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Quantitative Second Harmonic Generation Imaging of the Diseased State
Osteogenesis Imperfecta: Experiment and Simulation

Ronald LaComb, Oleg Nadiarnykh, and Paul J. Campagnola

Center for Cell Analysis and Modeling, Department of Cell Biology, University of Connecticut Health Center, Farmington, Connecticut

ABSTRACT We report the integrated use of 3D second harmonic generation (SHG) imaging microscopy and Monte Carlo
simulation as a combined metric to quantifiably differentiate normal and diseased tissues based on the physical properties of the
respective extracellular matrix. To achieve this, we have identified a set of parameters comprised of the SHG creation attributes
and the bulk optical parameters, which are used collectively via comparative analysis. Monte Carlo simulations of the SHG axial
directional and attenuation responses allow their decomposition into the underlying factors that are not readily obtainable through
experimental techniques. Specifically, this approach allows for estimation of the SHG creation attributes (directionality and
relative conversion efficiency) and separation of primary and secondary filter effects, collectively that form the observed SHG
contrast. The quantitative metric is shown for the connective tissue disorder Osteogenesis Imperfecta (characterized by abnormal
assembly of type | collagen) using a murine model that expresses the disease in the dermis layer of skin. Structural dissimilarities
between the osteogenesis imperfecta mouse and wild-type tissues lead to significant differences in the SHG depth-dependent
directionality and signal attenuation. The Monte Carlo simulations of these responses using measured bulk optical parameters
reproduce the experimental data trends, and the extracted emission directionality and conversion efficiencies are consistent with
independent determinations. The simulations also illustrate the dominance of primary filter affects on overall SHG generation and
attenuation. Thus, the combined method of 3D SHG imaging and modeling forms an essential foundation for parametric
description of the matrix properties that are not distinguishable by sole consideration of either bulk optical parameters or SHG
alone. Moreover, due to the quasi-coherence of the SHG process in tissues, we submit that this approach contains unique
information not possible by purely scattering based methods and that these methods will be applicable in the general case where

the complex fibrillar structure is difficult to fully quantify via morphological analysis.

INTRODUCTION

Over the last several years second harmonic generation
(SHG) has emerged as a powerful tool for imaging structural
proteins in tissues. For example, type I collagen in diverse
tissues such as tendon (1-3), skin (4,5), cornea (6,7), blood
vessels (8), and bone produces bright SHG contrast without
the use of exogenous agents. Additionally, we and others
have shown that this method affords the opportunity to obtain
more structural information than possible through the use of
fluorescent labels (9,10). This ability arises due to the con-
straint that SHG requires a noncentrosymmetric environment
to produce contrast. As a consequence, SHG is an exquisitely
sensitive probe of the fibrillar structure in tissues as it directly
visualizes the supramolecular assembly and, when combined
with polarization analysis, shows the dipolar anisotropy. For
example, many connective tissue disorders including Oste-
ogenesis Imperfecta (OI) and scleroderma are characterized
by abnormal collagen assembly and SHG may show differ-
ences in the morphology of diseased fibers not possible by
other optical methods (11). This ability to probe tissue
structure suggests the SHG imaging modality has great po-
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tential as a clinical diagnostic tool. SHG has also shown early
promise in imaging cancer because malignant tumors often
have abnormal assembly of collagen relative to normal tissue
(4,12). An additional enabling property for diagnostic im-
aging arises from the coherent nature of the SHG process.
This is manifested in the initial directionality of the emission,
where the morphology observed in the forward and backward
channels is reflective of the fibril size distribution as well as
the order of the packing. Specifically, smaller, less packed
fibrils are visualized with greater contrast in the backward
channel. In addition, fibrils can appear to be segmented in this
geometry for relatively small fibrils with packing densities on
the order of the coherence length (13). This is of particular
importance as the fibril size and distribution may be different
in healthy and diseased tissues, and we have shown this to be
the case for the osteogenesis imperfecta mouse (0im) murine
model for OI. These efforts suggest that SHG has the po-
tential to be developed into a clinical tool to analyze ex vivo
biopsies or to carry out in vivo imaging through endoscopes.
A large remaining challenge is how to quantify and stan-
dardize 3D SHG image data for these diagnostic purposes.
We continue our efforts to solve this problem, where we
develop an integrated metric based on 3D SHG image data,
bulk optical parameters as well as Monte Carlo simulations of
the photon propagation after the initial generation. Using the
oim murine model of OI, we apply this method to differen-
tiate normal and diseased skin. OI is a heritable disease of
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humans that results in recurrent bone fractures, stunted
growth, and a myriad of other symptoms arising from im-
properly assembled tissues comprised of type I collagen. The
disease arises from mutations within the Coll1A1l or Col1A2
genes that affect the primary structure of the collagen chain
and induce changes in the secondary structure. The ultimate
outcome is the synthesis of collagen fibrils that are either
abnormally organized, small, or both. It is assumed that the
severity of the disease is related to the disruptive effect of the
mutation on collagen fiber formation. However, despite de-
cades of research in the biochemistry and genetics of this
disease, the ability to predict what type of mutation will have
amild or severe phenotype has not been perfectly successful.
Thus there remains a need to improve the phenotype/geno-
type connection. SHG imaging of the collagen in OI tissues
may complement the existing biochemical and ultrastructural
data set and provide this required link by yielding informa-
tion on the tissue assembly.

