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Abstract

Significance: Optical coherence tomography (OCT) is an interferometric imaging modality,
which provides tomographic information on the microscopic scale. Furthermore, OCT signal
analysis facilitates quantification of tissue optical properties (e.g., the attenuation coefficient),
which provides information regarding the structure and organization of tissue. However,
a rigorous and standardized measure of the precision of the OCT-derived optical properties,
to date, is missing.

Aim: We present a robust theoretical framework, which provides the Cramér —Rao lower bound

oy TOT the precision of OCT-derived optical attenuation coefficients.

Approach: Using a maximum likelihood approach and Fisher information, we derive an
analytical solution for o, . when the position and depth of focus are known. We validate this
solution, using simulated OCT signals, for which attenuation coefficients are extracted using a

least-squares fitting procedure.

Results: Our analytical solution is in perfect agreement with simulated data without shot noise.
When shot noise is present, we show that the analytical solution still holds for signal-to-noise
ratios (SNRs) in the fitting window being above 20 dB. For other cases (SNR < 20 dB, focus
position not precisely known), we show that the numerical calculation of the precision agrees

with the o, .. derived from simulated signals.

Conclusions: Our analytical solution provides a fast, rigorous, and easy-to-use measure for
OCT-derived attenuation coefficients for signals above 20 dB. The effect of uncertainties in the
focal point position on the precision in the attenuation coefficient, the second assumption under-
lying our analytical solution, is also investigated by numerical calculation of the lower bounds.
This method can be straightforwardly extended to uncertainty in other system parameters.
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1 Introduction

Optical coherence tomography (OCT) is an imaging technique based on low-coherence inter-
ferometry, providing cross-sectional views into the subsurface structure of samples. OCT creates
depth resolved images with a high-spatial resolution, commonly in the range of 5 to 15 ym. OCT
is widely used in numerous disciplines, ranging from diagnostic medicine to art conservation.
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Next to visualization, OCT also provides additional information about physiological proper-
ties such as blood content, as well as tissue structure and organization.l’2 This information is
extracted from the optical properties®* of the investigated tissue and therefore the clinical value
of this information will depend strongly on the precision with which these properties can be
determined. One important optical property is the so-called attenuation coefficient uoer (mm=1),
which is a measure of the decay of light intensity within the sample due to absorption and
scattering. Changes of absorption and scattering properties of the investigated tissue are thus
reflected in the attenuation coefficient and can be used for tissue characterization, such as in
cancer detection.>>® Promising results have been shown in medical fields, including cardiology,
dermatology, and urology.”'* To distinguish different structures and to extract reliable optical
information from tissue, it is crucial that the poct is measured accurately and precisely. The main
cause of imprecision is speckle. OCT speckle is the voxel-to-voxel variation of OCT amplitude,
due to random variations in the spatial position of scattering particles within the imaging voxel.
Randomly placed scatterers within the voxels will thus return scattered fields with random ampli-
tude and phase, leading to intensity fluctuations at the detector. Another cause of fluctuation is
(shot) noise. These fluctuations ultimately limit the precision with which the attenuation coef-
ficient can be obtained.

The common approach to extract the attenuation coefficient is to select an axial fitting range
(AFR) and apply a nonlinear least squares (NLLS) curve fit using an appropriate signal
model."> This model features the optical properties of interest as well as parameters that char-
acterize the OCT system itself. For maximum likelihood estimation (MLE) methods, the maxi-
mum obtainable precision of the parameters can be calculated using a Cramér—Rao analysis'®
based on the Fisher-information matrix (FIM) Fg. The latter is a measure of the amount of
information about the parameter set 0 that is present in the observed data. The inverse of the
FIM Fy ! represents a covariance matrix, in which the diagonal elements represent the variance
of the parameters and the off-diagonal elements represent the covariance between parameters.
The Cramér—Rao inequality reads cov(0, 8) > Fg' and asserts that no unbiased estimator can be
found for which the variance of the estimated parameters is lower than the diagonal elements of
the covariance matrix Fy 116 For observed data that are normally distributed, NLLS curve fit-
ting (y2-minimization) is a form of unbiased MLE and thus should be capable of reaching the
Cramér-Rao lower bound (CRLB) to achieve the maximum attainable precision. For ease of
interpretation, the CRLB will be expressed here as a standard deviation (square root of the
diagonal elements of Fy 1), so it has the same physical units as the parameters it applies to
le.g. Ouoer (mm~!)]. When the MLE procedure would be repeated a large number of times
on statistically independent “realizations” of the dataset, the CRLB can be interpreted as the
lowest attainable value of the standard deviation of the distribution of the resulting parameter
values.

Here, we present an analytical expression for the CRLB for the attenuation coefficient. It is
derived from the FIM for speckled OCT data, under the assumption that noise is absent, and the
focal point position, the Rayleigh length of the optical system, and the sensitivity roll-off in depth
are known. The limit of validity of the expression under the first assumption is investigated
numerically at different noise levels while assuming a shot noise limited system. The effect
of uncertainties in the focal point position on the precision in the attenuation coefficient, the
second assumption underlying our analytical solution, is also investigated and can be straight-
forwardly extended to uncertainty in other system parameters.

2 Theoretical Background

Several preclinical and phantom studies have shown that the OCT signal versus depth z is best
described by a single exponential decay curve, corrected with the confocal point spread function
and sensitivity roll-off in depth. The resulting expression for the mean-squared OCT signal as a
function of depth in the sample is'’

(ia(2))* = a-T(z—zy) - H(z = z0) - exp(—2pocrz) + (£)*, (1)
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where a = 5 - j;, Na 1S @ conversion factor that includes the detector response; pj, na i the back-
scattering coefficient within the numerical aperture (NA) of the detection system; (£)? is the
mean-squared noise floor, which is assumed to be independent of depth, and T'(z) is the confocal
point spread function:'®

2nzg

T(z—z5) =

Here, z; is the focus position and 2nzy is the depth of focus, with n denoting the average refrac-
tive index along the beam and zy is the Rayleigh length measured in air. The function H(z — z;)
describes the sensitivity roll-off in depth for non-time domain OCT systems as'’

_ 2 _ 2

where z;, is the distance between zero-delay and the tissue boundary; r is the ratio of optical
resolution to sampling resolution; and z, = 1> /4nA is the maximum imaging depth achievable
with a spectral sampling pitch 64 and a central wavelength of A.

In contrast to the confocal parameters, the roll-off is nowadays almost negligible for swept
source-based OCT systems. To simplify the following analysis, we assume that the sensitivity
roll-off can be accurately calibrated and that the signal is preprocessed to account for its influ-
ence. To include the roll-off into the theoretical framework, the following analysis can straight-
forwardly be extended by including the parameters r, z,, and zp in the parameter set and the
function H(z) in the signal model as described in Eq. (1). We proceed with the mean-squared
measured signal

(A(2))> = a- T(z—zy) - exp(—2pocrz) + (£)? = (A(2))* + (0)*, @)

where (A(z))? represents the mean-squared amplitude in the absence of noise.

