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Supplemental Methods 

1. Acoustic micro-tapping optical coherence elastography (AµT-OCE) system 

  

Supplemental Figure 1. a) AµT-OCE system components and connections based on a phase-sensitive polarization 

maintaining SD-OCT configuration. b) Close-up of AµT-OCE imaging arm showing optical and acoustic focus 

alignment on a stylize human for display. c) Photograph showing experimental set-up for testing whole globe 

porcine cornea inflated to physiologically relevant intraocular pressures. 

A phase-sensitive spectral domain optical coherence tomography system (Supplemental Figure 1) was built to 

track propagating mechanical waves via local tissue displacements. The system utilized a Michelson-type fiber-optic 

interferometer combined with an optical spectrometer and line scan camera for depth encoding. The system was 

optimized for noise reduction using polarization-maintaining (PM) fibers in all components (as opposed to 



conventional single mode (SM) fibers). The light source was a broadband superluminescent diode (SLD) with a 

near-Gaussian spectral profile and maximum output power of 30 mW (SLD1018P, Thorlabs, NJ) coupled into a 

PM-fiber with radiation aligned along the slow axis. The central wavelength was 1310 nm, with a FWHM of 45 nm. 

Linearly polarized light was then coupled into a broadband PM circulator (PMCIR-1310_FC/APC, OZ-optics, 

Ottawa, Canada) and then into a 2x2 99/1 PM beam combiner (Fused-22-1310-7/125-99/1, OZ-optics, Ottawa, 

Canada). One percent (1%) of the power was directed toward the reference arm through a variable attenuator 

(VOA50PM, Thorlabs, NJ) and into a variable optical delay line (ODL-200, OZ-Optics, Ottawa, CA) terminated by 

an in-fiber reflector having near 100% reflection at the 1310 nm wavelength. The focusing lens in the imaging arm 

provided a maximum lateral resolution of 14.7 µm. The optical spectrometer consisted of a collimator (𝑓 = 50 mm), 

transmission grating (1200 lines/mm), achromatic focusing lens (𝑓 = 100 mm), and a high speed 1024-pixel line 

scan InGaAs CCD camera (1024-LDH2, Sensors Unlimited, New Jersey, USA). Dispersion was numerically 

corrected, and the effective axial resolution was ~20 µm in air, as experimentally measured treating a mirror surface 

as a point-source. 

To generate and track propagating shear waves, the OCT system operated in M-B mode, wherein a trigger signal 

was sent to a home-built air-coupled ultrasound transducer providing a temporally and spatially focused acoustic 

wave that transferred energy to the tissue, effectively generating a tens of nanometers to micron-scale displacement. 

At the beginning of a sequence of 512 repeated A-scans, (referred to as an M-scan), at each location a 600 V peak-

to-peak, 100 µs-long, linear chirp (bandwidth of 1 MHz to 1.1 MHz) was delivered to a piezoelectric transducer. 

More details on the transducer can be found in Supplemental Reference1. The pulse/M-scan sequence was captured 

at 256 spatial locations, 54.7 µm between adjacent locations, across the image plane sequentially to create a 3-D 

cube (z, x, t). A complete M-B scan consisted of 1024 depth × 256 lateral locations × 512 temporal frames (captured 

at 90,000 frames per second) with an effective imaging range of 1.5 mm × 10 mm (axial × lateral). One full M-B 

scan took 1.33 s. Shear wave generation and OCT beam scanning was precisely controlled using custom LabVIEW 

software. More details on the excitation and detection routines can be found in Supplemental Reference2.  

The resulting three-dimensional dataset was then used to reconstruct the propagating wave based on the OCT-

measured local particle vibration velocity. The axial vibration velocity at a given location (𝑣$(𝑥, 𝑧, 𝑡)) was obtained 

from the optical phase difference between two consecutive A-line scans at each location. The optical phase stability 



of 8 mrad (50 dB OCT-SNR) was determined using the standard deviation of the phase signal3 at the surface of a 

static glass coverslip, indicating sensitivity to vibration amplitudes as small as 600 pm between successive A-scans.  