In a previous study (11), we reported that several SHG
imaging metrics could be used to differentiate normal and
diseased tissues in the oim murine model. Specifically, using
differences in the intensity as well as morphological differ-
ences (with and without polarization analysis), we showed
that oim bone, skin, and tendon were substantially distinct
from the wild-type (WT) in the SHG microscope. The use of
skin to diagnose and monitor the OI disease status has par-
ticular potential clinical implications as carrying out a skin
biopsy is a far less invasive procedure than that for bone.

In this study we further our efforts to provide quantitative
differentiation between oim and WT tissue by analysis of the
depth-dependent measured directionality (forward versus
backward) and attenuation of forward-directed SHG photons
emitted from the dermis. The premise is that the OI matrix is
comprised of smaller, more randomly packed fibrils, and will
thus result in distinctive propagation signatures. Specifically,
this tissue will be less scattering and more isotropic than the
WT. Photon migration measurements have been carried out
historically in the diffuse regime of very thick tissues (cen-
timeters) at low spatial resolution (~mm). In contrast our
measurements are carried out in tissues of several hundred
microns of thickness at optical resolution. In this quasi-ballistic
regime, every photon, on average, will experience several
collisions before exiting the tissue. Thus this method retains
the encoded scattering information in conjunction with suf-
ficiently high spatial resolution to analyze the collagen fi-
brillar structure. As the measured SHG in tissue consists of
both quasi-coherent (13) and scattered components (14), by
fitting Monte Carlo simulations to experimental data for
different SHG creation attributes (emission directionality and
relative conversion efficiency), we decouple the factors
governing the axial responses and provide insight into the
role that changes in the fibrillar structure have on the 3D
imaging measurements. Using this integrated approach we
will show that the depth-dependent directionality (measured
F/B ratio encoding quasi-coherent and incoherent informa-
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tion) and forward attenuation (encoding relative SHG con-
version efficiency and primary and secondary filter effects)
for the normal and oim tissues are distinct and can be suc-
cessfully modeled by Monte Carlo simulations using our
measured values of the bulk optical parameters. We suggest
that this combination of parameters constitute a powerful
quantification metric to characterize diseased states to a much
fuller extent than possible by bulk measurements alone.
Moreover, this method should be generally applicable to
connective tissue disorders as it provides a metric of the ma-
trix properties in the general case where the complex fibrillar
morphology is difficult to quantify by image analysis.

MATERIALS AND METHODS
Imaging system and analysis

The SHG imaging system consists of a laser scanning head (Olympus
FluoView 300, Olympus, Tokyo, Japan) mounted on upright microscope
(Olympus BX61), coupled to a mode-locked Titanium Sapphire laser. All
measurements were carried out with a laser fundamental wavelength of 900
nm with average power of ~20 mW at the specimen. The microscope si-
multaneously collects both the forward and backward components of the
SHG intensity. In the former, a long working distance 40X 0.8 N.A. water-
immersion objective and a 0.9 N.A. condenser provide excitation and signal
collection, respectively. The backward component is collected through the
excitation objective in a nondescanned configuration. In each channel, the
SHG signal is isolated with a dichroic mirror and 10 nm bandpass filter
(450 nm). The signals are detected by two identical photon-counting photo-
multiplier modules (Hamamatsu 7421, Hamamatsu, Japan). The SHG wave-
length (450 nm) from skin was confirmed with a fiber optic spectrometer
(Ocean Optics, Dunedin, Florida). There is no detectable autofluorescence for
collagen at this excitation wavelength.

SHG image stacks were quantitatively analyzed with ImageJ software
(http://rsb.info.nih.gov/ij/). A coumarin dye slide emitting two-photon ex-
cited fluorescence at the SHG wavelength (~450 nm) was used to calibrate
both signal collection channels to account for uneven losses in optical paths
and relative collection efficiency of the two detectors. Because the F/B fluo-
rescence ratio from a dye slide is assumed to be one, it becomes the nor-
malization factor for the two channels for the measured F/B SHG ratios. The
experimental F/B and forward-directed signal attenuation were determined
by integration of 5-10 frames per optical section for seven WT and oim
animals.

Tissue preparation

Mice carrying the oim mutation are maintained in the B6C3Fe-a/a (C57BL/
6JLe X C3HeB/FeJLe) hybrid background (15). These mice were addi-
tionally cross-bred with a pOBCol3.6GFP transgenic aCD-1 outbred strain in
our facility. The oim/oim mice can be distinguished from the WT by their
body phenotype (smaller size and weight and presence of limb deformities
due to fractures). The genotype was confirmed by a PCR analysis described
previously (16). Scattering and imaging measurements were made within 3 hr
of sample excision. The overall thicknesses of the biopsies were ~100 wm
and contained the epidermis, dermis, and adipose layers.

Measurement of bulk optical parameters

The measured depth dependent F/B ratios and attenuation of SHG intensities
are determined by both SHG creation attributes as well as the subsequent
photon propagation dynamics. The latter is governed by the bulk optical
coefficients including: scattering coefficient (us), absorption coefficient (u,),
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scattering anisotropy (g), and index of refraction of the tissue at the funda-
mental and SHG wavelengths. We determined these parameters for oim and
WT murine skin at 457 nm and 900 nm (Ar™ and ti:sapphire, respectively)
using the following bulk measurements. The diffuse reflected and transmitted
intensities were measured by placing the specimen (~100-um thickness)
between a 3- and a 2-port dual integrating sphere setup. The refractive indices
necessary for the extraction of the scattering and absorption coefficients (17)
were determined using the method of Li and Xie (18) where the specimen is
placed on a cylindrical lens and the critical angle for total internal reflection is
measured. To experimentally determine the anisotropy factor, g, the Henyey-
Greenstein function was fitted to experimental data following a similar
technique as shown by Marchesini et al (19). We determined the angular
scattering profile by rotating a photon detector with a slit-aperture about a
central specimen. The intensity of the scattered light from the tissues was
measured from 5° to 45° and the normalized values were fit to the following
expression:

p(cosd) = (1 —g°) /(1 + g* — 2gcosh)’”. (1)

