crystal tunablefilters,
interferometry, as well as passive techniques such
as diffractive optics, onearrives at
imaging spectroscopy.The end product ofa true imaging spectrometer isthe “image
cube,’’ which addsa third dimension of wavelength to the two spatial dimensions of the
image. With this(x, y, X) dataset, the user canclassify and analyze pixels by theirspatial
and spectral tomography. The combinationof morphology and spectral tagging provides
the potential toevaluate composition information for non-invasive monitoring. New
technologies inthe past decade have promptedan array of applications of spectroscopy to
biological and medical problems, including tumor and dysplasia
deteition by
fluorescence, as well as fluorescent in-situ hybridization(FISH), related cytogenetic
techniques, and histopathology[1,2].
The development of imaging spectroscopyhas, until recently,been driven by the
planetary remote sensing programs of organizations suchas NASA[3]. Optical remote
sensing of planetary surfaces reveals variations
in surface compositionby the
corresponding variation in spectra of backscattered light.It is important to note that
sensors on an orbiting platform are constrained to imaging geometries that
differ greatly
from those that obtain in biological imaging. When measuring spectra from
a high
altitude, the trajectory of a single photon is unlikely to encounter more than
a single

species because the mean scattering length is orders of magnitude smaller than the length
scales characteristic of composition change. Multiple species within a given pixel are
predominantly sampledby separate photon trajectories, resulting in more linear
(additive)
mixing of spectra from each species, after all photons exiting the surface from a pixel are
collected (in this paper, the term pixel used
is to refer interchangeably to the individual
sensing elementsof a planar image sensor as well
as to the corresponding elementsof
area on the object being imaged). It is then possible to estimate surface composition on
each pixel usingeither u priori spectral reflectance data from the pure components,
or
even ad hoc methods based on significant statistical variations in measured spectral
reflectance data.

In the idealcase, imaging spectroscopy offers the hopeof obtaining similar
information. However, the different length scales involved in biomedical optics require
consideration: optical scattering within biological media leads inevitablyoptical
to
trajectories through multiple species. The backscattering spectra resulting from intimately
commingled reflecting species must
be interpreted carefully because spectra of individual
components are not additive. Additionally, the strong scattering prevalent in biological
media implies that photons
s c a t t e d into any one field.
of view and subsequently imaged
onto a pixel will have a broad distribution
of path lengths, further complicating
interpretation. The spectrum measured froma pixel may contain information sampled
size of the pixels imaged
from the tissueof the surrounding volume because the effective
from the tissuesurface are comparable or smaller than the mean path traveled by a
diffuse photon. Because the shapeof the average path is also a function
of optical
properties, the angular limitationsof light collection may also affect the spectral results.

The distributionof the deflection angles is determined
by the Henyey-Greenstein phase
function with anisotropy parameterg. With this choiceof phase function, the azimuthal
scattering angleis uniformly distributed between 0 and 2x. To account for absorptive
events, a fractionof the photon’s weight is subtracted from the packet based on the length
it has traveledin accord withBeer’s law. Only the top and bottom
of the tissue are
permitted to reflect photon packets. When a diffuse photon reaches the surface, the
probability of internal reflection based on Fresnel reflectance is computed.
In the case of
no reflection, the photon exits with angular trajectory based onSnell’s law. When we
consider using a model with a wavelength-dependent backing reflector,
we treat it as a
purely specular reflector.
We account for wavelength effects by iteratingthe code over multiple wavelengths
with the wavelength variationof optical properties included.In order to assess trajectory
effects on each packet,its necessary attributesare retained throughout the simulation,

of exit at the
including the surviving weight associated with the packet, the coordinates
surface, theexiting angles, and the total optical path length traveled through
each layer of
the model. Photon path lengthsare available postpriori within any one layeror all layers

be used to determine
combined. The photon exiting trajectories at the tissue surface will
which backscattered photonsthat successfully traversean imaging system.
Other workers in the field have also numerically studied photon scattering using
photon diffusion and related techniques[8]. Experimentally, the question
has been
approached using, for example, time-resolved photon scattering. The distributionof
photon arrival times measured in these experiments also provides path length information

There is a growing bodyof retinal spectroscopy, for example, wherethis problem may
become an issue[4,5,6].
This paper examines the relation between optical scattering and
some realistic
constraints in the case of a spectral imaging system and a backscattering target.
We
restrict our investigation to a single species
in order to concentrate oneffects arising from
photon trajectory distributions. Specifically,we investigate effects of finite illumination
geometry as well as finite fieldof view. To estimate the magnitude of theseeffects, we
simulate an imaging system using a hybrid method, combining
Monte
a Carlo photon
transport code inside the target with simple raytracing to implement imaging.
Our model
systems use oxyhemoglobin as a chromophore.