To analyze all surface vibrations, the signal along the curvilinear surface of the cornea was used after automatic 

identification with an edge detection algorithm. Phase data in a 183 µm window below the surface were extracted 

and averaged using spatial weighting with one half of a Gaussian window (HWHM = 90 µm, weight decreasing with 

depth). 

2. Phantom measurements: comparison of AµT-OCE with mechanical methods 

As there are no current ‘gold-standard’ techniques to perform non-contact mapping of moduli, isotropic phantom 

measurements were compared with destructive mechanical testing techniques. The elastic moduli of both thick and 

thin (relative to the shear-wave wavelength) mechanically isotropic phantoms without inflation pressures were 

determined using AµT-OCE and compared with results of shear rheometry and tensile testing.  

Mechanically isotropic PVA-based elastic phantoms were prepared based on a previous study.4 First a 4:1 ratio of 

dimethyl sulfoxide (DMSO, CAS: 67-68-5, EMD Millipore Corp.) was mixed into water using a stir plate. A 

concentrated stock solution of 0.3 wt. % titanium nanoparticles suspended in water was prepared using a tip 

sonicator (Digital Sonifier 450, Branson, Danbury, CT, USA) for 3 minutes (30% duty cycle) at an amplitude of 

30% to disperse nanoparticles in solution and tune the phantom’s optical properties. The nanoparticle solution was 

added to the DMSO solution to achieve a nanoparticle concentration of 0.025 wt. %. Two (2) wt. % PVA (146-186 

kDa, >99% hydrolyzed, CAS: 9002-89-5, Sigma-Aldrich) was then added to the solution. It was covered and stirred 

on a hot plate maintaining a temperature of 120° C for approximately 1 hour to dissolve the PVA. Once fully 

dissolved, the solution was degassed using a vacuum chamber to remove any bubbles.  

Molten PVA solution was then poured into 5 cm diameter circular molds to cast multiple phantoms with variable 

thickness. Thin slabs were created by adding just enough molten PVA solution to cover the bottom of the mold and 

then rotating the mold to evenly distribute the solution before storing at -20°C for up to 12 hours to solidify. Thicker 

phantoms were created by pouring molten PVA into the mold up to heights of 4 cm.  



Casted phantoms were allowed to harden at room temperature and then placed in a water bath to diffuse DMSO out 

of solution. The bath was changed regularly for a minimum of 48 hours to remove all DMSO and the phantoms were 

stored in deionized water to prevent dehydration. The thin PVA phantom was suspended on top of water to force 

asymmetric boundary conditions and measured using OCT structural imaging. The thickness in the thin phantoms 

ranged from 400 µm - 1 mm, as measured with OCT (assuming refractive index n = 1.3) and verified with a digital 

micrometer. 

Elastic moduli were quantified using OCE measurements performed on both bulk and layered samples from the 

same phantom batch.  In the layered sample, the Young’s modulus (E) was quantified by fitting the guided modes in 

f-k domain to the A0-mode of the isotropic thin-plate solution.4–6 The modulus in the thick phantom was quantified 

by directly inverting the group velocity of the Rayleigh wave (𝐶,) to obtain the Young’s modulus according to 

𝐸 = 3𝜌 0
𝐶,

0.955
5
6

, (S1) 

where 𝜌 is the density (assumed to be 𝜌 = 1000 9:
;<	

). A Radon Sum method7 was used in time-of-flight 

reconstruction of the surface wave group velocity in thick phantoms.  