Here it was assumed that the anisotropy was dominated by scattering in the
dermis, whereas the anisotropy for the underlying adipose tissue is approx-
imated by g = 0.9 (20). Using the diffuse reflectance, transmittance, index of
refraction, and anisotropy g, we carried out a multi-layer inverse Monte Carlo
simulation (21,22) and calculated the absorption coefficient w, and scattering
coefficient ug for the dermal layer. From these we determined the reduced
scattering coefficient u} where

pi = p(l—g). @

Monte Carlo simulations

For comparison with the experimental data, Monte Carlo simulations based
on photon diffusion using the bulk optical parameters were carried out to
estimate the measured depth dependent F/B and forward intensity attenua-
tion. The Monte Carlo technique is a stochastic approach that uses proba-
bility distribution functions to carry out a 3D random walk to estimate the
transport equation (23) given by:

di(r,s) a;
N - + ’ ’
Is aJ(r,s) - /Wp(s,s M(r,s )dow, (3)

where p(s,s”) is the phase function of a scattered photon from direction s” into
s, ds is the incremental path length, dw is the incremental solid angle about
direction s. If the scattering is symmetric about the optical axis, the phase
function can be written as the form of Eq. 1. The radiance J(r,s) relates to the
observable quantity, intensity / through the relation:

I = / J(r,s)dw. @)

The six principle operations that influence an individual photons trajectory
are the initiation, pathway generation, absorption, scattering, elimination,
and detection. As the general formalism of these calculations have been
presented in detail by Wang et al. (23), we only present our modifications to
the basic approach required to simulate the SHG directional and attenuation
responses as a function of focal depth, based on an assumed initial Fsyg/
Bsyg creation ratio and scattering cross-sectional window o (24). A flow-
chart for the simulations is shown in Fig. 1. To simulate optical sectioning,
the incident photons are focused by an objective lens to an axial spot within
the tissue (denoted by z¢), where the beam has a width or 1 Je? radius of Wieam
using the experimental NA = 0.8. The transmission of the laser, T, at focal
depth z; is then determined based on bulk optical parameters at the
fundamental wavelength, and the cone formed at the NA. This accounts
for the primary filter effect on laser intensity. We next define a 2D scattering
cross-sectional window o = 271, where r, is the radius in which funda-
mental photons are converted to second harmonic photons, which accounts

Biophysical Journal 94(11) 4504-4514

LaComb et al.

Flow Chart
e

Launch Photon Packet through
objective lens to focal plane z¢

I Determine Transmittance T(z¢) |

Determine fraction of Ty(ze)
within SHG cross section ©

To)(zfac)
l

Set Wh(20) = T3 (2,0)

!

Set initial SHG emission direction
sa6= X » Bepd 1

Determine fraction of packet
exiting tissue, T(20), R2w)

i

Determine SHG Components
Foward/Backwards ratio
F/B = TQw)/R(2w)
Foward attenuation at z;

TQw,z¢)

N
End

FIGURE 1 Flowchart of the algorithm used in the Monte Carlo simu-
lations of the axial dependences of the measured SHG directionality and
attenuation.

for different SHG conversion efficiencies, i.e., )(2 values for different
materials. This then yields the initial SHG intensity Taz, (z, o), whose initial
weight we designate W,(2w). We next define the SHG emission direction-
ality in terms of the F/B creation ratio (Fsug/Bsng) that pertains to the initial
propagation direction. The secondary filter effect is then determined by the
bulk optical parameters at the SHG wavelength by simulating the transmis-
sion, T5,, and reflection, R,,,. The detected forward (F) and backward (B)
components are then simulated. This approach allows for the decomposition
of the SHG creation and propagation dynamics, whose interrelationship does
not permit the use of an inverse approach to extract u, and g directly from the
signal attenuation data.

RESULTS

Determination of the bulk optical parameters for
oim and WT skin

Although the most dramatic clinical presentation of Ol is in
bone, we choose to examine skin for these studies. This tissue
is the most amenable in which to carry out a virtual optical
biopsy (i.e., backward collection geometry) or would be
more accessible than bone for ex vivo analysis. Fig. 2 shows
representative images of WT and oim skin in the left and right
columns, respectively, where (Fig. 2 a) and (Fig. 2 b) are
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single optical sections and the respective corresponding 3D
renderings of z series for each tissue. Although these tissues
are distinct by visual inspection, for future clinical diagnosis
a quantitative description is required. We do not currently
have image processing tools to quantitatively analyze the
complex morphology. However, the less dense packing
suggests that the scattering properties may be different in the
diseased tissue. Here we measured u, and g (effective) values
for the oim and WT skin at both the fundamental and SHG
wavelengths, where the results (with wg) with SE are shown
in Table 1. The corresponding p-values from ¢-tests are
shown in Table 2. These data show that the w, values are
statistically similar at the fundamental wavelength (p =
0.267) and statistically significantly different at the SHG
wavelength (p = 0.009). These bulk optical parameters will
be incorporated in Monte Carlo simulations of the depth
dependent directionality (see Fig. 5) and attenuation (see
Figs. 6 and 7).