2. Methods

A. Monte Carlo Simulation

The basic structure of the model is similar to that put forthWang
by and Jacques[7].
We review the highlightsof the method here for completeness.
An infinitely narrow
source of streaming photon packetsis directed perpendicularly into the topmost layer of
reflectance is subtracted.
tissue. As each packet is launched into the tissue, the specular
Once inside the tissue, the distance traveled
by the packetis determined by sampling the
probability distribution of the mean free path, which is a functionof the absorption and
scattering

extinction coefficients. When the scattering behavior of the tissue is

approximately known, the anisotropy factor which
g,
represents the average cosineof the
deflection angle, is used to determine the directionof flight of the photon after collision.

because the transit timeof each photon is related to its path length by the velocity
of light
in tissue[9].

B. Imaging
Rather than dwell on detailed raytracing calculations for a particular optical
system,
we assume an idealized 1: 1 imaging system with selectable angular fieldof view. We
implement imagingof backscattered light trivially as a mapping between the detector
plane pixels and their projection on the tissue surface. Finite fields ofare
view
implemented by rejection of those free space trajectories that fail to pass through the
entrance pupil. Aberrationsare beyond the scope of this initial study. We treat the
limiting case of maximal angular field of view by assuming that all exiting photons can
be analyzed by assuming a detector array coplanar with the tissue surface.
In all cases
discussed inthis paper, the image plane
is divided into square pixels 50 microns on a
side.

C. SourceProfile
We consider only homogeneous semi-infinite layersthis
in paper. Therefore, the
symmetry of the phase function in this model simplifies simulation
of the effects of a
finite illumination area. A single simulation run generates set
a of photon packetsexiting
our tissue surface in a region surrounding the
entry point. More specifically, the run
contains an approximate representation of the photon population I ( ? ) exiting the tissue at
a displacement 3 from the source. We generate the effectof a finite illumination spotby

integrating the exiting photon populations resulting from sources at discrete points above
the tissue within a circleof the desired diameter. We accomplish thisby numerically by
calculating the sum &Zp(-F)

, where

{P] is the set of discrete points withinour

P

illumination circle, each appropriately displaced
by some 7 from the illuminating circle
center, and Ip is the exiting photon distribution at displacement7 from the source pointP.

D. Tissue Models

The tissue models used these simulations are based on hemoglobin bearing systems
which are not necessarily specific to any particular organ but are clinically significant in

of a single-layered,
many highly perfused areas
of the body. We will observe the results
semi-infinite slabof oxyhemoglobin (OzHb), which absorbs andalso is forward
scattering. Two scenarios will be discussed: an optically thick layer, and a thin layer
backed by a reflector. The thick layer has a physical thickness2 rim,
of deep enough that

thin layer has a thickness of250 pm and
most of the light does not penetrate this far. The
is backed by a wavelength independentspecular reflector which reflects50% of the light.

A reflector based upon the scleral modelof Delori is also considered[4].
In this initial study,we set g= 0.99 independent of wavelength, which reflects the
extremely forward-scattering nature of blood[
lo]. This is most easily seen by adopting
the notion of mean trajectory from the photon diffusion literature.
The choice of g
directly affects the mean trajectoryof photons within the tissue (and therefore the

As g approaches unity, the
distribution of free space trajectories after exiting the surface).
curvature of the mean trajectory decreases.

The simulations performed in this study use4. IO4 photon packets per wavelength,
covering the spectral range between45 1-lo00 nm at a resolution of 3 nm. This is a
tremendous computational burden thatwe would hope to minimize byfurther code
optimization.

3. Results & Discussion

The simple case of the optically thick layerof oxyhemoglobin, illuminatedby a
monochromatic pencilof photon packets, showsthe effect of photon migrationat
wavelengths with low attenuation. We show
the backscatter as a function of wavelength
in Figure 1, simulating the output ofan image detector placeddirectly on the surface of
the tissue. In the blueand green parts of the spectrum, the apparent diameter of the
backscattering region is small compared to that foundin the red. One clearly sees the
effect of illuminating a small surface regionupon the neighboring areas which passively
are also
re-radiate diffused light.For clarity, the optical properties of oxyhemoglobin
shown in Figure 1.