A total of n = 5 thin (~1 mm) and n = 5 thick (~4 cm) phantoms were used for system benchmarking. In each, 5 

repeated scans were performed, and moduli quantified using the appropriate model. The standard error of the 

modulus varied less than 1% from the mean across the 5 repeated scans in every phantom (both thick and thin), 

demonstrating reliable system repeatability. The difference between the mean elastic moduli measured in the thin 

and thick phantoms (|?@ABCD?@ABEF|
?@ABC

) was 3.5%, consistent with the previously reported difference of less than 3%.4,6 

Finally, the moduli from both sets of phantoms (n = 10 total) were averaged to get the OCE-measured elastic 

modulus (Supplemental Figure 2a).  

Following OCE measurements, circular slabs were cut from all phantoms and tested with a parallel plate rheometer 

(Anton Paar MCR 301 Physica). The frequency-dependent out-of-plane shear behavior was measured over a range 

of 0.1-16 Hz using a 25 N compressive preload and a peak shear strain of 0.1%. This yielded estimates of the 



frequency-dependent storage and loss moduli, corresponding to the real and imaginary parts of the complex shear 

modulus (Supplemental Figure 2a). In a lossless isotropic media, the shear storage modulus is proportional to the 

Young’s modulus according to 𝐸 = 3𝜇.  

The Young’s modulus was directly measured in stress-strain testing using linear strips (~6 mm wide) cut from 

samples and pneumatically clamped (2752-005 BioPuls submersible pneumatic grips, 250 N max load) at a width of 

~15 mm. A 50 mN pre-load was applied. The samples were stretched at 2 mm/min (Instron model 5543) over a 

range of 1-10% strain and repeated across 3 cycles. The Young’s modulus was then computed from the 

instantaneous slope of the stress-strain curve over this strain range (Supplemental Figure 2b).  

  

Supplemental Figure 2.  Comparison between Young’s modulus in a PVA phantom measured with a) parallel-plate 

rheometry and AµT-OCE. Note that error-bars corresponding to the standard deviation are smaller than the marker 

size. b) The mean tangential modulus for strips taken from the thin (red) and thick (blue) phantoms. The standard 

deviations (averaged across all strain values) for strips cut from the thick and thin phantoms were ± 6 kPa and 

±	5 kPa, respectively. 

The mean (and standard error, n = 10) in Young’s modulus quantified in extensometry, AµT-OCE, and rheometry 

was 65 ± 2 kPa, 74± 2 kPa, and 48 ± 2 kPa, respectively. The lossless isotropic material model was supported by 

the frequency-dependent rheometry and strain-dependent tensile test results. The storage (𝐸′) modulus from 

rheometry is close to, but slightly lower than, the Young’s modulus (𝐸) from OCE based on the average of 



measurements for multiple (n = 10) tissue-mimicking (PVA cryogel) phantoms. For all measurements, the ratio 

between OCE and rheometry was in the range of 1.3-1.5 (30%-50% error). These results are consistent with Minton 

et.al8, where a significant poro-/viscoelastic effect in PVA phantoms was shown to produce an apparent stiffness 

~1.6 times lower than the peak stiffness under sustained compression in rheometry. Note that unlike phantom 

materials such as agarose with high viscosity9, PVA’s low viscosity should have little effect over the frequency 

range of our OCE measurements (0.5 kHz – 3 kHz). On average, the ratio between OCE and extensometry was 1.14 

(14% error). Even with the poro-/viscoelastic effect of compression in PVA, OCE-measured moduli were within 

50% of the values determined by destructive testing in both methods. This confirmed that, when analyzed with the 

appropriate mechanical model, AµT-OCE can accurately determine equivalent elastic moduli compared to 

destructive testing techniques. Because AµT-OCE was shown to reliably quantify elastic moduli without damaging 

soft material, we conclude that the system may reliably be used to quantify moduli in the cornea using the NITI 

mechanical model. 