TABLE 1 Bulk optical parameters for oim and WT skin
measured at the fundamental and SHG wavelengths

oim 457 nm  oim 900 nm  WT 457 nm  WT 900 nm
s (em™) 177 £ 17 130 £ 13 302 £ 45 106 = 19
ta (cm™") 1.5+ 0.1 1.9 = 0.1 1.8 04 1.1 £03
g 0.65 £ 0.04 0.80 = 0.02 0.80 = 0.02 0.83 = 0.01
W, (cm™h 57+9 26 + 3 61 + 10 18 +3
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FIGURE 2 SHG images of WT (left) and oim dermis
(right) dermis. (@) Individual optical sections. (b) 3D ren-
dering of corresponding z series. The oim dermis is signif-
icantly thinner than that of the WT (~30 vs. 60 um).
Consistent with SE data, the WT fibrils are larger and more
densely packed. Scale bar = 25 um.

This scattering anisotropy, g, is a measure of the direc-
tionality of photon scattering, and varies from —1 to 1 and is
typically ~0.6—-0.95 for most tissues. The upper limit cor-
responds to highly forward-directed scattering and is char-
acteristic of very highly ordered tissues such as tendon. Thus
g can be used as a measure of the organization of the tissue.
Representative data and fits to the Henyey function (Eq. 1)
for the oim and WT skin at 457 nm are shown in Fig. 3. We
note that we begin these measurements at 5° to avoid the
overwhelming contribution of unscattered laser at 0°, as has
been reported previously (19). The resulting g values and
corresponding #-test results for 900 nm and 457 nm are shown
in Tables 1 and 2, respectively. At the SHG wavelength, these
fits show respective values for the oim and WT of 0.65 *=
0.04 and 0.80 = 0.02. These values at 457 nm are statistically
significantly different (p = 0.03), whereas at the fundamental
wavelength they are statistically similar (p = 0.17). In the
axial responses to be shown in the next two sections the
photon propagation is not affected strongly by the anisotropy
at the fundamental wavelength, whereas the anisotropy at the

TABLE 2 p-Values from t-test for the bulk optical parameters
at the fundamental and SHG wavelengths

Wavelength s Ma g
900 nm 0.267 0.02 0.17
457 nm 0.009 0.17 0.03

Biophysical Journal 94(11) 4504-4514
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FIGURE 3 Experimental data and fits to Eq. 2 for the scattering anisot-
ropy, g, for the oim (squares) and WT (circles). These fits yielded g values
of 0.68 and 0.78 for the oim and WT skin, respectively.

SHG wavelength has a large effect on both the directionality
and attenuation.

We also point out that the measured g values are to be
considered effective, as the 100-um thick biopsies include
both dermal and adipose layers and can support 1-2 scattering
events, thus the actual values might be somewhat higher.
However, as we have not observed significant differences in
extracted values for tissues 100-200 wm in thickness, we
believe this to be attributed to a more significant contribution
from the dermis. Moreover, the measurements were made to
provide a comparison between the tissues, and as they were
carried out in a self-consistent manner, this does not affect the
subsequent analysis.

Combining the anisotropy determinations with the diffuse
reflection and transmission measurements from the inte-
grating sphere setup, we then extracted u, and thus uy. This
was achieved by using a multilayer inverse Monte Carlo
simulation that also considered the scattering within the ad-
ipose layer underlying the dermis. Values for the adipose
were measured separately in the absence of the dermis and
verified by comparison of published values (25). By this
analysis, we find reduced scattering coefficients (Table 1)
that are in the same range as those determined in human skin
by Bashkatov et al. (20). We observe insignificant absorption
at these wavelengths, as these are to the red of the type I
collagen autofluorescence band. The w, values are to be
considered upper bounds, as these measurements were near
the noise floor. Thus the mean free path (MFP) is effectively
the inverse of scattering coefficient.

We observe that the oim tissue is statistically less scatter-
ing (p = 0.009) and more isotropic (p = 0.03) than the WT at
the SHG wavelength and we interpret these results to be in-
dicative that the matrix of the former is less densely packed
and more disordered (Tables 1 and 2). This is consistent with
the smaller, shorter fibrils observed for the oim skin in Fig.
1 b. We suggest that this approach relating morphological
disorder based on bulk optical parameters in conjunction with
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the SHG image data is further consistent with the clinical
presentation of a weakened matrix for the oim tissue. We note
that these values at 900 nm were not statistically different,
indicating that a descriptive metric of tissues must consist of
more information than single wavelength measurements of
the bulk optical parameters. In the next two sections, we
show how the 3D SHG imaging in conjunction with the bulk
optical parameters and Monte Carlo simulations provides
such a metric.

F/B SHG versus depth: experiment
and simulation

Here we use the measured F/B intensity ratio of the SHG
signal as part of the overall metric to differentiate oim and
WT skin. This measurement arises from the SHG directional
emission creation ratio (Fsyg/Bsug) and the secondary filter
effects on the subsequent SHG propagation through the tis-
sue. Through simulation, we will show consistency of this
response with the bulk optical parameter measurements de-
termined in the previous section. First we present a brief
description of how backward intensity can be observed in the
SHG microscope. Backward detected SHG can arise from
either direct quasi-coherent emission (with axial momentum
contribution from the lattice) (13) or from multiple scattering
of initially forward-directed photons (incoherent compo-
nent). The first scenario is highly dependent on the fibril di-
ameter and packing density and order of the packing over the
size-scale of the SHG wavelength (13) where we denote the
creation emission directionality as Fsyg/Bsnug. Backward
collected SHG can also consist of an incoherent component
when the specimen thickness is much greater than the MFP or
~1/us, and this signal arises from multiple scattering of the
coherent forward and backward signals. In tissues the mea-
sured signal results from both these coherent and incoherent
components. For example, using a prototypical fibrillar sys-
tem (cellulose) we determined recently the relative contri-
butions of both SHG backward components in terms of
morphology and polarization, and showed how these evolve
on focusing through several hundred microns of tissue (14).
For the scattered component (i.e., the incoherent part of the
signal), the depth dependence of the ratio of the forward to
backward intensities will be governed by the bulk optical
parameters of the matrix at the second harmonic wavelength.