In contrast to the mean-squared amplitude of Eq. (4), a single A-scan A,(z) is a fluctuating
(random) signal due to the presence of speckle and noise. Under the assumptions of fully devel-
oped speckle and shot noise limited detection, the random amplitude at each depth follows
a Rayleigh distribution.'””” The amplitude variance ¢%(z) is the sum of the variances due to
speckle and shot noise, which are proportional to the backscattered power from the sample and
the reference arm power, respectively. Note that for a Rayleigh distribution, the relation between
its variance and mean is fixed as 65 = (%)(A(z))?, where the constant cr = 4(4 — z) /x is intro-

duced for later convenience. This relation yields to the familiar “speckle contrast” for fully devel-

oped speckle, the ratio of standard deviation, and mean amplitude, (A‘(’# = \/5_7‘ = 0.5227.2122

Consequently, the amplitude variance at each depth using Eq. (4) can be expressed as

CR ~
03 (2) = 5 ((A(2))* + (€)?)- &)
To reduce the amplitude fluctuations, A-scan averaging of statistically independent individual

A-scans can be performed.** The averaged amplitude S(z) = %Z_l,'v:] A;(z) remains a fluctuating

quantity with mean (S(z)) = (A(z)) and variance 6 (z) = 65 (z)/N. This averaged amplitude, in

general, follows an unspecified distribution pg(S) different from the Rayleigh distribution.
However, with a sufficient number of averages N > 30, the averaged amplitudes at each depth
can be adequately characterized by a normal distribution pg(S) = N ((A(z)), 63 /N),* which we
will assume henceforth.

The single A-scans, and therefore the averaged OCT signal, are fully parameterized by the
parameter array ® = [a, pocr. 27, 2, ¢]. In this parameter array, only a and pocr represent the
optical properties of interest, all other parameters characterize the OCT system and can in prin-
ciple be calibrated to some finite precision. The attenuation coefficient is commonly extracted
trough NLLS y2-fitting using the square root of Eq. (4) as fit model, which is applied on an AFR
from positions AFR;, to AFR, ... An example of such fit is shown in Fig. 1 (orange line).
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Fig. 1 Average of N = 100 independent A-scans (blue line). The amplitudes in the underlying
single A-scans follow a Rayleigh distribution and are simulated using Eq. (11) using a parameter
set 0 = [a= 2500, uoct =2 mm~', z; = 0.3 mm, zg = 0.2 mm, and gyt = 7]. The two gray
dashed lines indicate the boundaries of the AFR (AFR length: 328 um and sample points:
M = 41). The inset depicts the normally distributed amplitude values S(z) of 10* averaged
A-scans at depth position z = 0.49 mm. The amplitude at the end of the AFR is used to calculate
the window-specific SNR with Eq. (13) as SNRarr = 37 dB. The orange line depicts a curve fit
using the square root of Eq. (4) as fit model with a and ugct free running.

Fluctuations in amplitude due to speckle and shot noise lead to uncertainty in the parameter
estimation. To determine the smallest achievable uncertainty, i.e., the CRLB corresponding to
the most precise uocr estimation, we start with the FIM matrix for the averaged A-scans'®

M 2
0° log ps(5(zi): 8)
(Fg)y = E
o)k Z s{ 90,00, , (6)

where pg(S) is the probability density function for the averaged OCT amplitude, the sumi = 1... M
runs over all independent averaged amplitude values within the AFR and k and [ index the param-

eter array. The expectation value ES[W] [eps(S(z:); 0)[%]d$( ;) is

calculated by integration over the probability density function pg(S). For normally distributed
values of S(z;), the FIM evaluates to'

= Foat (550250

i=1

, (M

0=0,

for M independent measurement points within the AFR and evaluated at a given set of parameters
0. Here, (S(z;)) is the expectation value of the averaged OCT amplitude at depth z;, and 63(z;) is
the corresponding variance. In terms of OCT amplitude mean and variance,

&N ((A(z)) 0(A(z)))
(Fo)kz—lz;ai(zi)< 00, 00, )

. ®)

0=0,

where N is the number of averages in the averaged A-scans, (A(z)) is obtained from the square
root of Eq. (4), and 64(z;) is obtained from Egq. (5).
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F¢y quantifies the variation in signal likelihood caused by variations in the parameters of the
signal model. By inversion of the FIM, we obtain the variation in estimated model parameters
due to variation in the signal likelihood. This inverse of the FIM, Fy!, constitutes a quadratic
covariance matrix, in which the diagonal elements represent the variances for each parameter in
the set ® = [a, iocr, 27, 2g- ¢ (and the off-diagonal elements represent covariances). We express
the CRLB on the precision as a standard deviation, e.g., as the square root of the diagonal
element values of Fy I In our case, the CRLB of the precision of the attenuation coefficient
(640cp) 18 then given by the square root of the second diagonal element of Fy !. When the fitting
procedure would be repeated a large number of times on statistically independent “realizations”
of the dataset, the CRLB can be interpreted as the lowest attainable value of the standard
deviation of the distribution of the resulting attenuation coefficient values.

For the present set of parameters, Fisher-information and covariance matrices of dimensions
5 X 5 are obtained.

In contrast, by assuming z; and zj as exactly known and shot noise as being negligible and
thus absent from the model, the parameter array is @ = [a, pocr] and the FIM becomes a 2 X 2
matrix whose inversion can be computed analytically. Approximating the summation in Eq. (8)
as an integration, a closed-form expression for the CRLB for the attenuation coefficient 6,, ., can
be obtained (Appendix A):

1 3.-¢ R
O = .
#oct = AFR,. — AFR;, VM - N

€))

Equation (9), the main theoretical result of this article, shows that under the present assumptions,
the maximum precision obtainable for yugcr depends only on the axial size of the AFR, the
number of independent points (M) in the AFR, and the number of independent preaverages
(N). The 6, is independent of the attenuation coefficient and the amplitude values. When
noise is nonnegligible, it is not possible to find an analytical solution, and the lower bound has
to be calculated numerically.