3. Nearly incompressible transversely isotropic (NITI) model of the cornea 

The cornea consists of multiple microscopically thin layers (lamellas) oriented almost randomly in-plane within the 

stroma . The elastic properties of collagen fibers have been shown to be very different than those of corneal connective 

tissue,10–12 suggesting that the preferred collagen orientation results in asymmetric elastic properties. Recent second 

harmonic generation imaging studies suggest that lamellar orientations are relatively random in-plane13–15 and, as such, 

it is reasonable to assume that cornea’s in-plane elastic properties are isotropic. Still, out-of-plane properties can be 

very different. The simplest model capturing corneal mechanical anisotropy is that of a transversely isotropic (TI) 

material, with in-plane (XY plane) isotropy and a symmetry axis z perpendicular to the lamellar structure.      

The elasticity matrix of a linear-elastic TI material can be represented as: 

𝑪 =
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where 𝐶O6 = 𝐶OO − 2𝐶RR due to symmetry conditions.16 Taking into account that two of the three principal planes in a 

TI material are isotropic, we will use a modified notation based on that of an isotropic material:  

𝑪 =
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⎢
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⎢
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⎡𝜆 + 2𝜇 𝜆 𝜆 + 𝑄O

𝜆 𝜆 + 2𝜇 𝜆 + 𝑄O
𝜆 + 𝑄O 𝜆 + 𝑄O 𝜆 + 2𝜇 + 𝑄6

𝐺
𝐺

𝜇 ⎦
⎥
⎥
⎥
⎥
⎤

(S3) 

An additional modulus 𝐺 shows that shear deformation can be different if shear stress is applied along the symmetry 

axis 𝒛 compared to that across it. Parameters 𝑄O and 𝑄6 indicate that differences between 𝐶PP and 𝐶OO, and between 

𝐶O6 and 𝐶OP, may be nonzero.16 

Using the elasticity matrix (S3), the stress-strain relation in a TI material for small deformations is described by Hook’s 

law and takes the form (in Voigt notation)16: 
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where 𝜎de denotes engineering stress, 𝜀de  denotes engineering strain, 𝜏de  denotes shear stresses, 𝛾de = 2𝜀de  denotes shear 

strains, and the subscripts 𝑥, 𝑦, and 𝑧 refer to standard Cartesian axes. 

For any arbitrary load applied to a TI medium, the strain field is computed by inverting the stress-strain relation, 

where the inverse of the elastic modulus matrix is the compliance matrix 𝛼 = 𝑪DO: 
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The components of the compliance matrix (𝛼de) can be expressed using 𝜇, 𝐺, 𝑄Oand 𝑄6 as: 

Δ = 4𝜇	l(𝜆 + 2𝜇 + 𝑄6)(𝜆 + 𝜇) − (𝜆 + 𝑄O)6m	, 

αOO = (𝜆 + 2𝜇 + 𝑄6)(𝜆 + 2𝜇) − (𝜆 + 𝑄O)6,				 

αO6 = 𝜆(𝜆 + 2𝜇 + 𝑄6) − (𝜆 + 𝑄O)6,																			 (S6)	 

αOP = 2𝜇(𝜆 + 𝑄O),																																																		 

αPP = 4𝜇(𝜆 + 𝜇),																																																					 

αQQ =
1
𝐺	,																																																																				 

αRR =
1
𝜇.																																																																					 

Adopting the terminology of 𝐸O = 𝐸p and 𝐸P = 𝐸q, as well as 𝜈O6 = 𝜈pp , 𝜈OP = 𝜈pq and 𝜈PO = 𝜈qp , transverse and 

longitudinal Young’s moduli (𝐸p  and 𝐸q, respectively) and three Poisson’s ratios can be expressed via components 

𝛼de: 

𝐸p =
Δ
𝛼OO

	 ,

𝐸q =
Δ
𝛼PP

	,

νpp =
𝛼O6
𝛼OO

	 ,

νpq =
𝛼OP
𝛼OO

	 ,

νqp =
𝛼OP
𝛼PP

	.