A. Effects of Wavelength on Path Length Distributions
We first investigate photon trajectoriesby assuming pencil illumination of photon
packets normally incident upon the tissue surface.
A detector positioned at different
displacements from the packetentry point collects backscattered packets
and their
histories. Tracking the course
of the photons through the tissue reveals the approximate
volume of tissue sampledby our experiment,as well as an indication of the relative

number of photons scattered into adjacent pixels. Knowing the probability distributions
of the photons willalso eventually aid in spectral analysis in more complex targets, such
as multilayered systems[ 1 11. The results at four source-detectorseparations for a thick
oxyhemoglobin layer are shown in Figure 2. In addition to the results simulated at
g=0.99, a second set of plots froma simulation at gd.95 are presented for comparison
purposes. The photon. distributionfunctions are largely the same,
and we restrict futher
discussion to the more forward-scattering case.
As noted by Cui et al., thedistributions
show that the low absorption wavelengths that penetrate deeper have
a much larger
variation in their path lengths and should account for more contamination into adjacent
image pixels[ 121.

B. Effect of illumination size
Since thelonger wavelengths experience less attenuation in hemoglobin, wider
illumination spots sizes increase the apparent backscatter at longer wavelengths,
as
shown inFigure 3. This figure presents the light exiting the
center of an illuminated circle
of successively larger diameters. For clarity, the plotsare all normalized to the same
value at anarbitrary wavelength in a highly absorbingpart of the spectrum.The spectral
distortion illustrated beyond590 nm is the inverse of the spatialspreading effect depicted
in Figure 1. In Figure 4, the change in backscatter is plottedas a function of illumination
disk diameter at wavelengths of low and high absorption.
The previous figures depict results froman image detector incontact with the tissue
surface. While this is an illustrative gedanken experiment, it is more realistic todiscuss
an imaging optic and detector plane spacedaway from the tissue surface.In this case, the

angular fieldof view becomes an issue and only a fraction
of backscattered photons
actually participate in image formation. We observe the effect
of extended photon

0.6 mm illumination beam
trajectories numericallyby excluding from the above result (at
diameter) those photons thathave traveled more than a given distance. By
limiting the
maximum allowed path lengthsto several values, we reduce the effects
of illumination
from surrounding pixelsso that the spectrum associated with a pixel results from a
smaller surrounding volume. The effect is similar to that achieved
by collapsing the
measurement from the imaging case to a single point reflectivity measurement.
As we

5, we see that theshape of
approach the shorter allowable path lengths shown in Figure
the wavelength intensity profile resembles the
first order Beer’s law approximation,
which has the shortest allowed path length.

C . Effect of imaging at finite angular fieldsof view
When using a limiting aperture for light collection,
the spectrum of backscattered

6 suIIIlI1sln’zesthe spectral effects of the entrance pupil
light changes its shape. Figure
di,ameter. Notonly does the effect at the
less attenuated wavelengths becomemore
pronounced, but the amountof light captured bysmaller fields of view reduces the
numerical signal-to-noise ratio. The additive affect
of the longer wavelengthscan be
viewed as a consequenceof the “banana”-shaped mean photon trajectories[
131. On
average, in forward scattering tissue suchas 0 2 H b , packet trajectories that penetrate
further bend back more
to the normal direction by the time they exit tissue
the surface.
The closerto the surface normal the distributionof the exiting angles, the higher the
probability of collection through the entrance pupil.

The distribution of exit angles from the surface ateach wavelength shown in Figure7
illustrates this point. This datais taken from the same simulationrun used to produce
Figure 6. The distributionof exiting angles from the
single slab case peaks around45
degrees, causing manyof the photons to miss the entrance pupil. The less attenuated
wavelengths showa tendency to exit closer to the normal,
as well as a higher number of
exiting photons.

D. Comparing Tissue Models
So far we have treatedthe simple case of photons allowed to wander through an
optically thick medium. To further investigate the
effects of photon trajectories,we place
a specular reflector behinda thin layer of oxyhemoglobin. This could, for example,
represent a simplified model of the scleral layer backing the choroid of the retina.
In
comparison with the thick layer,we consider botha scleral model from the literatureas
well as a wavelength independent reflector model.The thickness for the thin layers is
held at 250 pm, which is close to the thickness the
of choroidal layer behind the retina.
Both of the back reflectorsare modeled as pure specular reflectors. The neutral model’s
reflectivity is 50% at all wavelengths, while thereflectance of the scleral modelhas an
empirically derived wavelength dependence taken from the work
of
Delori[4]
to be
Rsch(A) =0.5.exp(-.00261* ( A -675)).