In practice, the focal point position in tissue z; will not be known exactly but with some a
priori determined or estimated precision p, , expressed in the same units as z . Calculation of the
CRLB using Eq. (9), based on a 2 X 2 FIM in which the focal position is assumed to be exactly
known (p,, = 0), will yield an overestimation of the best attainable precision in yoct. However,
the calculation of the CRLB based on a 3 x 3 FIM, with @ = [a, pocr. 27 may yield an under-
estimation of the best attainable precision because in that case zy is a free running parameter in
the fit, allowed to take all possible values (p, = o0). Some variation of yocr can then be com-
pensated by variation in z;. Following the procedure in Ref. 24, it is possible to compute the

change in o, ., by including prior knowledge of the precision in z; as follows:

OCT

=2
~ 2 if
Cuoer = O 1-P = (10)
Hoct HOCT\/ (Hoct-zy) pgf + G%f
where &, and &, are the CRLBs assuming no prior information on both parameters,
_ 2 ,_,2 ,.,2 . . . . ._
Pluoerzy) = 6(.“()CTaZ/)/ G0 0z, 18 the normalized covariance between the attenuation coeffi

cient, and focal point position (P < 1). With increasing precision of the focal point posi-

HOCT~Zf)
tion due to calibration (e.g., p, — 0), the CRLB 6, . decreases. Note that the extent of

OCT

improvement depends on the magnitude of P : for very weak covariance between both

ﬂOCT-Zf)
parameters, the improvement in the CRLB will be small. In this case too, an analytical expres-
sion cannot be found and the CRLB must be calculated numerically.

3 Methods

We performed three sets of numerical experiments, all implemented in Python 3.8.2. For each,
N single A-scans are simulated using Eq. (11) with the parameters set as a = 2500,
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toct = 1,2,5,10 mm!, Zy = 0.3 mm, and zz = 0.2 mm. Each A-scan consisted of 250 inde-
pendent data points, over a simulated range of 2 mm (6z = 8 ym increments). These settings
correspond to typical system parameters for nonophthalmic OCT systems. To simulate A-scans
with Rayleigh distributed amplitudes, we used the standard method of sampling? based on
inversion of the continuous distribution function:

4
Agm(zi) = \/—m -0 (zi) - In(&p 1), Y

where &) is a uniformly distributed random number between 0 and 1. The total variance
02 (z;) is calculated according to Eq. (5). These A-scans are subsequently laterally averaged,
Seim(zi) = %ZyﬂAsim, ;(2;). Next to the mean, for each data point the variance aiim (z;) is
also computed. Values on the discrete depth axis are given by z; = (i — %) oz withi=1...N.
The attenuation coefficient is found by a Levenberg—Marquardt NLLS curve-fitting pro-
cedure applied to the averaged A-scan, with either two (a, uoct) or three (@, pocr, z¢) or all
parameters except the noise floor (a, gocr, 2 s zg) free running, as specified below, and the other
parameters fixed at the input value of the simulations. This procedure finds the model parameters
by minimizing the variance-weighted sum of squared residuals y? in the AFR according to

s 2 [Sem(zi) — Alz))? (12)

agsim (Zl) ,

where the fit model A(z;) is obtained from the square root of Eq. (4). Fit procedures are repeated
10* times to calculate the mean and standard deviation of the distribution of yocr estimations.
This obtained standard deviation is then compared to the CRLB for the specific experiment,
calculated numerically based on Eq. (8)—as the square root of the second diagonal element
of Fy'—or analytically using Eq. (9). To quantify the effect of noise on the pocr estimation,
we calculate an AFR-specific signal-to-noise metric as®

Oshot

SNRAFR = 20 . loglo(

using the amplitude at the maximum depth of the AFR S(AFR,,,,) and the standard deviation
of the shot noise ogo = /Z(C).

In the first experiment, we compare the standard deviation of the 10* fitted attenuation coef-
ficients to the CRLB on the precision of ygcr as a function of the number of averaged A-scans N.
The CRLB is calculated numerically as well as with the analytical solution of Eq. (9), in the
absence of shot noise ({ = 0, o4, = 0), and numerically in the presence of shot noise ({ = 13.5,
ogot = 7). The shot noise value is arbitrarily chosen and corresponds to the signal-to-noise ratio
(SNR) value encountered in practice. The AFR was 2 mm. Values for averaging were linearly
spaced between 2 and 110.

In the second experiment, we investigate the influence of the noise level in the AFR on the
precision of the attenuation coefficient estimation by shifting an |AFR| = 328 um starting at
z =10 down to a depth of 6 mm to vary AFR,,, and thus SNR g in Eq. (13). Simulations
are done using { = 0.191 (o4, = 0.1) to facilitate SNR zrr up to 80 dB. We lowered the noise
level to ensure that the full range up to 60 dB of the SNRs is covered.

In the third experiment, we investigate the influence of prior knowledge of the precision in
focal point position z; in the presence (§ = 13.5, 64, = 7) of noise. We calculated the CRLB in
the case of two free parameters with two (a, pigcr) or three (a, pocr, zy) free parameters. The
former case indicates complete knowledge of the focal point position, the latter case indicates
no knowledge at all. Equation (10) predicts the achievable precision when some knowledge,
between these two extremes, is available. To simulate this situation, we implemented a con-
strained NLLS fitting algorithm, in which the parameter z; was only allowed to vary between
in a restricted range around the true value, 0.3 mm £p, where p, was increased from 0.001 to

0.05 mm with a step size of 0.001. The AFR was 2 mm.
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4 Results

An example of a simulated 100 times averaged A-scan S(z) is shown in Fig. 1 (dark blue line).
In this simulation, the parameter set of 0 = [@ = 2500, yocr = 2 mm™', 7y = 0.3 mm,
zg = 0.2 mm, and 6,,; = 7] was used. The orange line depicts an NLLS fit using the square
root of Eq. (4) as fit model, with a and ugcr free running. The boundaries of the |AFR| =
328 um are given by the vertical gray lines. The inset shows the distribution of 10* values
of the S(z) values at position z = 0.49 mm and demonstrates that the data points used in the
fit can assumed as being normally distributed. The mean and standard deviation of 10* values of
the fitted parameters are o = 2500 £ 21 and poer = 1.999 4 0.088 mm~'.

For the example given, numerical evaluation of the CRLB using Eq. (8) yields 6y =
6, = 112,06, = 0.0863 mm™!]. The corresponding CLRB from the noise-less analytical
expression Eq. (9) is 6, = 0.0862 mm~!, indicating that the influence of noise is nearly
negligible in this simulation. We compared the CRLB for the attenuation coefficient using differ-
ent combination of fixed and free running parameters, shown in Table 1 (an extended version is
shown in Table 2 in Appendix B).

With relatively high SNR g = 37 dB, the influence of noise is not visible. This table clearly
illustrates that precise knowledge of the confocal parameters z; and zg, which removes them as
variable parameters in the estimation procedure, increases the achievable precision in the attenu-
ation coefficient. No precise determination of the attenuation coefficient is possible when all
parameters are free running (bottom row). Essentially, the fit in the selected AFR is now over-
parameterized, and variations in ggcr can be counteracted by variations in other parameters to
maintain a minimum y?. In the two intermediate cases, with either z ¢ or zp free running, the
CRLB is not reached using the employed NLLS curve-fitting algorithm.