The experimentally measured F/B (comprised of both
components) versus depth plots for oim and WT skin are
shown in Fig. 4. These data result from 14 mice (7 each), with
5-10 3D stacks acquired from separate regions of the dermis.
We observe that at all depths the oim is more forward di-
rected, which we can attribute to having a smaller scattering
coefficient than the WT at the SHG wavelength. This is
consistent with the bulk scattering measurements shown
previously where these values at 450 nm were ~300 and
175 cm ™! for the WT and oim, respectively. To validate the
distinction between the oim and WT data F/B data, we have
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FIGURE 4 Ratio of forward and backward collected SHG as a function of
depth into oim and WT skin. These photon propagation data are consistent
with a multiple scattering process.

carried out a t-test at every depth and obtained p-values
ranged from 0.06 to 0.10, and are statistically distinct at the
10% level. We note that although the dermis is <50-60 um
thick in murine skin, the tissue biopsies were 100-200 wm in
total thickness, being comprised of the epidermis, dermis,
and adipose layers. Although only the dermis provides SHG
contrast, the entire thickness represents a scattering medium
(see below for simulation results).

We also observe that for both tissues the F/B increases with
increasing depth into the tissue. This result is consistent in the
framework of photon diffusion theory, where at least one
MFP is required between the location of the emitted photon
and the forward boundary of the specimen for efficient
multiple scattering to occur (23). Thus at increasing focal
depths, the probability of multiple scattering events decreases
as the forward pathlength to the tissue boundary shortens,
subsequently the F/B ratio increases. Additionally, tissues of
lower scattering coefficient and greater anisotropy will result
in more forward detected emission. Decreased scattering for
oim with respect to the WT is also consistent with the mor-
phological comparisons shown in Fig. 1 indicating that the
diseased tissue was more disordered.

We have verified these trends by Monte Carlo simulations
using the measured bulk optical parameters of each tissue
(Table 1) that will affect the propagation of created SHG
photons. Due to the fibrillar morphology in these tissues, the
SHG has an initial emission directionality, and we incorpo-
rate this factor into the simulations through the creation ratio
Fsug/Bsug. Representative curves of the depth dependent
F/B assuming 100% and 50% forward for oim and WT skin
are shown in Fig. 5 a. The simulations used a 4-layer model
comprising the dermis and adipose layers. If we first consider
only the 100% forward emission curves, we observe that
these simulations reproduce the experimental trend in that the
oim is characterized by a larger F/B than the WT at all depths.
Despite providing qualitative distinction between the tissues,
we note that this simulation largely overestimates the mag-
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FIGURE 5 (a) Representative Monte Carlo simulations of the measured
depth dependent directionality (F/B) for the oim and WT skin with SHG
creation emission directions of Fsyg = 100% and 50%. Simulations were
carried out over the range of 10040% forward emission. Fitting these
responses to the experimental data resulted in 77.5% and 72.5% Fsuc
emission for the oim and WT, respectively. (b) Comparison of the Monte
Carlo simulations of the oim and WT F/B assuming 77.5% and 72.5% Fsuc
creation emission for the oim and WT, respectively with the experimental
data. The standard error in the simulations results from the standard errors
in the bulk optical parameters shown in Table 1 at the SHG wavelength.
X°- tests for both the WT and oim indicate that the respective experimental
and simulated results are not significantly different.

nitude of the ratio (approximately by a fewfold) for each
tissue. This result indicates that it is inappropriate to assume
that all SHG photons are emitted in the forward direction, and
additionally that bulk optical parameters alone constitute an
insufficient description. In the current case the skin fibrils are
~Asug/d in diameter (70 and 100 nm for the oim and WT,
respectively) and as shown in several studies, SHG creation
will be comprised of a significant backward quasicoherent
component (2,14). To estimate this value, we ran simulations
varying the ratio of the initial emission directionality from
40% to 100% (Fsyg) at 2.5% increments. We use these
simulations to fit to the initial directionality by squaring and
summing the residuals between the simulations and experi-
mental data to calculate the R* parameter. Taking the mini-
mum of R? then yields %Fsug of 77.5% and 72.5%, for the
oim and WT, respectively where the uncertainly in each case

Biophysical Journal 94(11) 4504-4514



4510

is approximately =3%, determined by the shallowness of this
function around the minimum. The corresponding Monte
Carlo simulations with standard error generated from the
measured bulk optical parameters are shown with the ex-
perimental SHG data in Fig. 5 b. By inspection, the simula-
tions reproduce the trends of the experimental data, where we
observe that for both the WT and oim, the majority of the
measured and corresponding simulated data points overlap.
The x* test results in values of 0.13 and 0.29 for the WT and
oim, respectively, indicating that, for both tissues at the & =
0.05 level, the experimental and simulated results are not
significantly different. The experimental points in Fig. 5 b
deviate from the simulations most pronouncedly near the top
of the stack for both the oim and WT dermis, although more
so for the latter tissue, where the errors bars of the measured
and simulated values have little overlap in the first ~15 um
of depth. This is likely due to the fact that the skin biopsies
contain both the dermis and epidermis layers and it is difficult
to precisely locate the top of the SH producing dermis, rel-
ative to the non-SH generating epidermis. Additionally, the
top of the dermis is not likely to be in the same focal plane for
the breadth of the field of view. This result points to the
importance of analyzing the data set as a whole, where single
point measurements may not be sufficient due to the inherent
tissue heterogeneity.