In the context of comparing these models,we will only look atthe wavelength range
between 450-750 nm. Figure 8 shows the results of all three tissue models, where light
over 2n: steradians is collected.

It is instructive to consider the ratio
of backscattering from a reflector-backed model
to the backscatter from the optically thick
model. Figure 9 displays the resultsof dividing
the measured spectra of the neutral reflectorby that of the optically thick layer at two
angular fields of view. Figure 10 shows the resultsof dividing the measured spectra from
the 23.58' collection angleby the 90' collection angle (tissuesurface mounted detector
array). This ratio representsthe relative magnitude of bias for certain wavelengths
in each
model considered.

4. Conclusions

By definition, spectral imaging requires illumination of the
entire region of interest.
For any pixel within this region, optical scattering generates photon fluxes in and out of
the region's underlying volume element. The magnitude this
of effect varies with
scattering cross section and mean free path. Where absorptionis low, the notionof pointby-point spectroscopy mustbe replaced by the concept of regional spectral
contamination. Since the optical propertiesof a tissue govern thelength and shape of the
photon paths, the imaging system itself will play
an important role.The effect of a
entrance pupil is twofold. First, the longer path length photons have
more ability to bend

scattering events, but lower
back toward the normal because they experience more
overall attenuation. Since the angular distribution is centered roughly around
45', these
wavelengths appear tobe more highly backscattered when light
collection is limited to
narrower angular fieldsof view. When image features becomesignificant, the additional
spectral content in one pixel will become still more complex thanin the homogenous,
single-slab tissue case presented here.
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Figure Captions
Figure 1:
Wavelength-resolved backscatter imaging demonstrates
the relative effects of photon
migration that occurs in a single oxyhemoglobin layer. In these images, the magnitudeof
the backscatter is represented on a grayscale with black being the most intense, white
equaling zerosignal. These images correspondto the data froma ccd chip placed directly

on the tissue surface where illumination
is from an infinitely narrow collimatedsource
located at (0,O).The line plot shows the wavelength-resolved absorption and scattering
coefficients of oxyhemoglobin used throughout this paper, in unitsof cm".

Figure 2:
Distributions of exiting photon packets froman optically thick single layer of
oxyhemoglobin (2 mm) as a function of path length at radial distances away from the
pencil illumination source. The solid lines represent
a high absorptive wavelength(562
nm); the dotted lines represent a low absorptive wavelength(k649 nm).

Figure 3:
Effect of illuminationsize on backscatterdata from a single-layer of 0 2 H b (2 mm thick)
viewed from detector positioned at centerof beam on the surface. Lines showthe results
from beam diameters of (a) single point, (b) 0.3 mm, (c) 0.6 mm, (d) 0.9 mm, (e) 1.2 mm,
and ( f ) 1.5 mm from bottom to top, respectively. For comparison purposesthe plots are
normalized at k 5 6 2 nm.

Figure 4:
Backscatter from the centerof illuminated disks of several diameters, at three
representative wavelengths. The lines connecting the points serve only
as a guide to the
eye. At these beam sizes, the increase in backscattered signal
at the low absorption
wavelength increases linearly with spot diameter.

Figure 5:
Backscatter collectedwhen pathlengths exceedingvarious threshold values are
numerically rejected in the case
of a constant beam diameter of0.6 mm.

Figure 6:
Effect of limiting angular fieldof view on backscatterdata from asingle thick layer of
02Hb

( 2 mm thick), illuminated by0.9 mm beam and imaged10 cm away from surface.

All results have been normalized atk 5 6 2 nm.

Figure 7:
Angular distributionof backscattered photons at the surfacefor high absorption (45 1 nm
on left) and low absorption(751 nm on right).The angle of exit is measured from the
normal direction at the surface, not factoring thex and y directional vectors. Illumination
extends to 0.45 mm in the radial direction.

Figure 8:
Comparing backscatterof 0 2 H b models as viewed from a surface detector positioned at
center using a0.9 mm illumination beam. Plots show resultsfrom a scleral reflector, a
neutral 50% reflector, and a thick layer( 2 mm), which have been normalized atk 5 6 2
nm.

Figure 9:
Ratio of backscatter from thin oxyhemoglobin layer backed by a neutral reflector
to
backscatter from optically thick layerof oxyhemoglobin. Backscatter measured at center
of illumination disk using a0.9 mm diameter beam. Shownfor two angularfields of
view.

Figure 10:
Comparison of ratio models (scleral reflector,50% reflector, and thick layer) at
r = 0.
Plots show ratio of result at23.6' acceptance half-angle to 9
0
'acceptance half-angle.
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