The result of the first numerical experiment is shown in Fig. 2, which shows the precision of the
attenuation coefficient determination as a function of the number of averages N. We used an AFR
equal to the full penetration depth of 2 mm in the absence (a) and presence of shot noise (b). Please
note the different vertical scales. The confocal parameters are fixed at z; = 0.3 mm, zz = 0.2 mm.
The dashed black line in both panels represents the CRLB ¢, in the absence of noise using Eq. (9),
and the colored lines indicate the calculated o, ., associated with the particular values of uocr.
The colored dots each indicate the standard deviation of 10* pqer fits to the averaged A-line.

The predicted 1/+/N dependency of the precision is visible for the analytically and numeri-
cally calculated o, .. and is verified by the simulation results. For small N (<30), the distribution
of averaged amplitudes S(z) is not sufficiently approximated by a normal distribution, leading to
a small difference between the predicted CRLB and the standard deviation of the simulated data.
Figure 2(a) shows that the calculated and simulated precisions overlap perfectly if the averaged
amplitudes can be assumed as being normal distributed (number of averages N = 30, see also

Table 1 CRLB for precision of attenuation coefficient estimation at uoct = 2 mm~1; and corre-
sponding simulation results for different parameters fixed or free running in the fitting procedure.
Parameter and simulation values are equal to those in Fig. 1. The CRLB marked with (I) is
calculated using the analytical expression Eq. (9); other values are calculated numerically from
Eq. (8). The simulation results are the standard deviation of 10* ugcr estimations.

Free running (v') or fixed (-) parameter Coer (mm-1)
A HocT Zy Zp Oshot = 0 Oshot = 7
2500 2 mm-! 0.3 mm 0.2 mm CRLB sim CRLB sim
v v — — 0.086° 0.088 0.086 0.087
v v v — 0.34 0.46° 0.34 0.45°
v v — v 0.89 0.67° 0.89 0.67°
v v v v 2.5 1.8° 25 1.7°

2Calculated from Eq. (9).
bFitted uocr values were not normally distributed.
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Fig. 2 CRLB on the precision of uoct (Mm™') (lines) as a function of the number of averaged
A-scans N in (a) the absence and (b) presence of shot noise (oot = 7). The CRLB is calculated
analytically using Eq. (9) (dashed lines) and numerically based on Eq. (8) (solid lines). Model
parameters 0 = [a = 2500, uoct = [1,2,5,10] mm~', z; = 0.3 mm, and z5 = 0.2 mm|. The dots
each show the standard deviation of 10* fitted uoct values using the square root of Eq. (4) as
fit model, with @ and ugct free running. AFR = 2 mm with M = 250 data points.

Appendix C). In the absence of noise [Fig 2(a)], the simulation results and CRLB predictions for
Hocr = [1,2,5,10] mm~' coincide as predicted by Eq. (9). This nondependence on pocr of the
precision appears lost when noise is present [Fig. 2(b)]. Better precision is predicted and
obtained for lower attenuation coefficient values, all other parameters being equal. This tendency
is explained by the fact that with decreasing pocr, the averaged amplitude S(z) decays slower,
and therefore reaches the noise level at a later point in within the fixed AFR. Consequently, with
less data points falling into the noise region, the number of data points that effectively carry
information on ugcr is increased compared to curves with higher attenuation coefficients.
For small pocr, the noise-dependency remains negligible, for which reason the CRLB is
described well by the analytical expression Eq. (9) in this regime.

To further substantiate the effect of noise in the AFR on the CRLB, in the second experiment
we decreased the AFR to 328 ym (M = 41 data points). By sliding the AFR in depth, the
contribution of noise is increased leading to a reduced SNR,gr [Eq. (13)]. The reduced AFR
corresponds to measurements when the pgct of a limited section of the depth scan is sought.
The results are shown in Fig. 3, where the notation is kept the same as in Fig. 2.

The limiting value of ~0.086 mm™" for increasing SNR spy is found from Eq. (9) and is the
direct consequence of the presence of speckle. Shot noise as an additional source of signal fluc-
tuation leads to a further decrease of achievable precision (higher ¢, ). The lowest value of

Hoct
0.6
CRLB: Hoct = 10.0
0.5 A —— Moct = 5.0
—— Hoct = 2.0
Uoct = 1.0
simulation: Uoct = 10.0
Hoct = 5.0
Moct = 2.0
Hoct = 1.0
—-—- analytical
0.0 T T T T T
0 10 20 30 40 50 60
SNR in dB

Fig. 3 CRLB on the precision of uoct (Mm™') as a function of window-specific SNRgg. The black
dashed line represents the CRLB in absence of noise, calculated with Eq. (9). Colored curves re-
present the CRLB based on Eq. (8). The dots each show the standard deviation of 10* fitted ugcr
values. The data were simulated using 6 = [a = 2500, uoct = [1,2,5,10) mm~', z; = 0.3 mm, zg =
0.2 mm, 6g,t = 0.1]. Sliding AFR = 328 um with M = 41 data points. N = 100 A-scans were aver-
aged prior to the fitting using the square root of Eq. (4) as fit model, with « and poct free running.
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SNR rR in the current experiment is 5.63 dB, which is found by rewriting Eq. (13) as SNRypr =

20 - loglo(\/%w) and setting the amplitude at the end of the AFR equal to the mean noise

floor. Clearly, in this case, the data carry little information on pgcr and the achievable o,
grows infinitely large. For high SNR g, the precision tends asymptotically toward the value
obtained from the analytical expression.

Above an SNR zgr of 20 dB, shot noise shows negligible impact on the CRLB for the attenu-
ation coefficient. In commonly performed OCT measurements, the SNR is usually higher within
the fit range. In this SNR regime, 6, is sufficiently described by Eq. (9) if z; and zy are
exactly known.

In general, increasing the number of free running parameters in a fit leads to larger CRLBs,
because a fit with more parameters allows more “wiggle room” for other parameters to achieve
low y2-values (see also the example in Table 1) especially with strong covariances between the
parameters. For example, in the second and third rows in Table 1, high values for the CRLBs of
both the attenuation coefficient and focus position or Rayleigh length will be computed, indicat-
ing low precision in simultaneously estimating these parameters. The more realistic intermediate
approach is given by Eq. (10), where a parameter is known to some precision p,.

We investigated the case where the focal point position is a priori known with some precision

pe,- In the NLLS curve-fitting algorithm, this information is “incorporated” by restricting the
range over which the parameter z is allowed to vary to its initial value 0.3 mm +p, . The result

of this third experiment is shown in Fig. 4.
The black dashed line represents the CRLB o

voer = 0.0069 mm™!, where z; and zg are
assumed to be known exactly. The red line represents the CRLB 5, ., = 0.0082 mm~! based on
a 3 X 3-FIM assuming z is known and &, pocr, and z; are unconstrained (i.e., allowed to vary
while fitting). In that latter case, the CRLB on the focal point position is &, ;= 0.006 mm.