Thus in addition to modeling the photon diffusion of the
SHG photons, this approach allows us to decouple the initial
emission directionality (i.e., Fsuc/Bsug), which cannot be
directly determined for tissues of thickness great than 1 MFP.
This capability is significant as this parameter in general may
be different for normal and diseased tissues comprised of
different fibril assembly, and can only be determined readily
in situ through a coherent modality such as SHG.

These determined SHG creation ratios are consistent with
our recent theoretical work (13) and estimates from other
reports (2,6). We note that in the current case we obtain the
same initial directionality for both the WT and oim tissues. It
might be expected that the decrease in the oim fibril size may
lead to a different Fsyg/Bspg distribution. However, we
showed recently how this can arise due to competing effects
of the smaller fibril size and increased randomness of the
packing in the oim relative to the WT (13). Even in this
scenario, however, the tissues can still be differentiated by
the subsequent propagation as the optical parameters are
distinct.

Depth-dependent attenuation of forward SHG
intensity: experiment and simulation

The next part of our integrated metric in differentiating nor-
mal and diseased tissues is measurement and simulation of
the depth-dependent attenuation of the forward SHG inten-
sity. This axial response arises from the primary filter effect,
SHG creation directionality and secondary filter effects
governing subsequent propagation. In comparing different
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tissues, this data also encodes the relative SHG conversion
efficiency, i.e., the relative y” values of the materials. This
property is directly reflective of the tissue organization and
may be different for normal and diseased tissues.

The forward attenuation data were taken concurrently with
the F/B data (Fig. 4) and the resulting averaged data with
standard errors are shown in Fig. 6 for the oim and WT
dermis. As the absolute SHG intensity of the diseased skin is
less than that of the WT skin, the data are normalized to each
other by using the maxima in each image stack. Because
biological tissues have intrinsic heterogeneity, coupled with
the depth dependent SHG conversion (associated with pri-
mary filter) we have found this approach necessary to account
for local variability. For comparison between tissues, the
intensities are normalized; subsequently this analysis does
not support z-test characterization. However, standard errors
are given. Beyond the top of the stack (where interfacial is-
sues are present) the simulated data is seen to adequately
reproduce the experimental data within the error bars. This
comparison shows two observations that are typically hidden
in SHG image analysis. First, both tissue types display a
strong primary filter effect, i.e., the forward SHG intensity
decreases sharply with depth. This shows that the scattering
losses of the laser are important in determining the SHG in-
tensities even in these relatively thin tissues. This is also
borne out by our Monte Carlo simulations that allow sepa-
ration of primary and secondary filter effects (see Discus-
sion). We next observe that this method of measuring the
SHG attenuation provides clear separation between the WT
and oim skin in terms of the attenuation. Interestingly, despite
being characterized by a similar and smaller w at the fun-
damental and SHG wavelengths, respectively, the oim skin
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FIGURE 6 Comparison of the experimental forward SHG attenuation
data with Monte Carlo simulations (with associated SE) based on the bulk
optical parameters at both the fundamental and SHG wavelengths (Table 1).
The creation directionality was taken from Fig. 5b, and relative SHG
conversion efficiency of 2.54-fold larger for the WT was used. As absolute
magnitude of the SHG intensity from the oim is smaller than that of the WT,
the data are normalized to their respective maximum and also to the maxi-
mum in each series to account for local variability in the tissues. Xz— tests for
both the WT and oim indicate that the respective experimental and simulated
results are not significantly different.
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displays a more rapid decrease in intensity with increasing
depth than the WT, showing the inadequacies of the use of
bulk optical parameters alone as a quantitative description.

In conventional scattering experiments, the attenuation can
be estimated by fitting the response to an exponential decay.
This is not possible for the SHG case as the attenuation
results from a compounded mechanism comprised of the
wavelength dependent bulk optical effects (distinct at the
fundamental and second harmonic frequencies), SHG con-
version efficiency and SHG creation directionality that all
culminate to produce the measured response. As a conse-
quence the initial intensity of the SHG at a given depth is
linked to the laser intensity at that point (having been de-
creased by scattering with increasing depth). The measured
intensity is further determined by the extent of the remaining
tissue the photons must travel through to be collected (sec-
ondary filter effects). Thus in a SHG tissue imaging experiment,
there exists a strong depth dependence on the contribution of
the primary and secondary inner filter losses based on the
respective bulk optical parameters at these wavelengths.