The normalized covariance between both parameters Py, ocrzy) = 0.54. By including a priori
knowledge about the precision of z;, the CRLB &, .. is reduced according to Eq. (10) and is
shown as a blue line in Fig. 4. The yellow dots show the corresponding simulation results.
Because the normalized covariance between the parameters is relatively low, it requires a prior
(here Pz, <0.01 mm, which is more restrictive than the value of G, = 0.006 mm) before a
oy Decomes evident. The simulated values for poer precision
are slightly larger than predicted by the CRLB. A possible explanation is that the constrained

nonlinear curve fitting as implemented in this experiment is not strictly an unbiased estimator.

significant improvement on ¢,

0.0100
—— CRLB (3 parameters)
0.0095 ~+ == CRLB (2 parameters)
simulation
0.0090 1 — Eq.(10)

0.0085 ~

0.0060 T T T T
0.00 0.01 0.02 0.03 0.04 0.05

Pz in mm

Fig. 4 CRLB on the precision of ugct as a function of prior standard deviation of the focal point
position p,,. The black dashed line represents the CRLB for a two-parameter model (a, uocr),
the red line represents the CRLB for a tree-parameter model («, uoct, Z7) both based on Eg. (8).
The dark blue curve shows the adjusted CRLB incorporating p,, using Eq. (10). The dots each show
the standard deviation of 10* fitted uocr values. Data are simulated using Eqg. (11), 8 = [« = 2500,
Hoct =2mm~"', z; =0.3 mm, zz = 0.2 mm, andogpe; = 7]; AFR = 2 mm with M = 250 data points.
N = 100 A-scans were averaged prior to the constrained fitting using the square root of Eq. (4) as
fit model, with @ and pocr free running and z; allowed to vary only around z; = 0.3 mm + p,,.
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5 Discussion

Quantification of the attenuation coefficient requires proper assessment of the accuracy and
precision of the measurement method. This knowledge can be obtained in various ways. First,
the experiments can be repeated a large number of times, after which the spread of the retrieved
attenuation coefficients is assessed. When stable, fully characterized phantoms (in terms of
optical properties, structure, etc.) are available, and this method will yield valuable information
on accuracy and precision. Performing such series on tissue samples, however, is prone to under-
estimate the achievable precision because now biological variability is also factored in.
Moreover, these measurements can be laborious and time consuming, and they may need to
be repeated when system parameters change. Second, the measurement procedure can be numeri-
cally simulated a large number of times. This approach too can be time consuming especially when
many parameters are involved, and the parameter space that must be mapped is large. We used this
second approach as validation for the third method: a Cramér-Rao analysis based on the FIM,
which is computationally fast and can easily be scaled to include additional parameters. The
interpretation of CRLB in this article is also frequentist: when the estimation of the attenuation
coefficient using an unbiased, MLE procedure would be repeated a very large number of times,
and the standard deviation of the normally distributed attenuation coefficients would approach
the CRLB. This concise formulation somewhat obscures the practical challenges in reaching the
CRLB. First, an unbiased MLE method must be devised. For normally distributed measurement
data, NLLS curve fitting is such a method, and we have ensured the normality of the measure-
ment data by preaveraging 100 A-scans (see also Appendix C for further justification). Second,
the performance of the NLLS algorithm should be such that the resulting attenuation coefficients
are normally distributed. As indicated in Table 1, normally distributed values were not always the
case especially when the fit model appears over parameterized or conversely, appears under
parameterized, in case the model does not fit the data well. Having a biased estimation may
also be the case for the data shown in Fig. 4, which was obtained using a constrained NLLS
algorithm and allowed restricting fit parameter values to certain ranges.

Furthermore, the success of all three methods relies on the correctness of the fit/simulation
model. In our present study, both data simulation and curve fitting were based on the same
model. This assumption may be different for experimentally obtained OCT data, for example,
a small fraction of multiply forward scattered light is not taken into account in the model; or
when other noise sources are overlooked. Multiple scattering models are available (see the dis-
cussion in Refs. 2 and 5) and will lead to the inclusion of one more tissue parameter, e.g., the
root-mean-square scattering angle or scattering anisotropy g. In our present study, we excluded
the effects of sensitivity roll-off in depth for simplicity. It can be added straightforwardly at the
additional cost of two parameters. Possibly, a distinction between the absorption and scattering
contribution to the attenuation is desired. Then, such a comprehensive model would have the
parameter array O = [a, u,. fi5. 9. 27, 2. T, 20, Zp- ¢] of which only three (u,., p,. g) are tissue-
specific “target parameters,” and for which a high covariance between some of them can be
expected. Because of this, wide CRLBs on the target parameters will result indicating low pre-
cision in simultaneously estimating these parameters. Putting constraints on some of the param-
eters using prior knowledge—either from calibration or physical insight—can mitigate this
effect. The common procedure’ to investigate this is to first invert (back) the parameter covari-
ance matrix provided by the Cramér—Rao analysis or by an experiment, retrieving the FIM.
Then, add priors to the FIM and invert again to obtain an updated covariance matrix. The updated
CRLB, in our formalism, will then be the square root of the diagonal elements of this matrix. If
the prior is found to produce a strong decrease in the CRLB of the target parameter, we would
typically try to establish a measurement that can produce the constraint correspond to the prior,
for example, fixing the focus position or go to great lengths to carefully calibrate the roll-off
parameter r. For a single parameter, this analysis procedure is captured in Eq. (10) for the focal
position. If more parameters are controlled, or calibrated, it can be repeatedly applied, even when
applied to the target parameter itself.>* Equation (10) also reveals that the highest gain in pre-
cision can be obtained by restricting a parameter, which has large initial covariance with the
target parameter. For the attenuation coefficient, this will in general be the focal position or the
Rayleigh length. Increasing precision of a parameter x, e.g., p, — 0 in Eq. (10), corresponds to
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adding an ever larger number to the corresponding element in the FIM. Rather than risk numeri-
cal instability in the Cramér—Rao analysis due to this, it should be considered to remove the rows
and columns corresponding to the parameter from the FIM altogether so the parameter does not
appear in the model as a variable anymore. In fact, we used this approach to reduce the Fisher
matrix to a 2 X 2 matrix leading to the analytical expression of Eq. (9).

Our analysis can be extended to the depth resolved estimation (DRE) method for the attenu-
ation coefficient, which has recently emerged as an alternative to the curve-fitting method.?’
Following the same theoretical framework as described in Sec. 2, the CRLB for the estimated
attenuation coefficient in the absence of shot noise is obtained as

o Hoct 14)
ot = N (

The scaling with the number of averages and data points is identical to the curve-fitting method.
However, contrary to the CRLB for curve fitting, which does not depend on the attenuation
coefficient itself, the precision now depends on the estimated figcr. The precision as well as
the accuracy of the DRE method will be subject of a future publication.

5.1 Clinical Implication

Various studies have demonstrated the potential for tissue discrimination based on the attenu-
ation coefficient. Patient studies can be undertaken to determine cut-off values from ROC
analysis®?® to discriminate between benign and malignant lesions. When an attenuation coef-
ficient close to the cut-off value is found in a subsequent measurement, the relevance of that
result in clinical decision making hinges on the precision of the individual OCT measurement.
The CRLB analysis as presented in this article provides a convenient method to assess the pre-
cision as influenced by noise, by system properties such as the confocal parameters and by data
processing steps such as the number of averages and AFR selection. Moreover, the analytical
expression Eq. (9), which is valid when noise is negligible in the AFR (which is usually satisfied)
and when the confocal parameters are well-known, directly gives the precision that can be
obtained as a function of postprocessing parameters only.

In this article, we used parameter values that are typically encountered in OCT measurements
in dermatology or urology. A Cramér—Rao analysis for ophthalmic applications was recently
given by Ghafaryasl et al.,”® albeit with some procedural mistakes. The result of our Cramér—
Rao analysis using the system parameters in Ref. 23 can be found in Appendix D. Promising
clinical applications include spectroscopic OCT,*® where the attenuation coefficient is measured
at multiple wavelengths to determine, e.g., oxygen saturation®” and hemoglobin concentration.*
Endeavors to measure water content’!' and glucose levels*>™* based on the attenuation coefficient
have also been undertaken. The precision with which these physiological properties can be deter-
mined, and the corresponding diagnostic relevance of such approaches squarely depends
on the precision of the attenuation coefficient measurement.

6 Conclusion

In this article, we have used the Fisher information matrix to compute the maximum achievable

precision of OCT attenuation coefficient determination. We specified this CRLB ¢, in the

same units as the attenuation coefficient, e.g., mm~!, and derived an analytical expression for
this bound in the absence of noise and assuming exact knowledge of OCT (confocal) system
parameters. We have validated the calculations using numerical simulations. Results from the
analytical expression are in good agreement with the standard deviation extracted from simu-
lations when the SNR in the AFR is above 20 dB, which is usually obtainable in OCT mea-
surements. Furthermore, our theoretical framework can be expanded to include the roll-off or be
used to calculate the CRLB for the confocal parameters. Therefore, we strongly believe that this
framework is an important advance toward the standardized clinical use of OCT-based tissue
characterization and given its wide applicability, and we believe that our theoretical framework
gives a valuable insight toward improvement and design of OCT measurements.
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7 Appendix A: Analytical Expression for the Cramér-Rao Lower Bound
for the Attenuation Coefficient

It is assumed that the focal position z; and Rayleigh length zx are known. In the absence of shot
noise, this leads to a 2 X 2 Fisher matrix with @ = [a, uocr] as the parameter array of interest.
Starting from Eq. (8), the Fisher matrix simplifies to

M _ _
Fo = ZL “« 11 5 _Ziaz v al (z; — zy)e™2Hoctsi, (15)
~ o} (z) \ %

For the normal distribution that is obtained from averaging Rayleigh random variables, we have
the fixed relation between variance and mean o3 (z;) = FA?(z;) so

M
AN a! —Zia_'/z
Fy = Za (—zia"/z 2 ) (16)

i=1

An analytical solution for the CRLB for uqcr can be obtained by replacing the sum by a definite

integral.

For an AFR containing M independent data points, > ¥ (...) - 4 AR (L )dz, where

0z is the pixel increment in the OCT data.
This leads to the 2 x 2 FIM

4N (AFRmmx _AFRmin ) —_ 2N (AFRmmx _AFRmin ) <AFRmax +AFRmin )
Fo— cradz cra'l?6z a7
07 | _ 2N(AFRy —AFRy;, ) (AFR yy +AFR ;) 4N (AFRG —AFRS, )
cra'’?8z 3cRoz

The parameter covariance matrix can be calculated analytically by matrix inversion of Eq. (17).
With the aid of the determinant |F(.)| = F(.)“Fezz - F912F921

1 4N?
|Fo| = 3 (m) (AFR a — AFR ). (18)
R

The covariance matrix becomes after some algebraic manipulations

a(AFR}(—~AFR} ) 3¢'/2(AFR pa +AFR min)
F—l — CR (AFRlnaX_AFRmin>3 2(AFRmax_AFRmin)2 (19)
O TN M| 30 ARy FAFRy) 3 ‘
2 (AFRmax _AFRmin )2 (AFRmax _AFRmin )2

The diagonal elements of the covariance matrix correspond to the lower bounds on variance of
amplitude and attenuation coefficient, respectively. The CRLB, expressed as standard deviation,
is then given as

1 3¢ R
O, = .
Hocran = AFR _ AFR.. VN - M

(20)

8 Appendix B

CRLBs for the precision of all model parameters and corresponding simulation results for
different parameters fixed or free running in the fitting procedure are presented in Table 2.
Parameter set 0 = [a = 2500, yocr =2 mm™', z; = 0.3 mm, zz = 0.2 mm, and o, = 7].
Prior to fitting, N = 100 independent A-scans are averaged. AFR,;, = 328 ym, AFR,,, =
656 um, |AFR| = 328 ym, and sample points: M = 41. The noise background ¢, = 7 cor-
responds to SNRpg = 37 dB. The CRLB marked with (b) is calculated using the analytical
expression Eq. (9); other values are calculated numerically from Eq. (8). The simulation results
are the standard deviation of 10* parameter estimations (Table 2). The columns listing results for
c are the same as Table 1.

Hoct
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9 Appendix C

Upon averaging a number N of statistically independent A-scans, the distribution of the OCT
amplitude values changes away from the Rayleigh distribution. Whereas the mean amplitude

does not change; the variance is reduced by a factor N: 0%A> = % = ”R4<1f,>2. When N 2 30, the

amplitudes in the averaged signal follow a Gaussian distribution with these means and variances.

To justify this estimation, we have numerically generated sets of 10* Rayleigh distributed
random values y parameterized by (y) = 10, and progressively averaged N = 2 — 100 of these
sets. For each value of N, a normal distribution was generated with mean (y) and variance
af =& (y)? (shown in Fig. 5(a) for N = [2, 10, 100]). We then calculated the coefficient of
determination R” between the averaged dataset, and the generated normal distribution [shown
in Fig. 5(b)] and find that R?> asymptotically approaches 1 as N increases above 30.

0.8 N=2, —— gaussian plot [N =30, N =100, “N
R2=0.96 <imulation R2=0.99 R?=0.99 7 \
0.6 - ;7
- o\
> s
3 0.4 ; % i‘ -\
/ \ { %
0.2 1 \ { A}
& # ~ R /’ Y
0.0 L= . . : — . —
10 20 8 10 12 10 12
v (y) y)
(a)
1.0 ° o © o0 09%0%
~ 091
o
0.8 1
10° 10! 10?
N
(b)

Fig. 5 N-times averaged Rayleigh distributed random values (y) (orange dots, mean (y) = 10)
compared to a Gaussian distribution (blue line) with the same mean and variance. (a) The prob-
ability distributions of (y) for N = [2,30, 100]. (b) The coefficient of determination, R? between
the averaged Rayleigh and normal distributions as function of N (note the logarithmic horizontal
scale). R? rises asymptotically towards 1, indicating that, for N > 30, the averaged Rayleigh
variable can be approximated as being normally distributed.