We must also consider that the relative SHG intensity from
the oim skin (same laser power) is weaker than that of the
WT. Thus the normalized SHG intensity from the oim will
decay faster relative to the WT due to fewer initially gener-
ated photons at subsequent depths. A similar mechanism was
proposed by Welch et al. (26) for fluorescence measurements
in tissue, where they introduced the idea of weighted photons
that accounted for local absorption coefficients and fluores-
cence quantum yields. We draw on this idea to compare the
SHG signal propagation in these different SHG producing
tissues. Rather than an absorption coefficient, the SHG
intensity is determined by the second order nonlinear sus-
ceptibility y>. Although we do not determine absolute y?
coefficients, we can estimate the relative conversion effi-
ciencies for the WT and oim tissues based on SHG intensity
measurements. We cannot measure these values directly in
skin as it is not possible to slice specimens of insufficient
thickness such that the initial SHG intensities can be mea-
sured in the absence of scattering. As an alternative, we car-
ried out these measurements in thin oim and WT bone slices
(6 wm) where multiple scattering will be insignificant. These
measurements show that the WT was ~2.54 = 0.22 (p =
0.04) fold brighter than the oim bone. (11) We previously
reported that the collagen concentration in these tissues is
similar (based on quantitative Sirius Red staining), thus the
observed intensity differences can be ascribed to the differ-
ence in y°. As x* is the spatially averaged macroscopic analog
of the molecular hyperpolarizability, it is expected to have a
lower value in the more disordered tissue.

To decouple the forward SHG attenuation data provided in
Fig. 6 into relative conversion efficiency, primary and sec-
ondary filter effects, we use Monte Carlo techniques based on
the framework presented in the previous section. Mathe-
matically we account for the differences in y* by use of a
smaller scattering cross section in the simulation (see flow-
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chart in Fig. 1). Using the relative SHG conversion efficiency
ratio of 2.5:1 for WT versus oim the resulting simulations
(with standard error from the measured bulk parameters) are
illustrated in Fig. 6 along with the experimental data. We
observe that for both the WT and oim, most of the depth
points beyond the top of the stack (i.e., the normalization
region), are characterized by overlap of the experimental and
corresponding simulated data. The x test results in values of
0.07 and 0.28 for the WT and oim, respectively, indicating
that for both tissues, at the & = 0.05 level, the experimental
and simulated results are not significantly different.

This simulation shows how the bulk optical parameters
and relative x” values strongly affect the measured attenua-
tion of the forward SHG for each tissue. Moreover, the use of
simulations enables us to isolate the relative effects of the
contributing factors of the measured signal. Specifically, this
approach allows us to determine relative SHG conversion
efficiencies between different tissues once the respective bulk
optical parameters are known at the fundamental and SHG
wavelengths. This would be accomplished by running sim-
ulations varying the relative conversion efficiency and then
comparing the results to the experimental data to achieve the
best fit (in analogy with the method presented in 3.1 on the
directional data). The current case, where we have knowl-
edge of the relative conversion efficiency provides validation
for the approach.

DISCUSSION

SHG imaging and simulation forms an
integrated metric

Our results on the oim mouse model show that the combi-
nation of measurement of the bulk optical parameters, depth
dependence of the SHG directionality and attenuation re-
sponses, coupled with Monte Carlo simulations provides an
integrated method to carry out relative, but still quantitative
comparisons between healthy and diseased tissues. In con-
trast, characterization based solely on single wavelength
measurements of the bulk optical parameters is inconclusive
due to their inherent spectral dependence. In comparison of
oim and WT skin, the u, values were statistically similar (p =
0.267) while distinct (p = 0.009) at the fundamental and SHG
wavelengths, respectively. Addressing a similar situation,
Liu et al. (27) used a method based on scattering (non SHG)
that required both a complete spectrum of the scattering co-
efficient as well as the angular dependence of the scattering
directions to classify normal and diseased tissues.

Using SHG image analysis eliminates the need to deter-
mine the complete spectral dependence of s, requiring only
the knowledge of bulk optical parameters at the fundamental
and second harmonic wavelengths. These data coupled with
the unique information revealed by SHG process provides
a more complete tissue characterization than possible by the
spectral dependence of the scattering coefficients or SHG
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image morphology alone. The enabling aspect of the SHG
contrast results from the quasi-coherence of the process as
well as the intrinsic symmetry constraints, yielding sensi-
tivity to morphological and physical properties that may in
general be different for normal and diseased tissues. For
example, the axial directionality response (Fig. 4) arises, in
part, from the initial emission directionality, which is directly
related to the fibrillar assembly of the tissue in terms of fibril
size as well as organization. Although we find the fibril sizes
(and initial emission directionality) are not highly different in
oim and WT dermis, the sizes are different in the corresponding
tendons, (11) and moreover, may be in other diseases as well.
The measured F/B versus depth is also governed by the
secondary filter effects on the generated signal, which are
statistically different for the oim and WT, based on the
measured parameters (Tables 1 and 2) as well as the Monte
Carlo simulations in Fig. 5 b. The axial dependence of the
SHG (Fig. 6) provides an additional piece of the metric for
tissue characterization as it is governed by SHG conversion
efficiency, as well as the primary and secondary filter effects
during subsequent propagation. The conversion efficiency is
directly related to the organization of the tissue, such that at
the same collagen concentration, uniformly aligned fibrils
will yield a larger second order response than a more random
assembly, which is associated with the oim disease state. By
contrast, the extent or regularity in the order or in the other
limit, the randomness, is not directly reflected in the scat-
tering coefficient. Whereas the scattering anisotropy is re-
lated to the order, the SHG conversion efficiency is of more
direct relevance due to the inherent need for nonrandom as-
sembly to satisfy the second order asymmetry constraint.
However, the simulations still require bulk optical parame-
ters at both the fundamental and second harmonic wave-
lengths. Thus, we submit that when taken together, the SHG
signatures (initial emission direction, conversion efficiency,
and subsequent propagation) more directly and completely
reflect the tissue organization than possible by consideration
of the bulk optical parameters SHG properties alone.

We have achieved good agreement with the experimental
data and corresponding Monte Carlo simulations (by the x?
test), which validates our primary goal of using the modeling
to decouple all the factors that give rise to the observed
contrast and thus provide insight into the trends that govern
the axial responses on changes in the fibrillar structure. For
example, we have shown that simulations can extract the
SHG creation ratio and the relative conversion efficiencies by
modeling the depth dependent directionality and attenuation,
respectively. We note that neither of these properties is di-
rectly obtainable from tissues.

The use of simulations also allows for isolation of the
primary filter effect on SHG creation versus the observed
measured SHG response. This comparison is shown in Fig. 7,
where we plot the simulation of 72 versus depth and the
experimental attenuation data (the latter shown without error
bars for clarity). The overlap of these plots (both for the oim
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FIGURE 7 Comparison of Monte Carlo simulations (using the bulk
optical parameters Table 1) of the primary filter effect and the measured
SHG attenuation (primary + secondary filters) for the WT and oim skin.
These simulations are similar in their depth-dependence showing that the
attenuation response is set primarily by the primary filter.

and WT) shows the dominance of the primary filter on the
SHG response. One might have assumed that that the square
dependence on the laser intensity of the SHG creation would
be overcome by the secondary filter effect on the signal
propagation. For example, by contrast, it has been shown in
some cases that loss of the generated signal (e.g., SHG (28)
and fluorescence at visible wavelengths (29) from muscle) is
the main factor in achievable imaging depths using multi-
photon excitation with near infrared wavelengths. Thus, the
combined use of experiment and simulation yields to a more
thorough understanding of laser—tissue interactions, which is
necessary if we are to ultimately adapt such an approach to
clinical applications.

Future clinical application of the method for Ol

We have shown that this combined approach of SHG imag-
ing and simulation can be used to differentiate normal and
oim skin tissues. Although absolute determinations of bulk
optical parameters are difficult to achieve, errors in our
method are reduced through the use of normalization and
comparative analysis. The overall ensemble of parameters
constituting our quantification metric is consistent with a
more disordered matrix comprised of smaller fibrils in the
oim diseased state. We suggest that these results are further
consistent with the observed phenotype in each genotype,
and further that this optical scheme could be used in lieu of
existing invasive and destructive methods. Although these
measurements were made on a comparative basis in a mouse
model, we envision that a library of data could be built up
such that we could classify normal and diseased human tissues
by their 3D SHG response. This approach may be particular
valuable in diagnosing the severity of OI and correlating this
with genetic information. Although we believe the diseased
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signatures will emerge over the inherent tissue heterogeneity,
we foresee the method as being especially useful in moni-
toring the status of individual patients relative to their initial
screen, where patients would already have a genetic profile.
Thus, imaging several areas of skin and carrying out statis-
tical analysis would provide a reference point for future
screenings. To provide self-consistent measurements, it may
be possible to normalize the SHG to another marker such as
the collagen concentration. Additionally, this approach may
permit monitoring the efficacy of treatment. For example, the
effect of treatment with bis-phosphonates has been typically
assessed by bulk bone density and mineralization measure-
ments (30). Perhaps more insight into the action of such drugs
can be gained by analyzing the fibrillar structure of the matrix
at high resolution and monitoring patients over time intervals.
This approach may be successful as the measurements will be
carried out relative to each other. SHG is also well-suited for
this task due to the inherent optical sectioning capabilities.
For example, in carrying out imaging on ex vivo biopsies or
ultimately in vivo, the scattering signatures will arise from
several layers of the tissue. However, SHG provides isolation
of the response from the collagenous layers, corresponding to
the dermis in the current case.

Having the ability to carry out this analysis on skin has the
added potential clinical benefit. For clinical diagnostics, the
current standard of care for OI is a highly invasive bone bi-
opsy followed by bulk assays of bone density. A less invasive
procedure is desirable, especially for children, for whom such
procedures are most commonplace, as the detrimental effects
of the disease are often the most severe in these patients due
to the high demand for skilled bone growth. Although we
cannot currently perform the F/B depth dependent analysis in
the ideal noninvasive limit, carrying out a skin biopsy is a
much less-invasive procedure than that of bone. Moreover,
the depth-dependent attenuation (Fig. 6) could be carried out
in such a noninvasive manner. Specifically, this could also be
carried out in the backward direction and would contain all
the same information as that of the forward data and could be
analyzed by the same Monte Carlo methods.

CONCLUSIONS

We have shown that measurement of the depth-dependent
SHG directionality and attenuation responses in conjunction
with simulations based on the bulk optical parameters pro-
vide quantitative and statistical distinction between oim and
WT skin tissues. This approach allows separate determina-
tion of the initial coherent emission directionality, the sub-
sequent photon propagation through the tissue, and relative
values of the conversion efficiency. This is an important
capability as normal and diseased tissues may be character-
ized by different SHG creation attributes, SHG propagation,
or combination of both. Monte Carlo simulations provide
insight into the laser-tissue interaction and allow us to de-
couple all the factors that give rise to the directional and at-
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tenuation responses that arise from structural aspects of the
tissue assembly. A primary finding of this work is that no
single plot or parameter is capable of describing the diseased
state accurately, only through the assembly of all the SHG
and bulk optical parameter data is a thorough description
achievable. SHG imaging also allows correlation of the ob-
served morphology with physical properties of the tissue
assembly, and furthermore can achieve this outcome in intact
(although currently excised) tissues. This overall approach
may provide a general and versatile means to characterize
connective tissue structure and may also be applicable to
other disorders such as scleroderma as well as cancer.
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