10 Appendix D

A Cramér-Rao analysis for the parameter set @ = [a = 25000, uocr = 0.72 mm™', Zy = 160 pm,
and zz = 42 um)] representative for ophthalmic OCT systems was previously reported in Ref. 23,
using the same signal model as in the present manuscript. Before the analysis, the signal is already
noise corrected. Instead of CRLBs expressed as standard deviations, the relative CRLB were
reported (e.g., normalized on the parameter values). For comparison, we calculated accordingly
the relative lower bounds using Eqgs. (7) and (8) while setting the noise floor to zero ({ = 0,
Oghot = 0). Similar to Ref. 23, N = 500 A-scans were taken for averaging, yet a more realistic
axial increment of 6, = 8 um was used instead of 1.27 ym. The AFR was 6.29 mm. The rCRLB
on the parameters a, uocr, zf, and zg as a function of the number of A-scans taken for averaging
N=1]0,1,...,99,100] is shown in Fig. 6, resulting in an expected 1/ \/N-dependency for all
four parameters. In addition, Figs. 7(a)-7(d) show the rCRLB for the four parameters versus the
value of the parameter a = [10 — 10°] in a.u., goct = [0.01 — 8] inmm™', z; = [-0.2 - 0.9] in
mm, and zz = [0.01 — 0.5] in mm while using 1000 equally distributed data points. Please note
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Fig. 6 Relative CRLB on the precision of «, uoct, Z¢, and zg (lines) as a function of the number of
averaged A-scans N. The Cramér-Rao bounds are calculated based on Eq. (8). Model param-
eters 0 = [a = 25000, poct = 0.72 mm~', z; = 160 um, and zz = 42 um]. AFR = 6.29 mm with
M = 1000 data points. A priori correction for noise is assumed.
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Fig. 7 Relative CRLB on the precision of a, uocT, Zf, and zx (lines) as a function of (a) «, (b) pocr ,
() zs, and (d) zg. Other parameters are fixed at their base values from the set 6 = [a =
25000, pioct = 0.72 mm~', z; = 160 um, and zg = 42 um]. The CRLBs are calculated based on
Eq. (8). AFR = 6.29 mm with M = 1000 data points. A priori correction for noise is assumed.
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that our numerical evaluations, which are shown in Figs. 6 and 7, result in a different relative error
as reported in Ref. 23 due to some procedural mistakes in Ref. 23. In OCT, the variance is directly
related to the mean value [Eq. (5)] and is thus variable for each data point. However, all relative
errors are below the 10% threshold as stated in Ref. 23 upholding their main conclusion.

Disclosures

The authors have no relevant financial interest in this article and no potential conflicts of interest
to disclose.

Acknowledgments

This publication is part of the project “An integrated Optical Coherence Tomography system
for medical imaging at 1300 nm” (with project number 16251) of the research program
HTSM2017, which is partly financed by the Dutch Research Council (NWO). Furthermore,
the authors sincerely acknowledge Matthias Zeleny and Leah S. Wilk for their support and
fruitful discussions.

Code, Data, and Materials Availability

The code is available from the authors upon request.

References

1. J. M. Schmitt, A. Khniittel, and R. F. Bonner, “Measurement of optical properties of bio-
logical tissues by low-coherence reflectometry,” Appl. Opt. 32, 6032-6042 (1993).

2. P. Gong et al., “Parametric imaging of attenuation by optical coherence tomography: review

of models, methods, and clinical translation,” J. Biomed. Opt. 25(4), 040901 (2020).

V. Backman et al., “Detection of preinvasive cancer cells,” Nature 406(6791), 35-36 (2000).

4. F. J. van der Meer et al., “Apoptosis- and necrosis-induced changes in light attenuation
measured by optical coherence tomography,” Lasers Med. Sci. 25(2), 259-267 (2010).

5. S. Chang and A. K. Bowden, “Review of methods and applications of attenuation coef-
ficient measurements with optical coherence tomography,” J. Biomed. Opt. 24(9), 090901
(2019).

6. M. T. J. Bus et al., “Volumetric in vivo visualization of upper urinary tract tumors using
optical coherence tomography: a pilot study,” J. Urol. 190(6), 22362242 (2013).

7. R. A. McLaughlin et al., “Parametric imaging of cancer with optical coherence tomogra-
phy,” J. Biomed. Opt. 15(4), 046029 (2010).

8. Y. Yang et al., “Optical scattering coefficient estimated by optical coherence tomography
correlates with collagen content in ovarian tissue,” J. Biomed. Opt. 16(9), 090504 (2011).

9. R. Wessels et al., “Functional optical coherence tomography of pigmented lesions,” J. Eur.
Acad. Dermatol. Venereol. 29(4), 738-744 (2015).

10. R. Wessels et al., “Optical coherence tomography in vulvar intraepithelial neoplasia,”
J. Biomed. Opt. 17(11), 116022 (2012).

11. G. van Soest et al., “Atherosclerotic tissue characterization in vivo by optical coherence
tomography attenuation imaging,” J. Biomed. Opt. 15(1), 011105 (2010).

12. L. Scolaro et al., “Parametric imaging of the local attenuation coefficient in human axillary
lymph nodes assessed using optical coherence tomography,” Biomed. Opt. Express 3(2),
366-379 (2012).

13. E. C. C. Cauberg et al., “Quantitative measurement of attenuation coefficients of bladder
biopsies using optical coherence tomography for grading urothelial carcinoma of the blad-
der,” J. Biomed. Opt. 15(6), 066013 (2010).

14. T. Q. Xie, M. L. Zeidel, and Y. T. Pan, “Detection of tumorigenesis in urinary bladder with
optical coherence tomography: optical characterization of morphological changes,” Opt.
Express 10(24), 1431-1443 (2002).

W

Journal of Biomedical Optics 085001-16 August 2022 « Vol. 27(8)


https://doi.org/10.1364/AO.32.006032
https://doi.org/10.1117/1.JBO.25.4.040901
https://doi.org/10.1038/35017638
https://doi.org/10.1007/s10103-009-0723-y
https://doi.org/10.1117/1.JBO.24.9.090901
https://doi.org/10.1016/j.juro.2013.08.006
https://doi.org/10.1117/1.3479931
https://doi.org/10.1117/1.3625247
https://doi.org/10.1111/jdv.12673
https://doi.org/10.1111/jdv.12673
https://doi.org/10.1117/1.JBO.17.11.116022
https://doi.org/10.1117/1.3280271
https://doi.org/10.1364/BOE.3.000366
https://doi.org/10.1117/1.3512206
https://doi.org/10.1364/OE.10.001431
https://doi.org/10.1364/OE.10.001431

Neubrand, van Leeuwen, and Faber: Precision of attenuation coefficient measurements. ..

15. D.J. Faber et al., “Quantitative measurement of attenuation coefficients of weakly scattering
media using optical coherence tomography,” Opt. Express 12, 4353-4365 (2004)

16. M. W. A. Caan et al., “Estimation of diffusion properties in crossing fiber bundles,” IEEE
Trans. Med. Imaging 29(8), 1504-1515 (2010).

17. M. Almasian, T. G. Van Leeuwen, and D. J. Faber, “OCT amplitude and speckle statistics of
discrete random media,” Sci. Rep. 7, 14873 (2017).

18. T. G. van Leeuwen, D. J. Faber, and M. C. Aalders, “Measurement of the axial point spread
function in scattering media using single-mode fiber-based optical coherence tomography,”
IEEE J. Sel. Top. Quantum Electron. 9(2), 227-233 (2003).

19. R. Leitgeb, C. K. Hitzenberger, and A. F. Fercher, “Performance of Fourier domain vs. time
domain optical coherence tomography,” Opt. Express 11(8), 889-894 (2003).

20. B. Karamata et al., “Speckle statistics in optical coherence tomography,” J. Opt. Soc. Am. A
22, 593-596 (2005).

21. J. W. Goodman, Speckle Phenomena in Optics: Theory and Applications, 2nd ed., SPIE
Press, Bellingham, Washington (2020).

22. T. R. Hillman et al., “Correlation of static speckle with sample properties in optical coher-
ence tomography,” Opt. Lett. 31, 190-192 (2006).

23. B. Ghafaryasl et al., “Analysis of attenuation coefficient estimation in Fourier-domain OCT
of semi-infinite media,” Biomed. Opt. Express 11, 6093—-6107 (2020).

24. L. Amendola and E. Sellentin, “Optimizing parameter constraints: a new tool for Fisher
matrix forecasts,” Mon. Not. R. Astron. Soc. 457(2), 1490-1495 (2016).

25. G. Casella and R. L. Berger, Statistical Inference, 2nd ed., Cengage Learning Inc.
(2001).

26. B. Baumann et al., “Signal averaging improves signal-to-noise in OCT images: but which
approach works best, and when?” Biomed. Opt. Express 10, 5755-5775 (2019).

27. K. A. Vermeer et al., “Depth-resolved model-based reconstruction of attenuation
coefficients in optical coherence tomography,” Biomed. Opt. Express S, 322-337
(2014)

28. J. E. Freund et al., “Grading upper tract urothelial carcinoma with the attenuation coefficient
of in-vivo optical coherence tomography,” Lasers Surg. Med. 51, 399-406 (2019).

29. J. Yi et al., “Visible-light optical coherence tomography for retinal oximetry,” Opt. Lett. 38,
1796-1798 (2013).

30. C. Veenstra et al., “Quantification of total haemoglobin concentrations in human whole
blood by spectroscopic visible-light optical coherence tomography,” Sci. Rep. 9, 15115
(2019).

31. U. S. Sathyam et al., “Evaluation of optical coherence quantitation of analytes in turbid
media by use of two wavelengths,” Appl. Opt. 38, 2097-2104 (1999).

32. L. R. De Pretto et al., “Optical coherence tomography for blood glucose monitoring in vitro
through spatial and temporal approaches,” J. Biomed. Opt. 21(8), 086007 (2016).

33. K. Liu et al., “Noninvasive OCT angiography-based blood attenuation measurements cor-
relate with blood glucose level in the mouse retina,” Biomed. Opt. Express 12, 4680-4688
(2021).

34. K. V Larin et al., “Specificity of noninvasive blood glucose sensing using optical coherence
tomography technique: a pilot study,” Phys. Med. Biol. 48, 1371 (2003).

Linda B. Neubrand received her BSc and MSc degrees in physics from the Institute of
Technology (KIT), Karlsruhe, Germany, in 2017 and 2019. She performed her Master’s project
in the University of Amsterdam (UvA), Amsterdam, The Netherlands. She is currently working
toward her PhD at the Department of Biomedical Engineering and Physics, Amsterdam, UMC,
University of Amsterdam, Amsterdam, The Netherlands.

Ton G. van Leeuwen is the head of the BME and Physics Department at Amsterdam UMC.
His research focuses on the physics of the interaction of light with tissue and to use that knowl-
edge for the development, introduction and clinical evaluation of (newly developed) optical im-
aging and analysis techniques. Key in this research is to use this knowledge and new devices to
gather quantitative functional information of tissue or tissue sample. Techniques developed

Journal of Biomedical Optics 085001-17 August 2022 « Vol. 27(8)


https://doi.org/10.1364/OPEX.12.004353
https://doi.org/10.1109/TMI.2010.2049577
https://doi.org/10.1109/TMI.2010.2049577
https://doi.org/10.1038/s41598-017-14115-3
https://doi.org/10.1109/JSTQE.2003.813299
https://doi.org/10.1364/OE.11.000889
https://doi.org/10.1364/JOSAA.22.000593
https://doi.org/10.1364/OL.31.000190
https://doi.org/10.1364/BOE.403283
https://doi.org/10.1093/mnras/stw072
https://doi.org/10.1364/BOE.10.005755
https://doi.org/10.1364/BOE.5.000322
https://doi.org/10.1002/lsm.23079
https://doi.org/10.1364/OL.38.001796
https://doi.org/10.1038/s41598-019-51721-9
https://doi.org/10.1364/AO.38.002097
https://doi.org/10.1117/1.JBO.21.8.086007
https://doi.org/10.1364/BOE.430104
https://doi.org/10.1088/0031-9155/48/10/310

Neubrand, van Leeuwen, and Faber: Precision of attenuation coefficient measurements. ..

and used are optical coherence tomography (OCT), (single fiber) reflectance spectroscopy, fluo-
rescence spectroscopy, hyperspectral imaging, Raman spectroscopy, flow cytometry, and three-
dimensional imaging cryo-microtome. He is a Fellow of the AIMB and SPIE.

Dirk J. Faber received his MSc degree in applied physics from the University of Twente,
Enschede, The Netherlands, in 1999, and his PhD from the University of Amsterdam,
Amsterdam, The Netherlands, in 2005, based on his work on OCT. He is currently an assistant
professor with Department of Biomedical Engineering and Physics, at the Amsterdam University
Medical Centers, Academic Medical Center. His current research focuses on the physics of
light—tissue interaction and the development of OCT and single fiber reflectance spectroscopy.
He is a Senior Member of SPIE.

Journal of Biomedical Optics 085001-18 August 2022 « Vol. 27(8)