(S7) 

The incompressibility condition appropriate for materials such as soft tissue constrains the strain such that17  

𝑇𝑟(𝜺) ≡ 𝜃 = 0 (S8) 

For an accurate description of an incompressible TI material, this condition must be applied directly to the stress strain 

relations in the limit that 𝜃 approaches zero and the longitudinal modulus 𝜆 → ∞, i.e. 

𝑃 = lim
�→�
�→�

(𝜆𝜃) (S9) 



where 𝑃 is defined as the scalar pressure. As demonstrated previously,16 a strict application of the incompressibility 

condition produces stress-strain relations in which the longitudinal terms include the scalar pressure, 𝑃, and 

inversion of this equation to compute the Young’s moduli and Poisson’s ratios of an incompressible TI material is 

not strictly defined. However, following a previous approach presented for an isotropic incompressible material,16 

the Young’s moduli and Poisson’s ratios can be approximated using the formulas presented above and taking the 

limit as 𝜆 → ∞. Under these conditions, the Young’s moduli and Poisson’s ratios for a nearly-incompressible TI 

material, i.e. NITI material, can be approximated as: 

	𝐸p = 3𝜇 + 𝜇 �
𝛿

4𝜇 + 𝛿
�	,																									

𝐸q = 3𝜇 + 𝛿	,																																										

𝜈pp =
1
2
�1 +

𝛿
4𝜇 + 𝛿

� = 1 −
1
2
𝐸p
𝐸q
		 ,

𝜈pq =
1
2
�1 −

𝛿
4𝜇 + 𝛿

� =
1
2
𝐸p
𝐸q
,												

𝜈qp =
1
2	,																																																		

(S10) 

where 𝛿 = 𝑄6 − 2𝑄O. Note that in the limit of an isotropic material  

𝑄O = 𝑄6 = 0,																					 

Ep = Eq = 3𝜇,																		 (S11) 

νpp = νpq = νqp = 1/2. 

By definition, the 𝛿 term accounts for non-zero differences between 𝐶PP and 𝐶OO and between 𝐶O6 and 𝐶OP. As such, 

both 𝐸q and 𝐸p  change with 𝛿 (Supplemental Figure 3).  

 



 

Supplemental Figure 3. Young’s moduli along and across NITI material symmetry axis 𝐳 (perpendicular corneal 

surface) scaled to the shear modulus 𝜇 (𝐸q/𝜇 and 𝐸p/𝜇 respectively) as a function of the ratio 𝛿/𝜇. 

The lower limit for the argument 𝛿/𝜇 is defined by the condition where 𝜈pp  is positive. As such,	𝐸p ≥ 2𝜇.  

As 𝛿 → ∞,𝐸p  has an upper limit of 4𝜇. 𝐸q is a linear function of 𝛿. 

The condition where 𝛿/𝜇 < 0 corresponds to a slow-axis NITI medium, where 𝐶PP < 𝐶OO. This situation occurs in the 

cornea due to random in-plane orientation of lamellas, where the symmetry axis (𝑧) corresponds to the direction 

perpendicular to the fibers. Thus, corneal tensile properties may be different when loaded in-plane compared to out-

of-plane directions.  

As shown in Supplemental Figure 3, the difference between 𝐸q and	𝐸p	may be defined by the parameter 𝛿. However, 

the ratio 𝐸p/𝐸q has a very narrow range for all 𝛿 allowed by corneal symmetry: 

1 < 𝐸p/𝐸q < 2	 (S12) 

In this paper, we compare OCE-measured Young’s modulus 𝐸, with the tangential tensile modulus 𝐸p , measured in 

tensile extensometry. From Eq. (S.12), it’s clear the range of 𝐸p	is highly restricted:   

2𝜇 < 𝐸p < 3𝜇	. (S13) 



The case of 𝐸p = 3𝜇, corresponding to 𝛿 = 0, was assumed in our previous work18 and based on the assumption 

that corneal tensile properties are isotropic. The case 𝐸p = 2𝜇, corresponding to 𝛿 = −2𝜇, represents the strongest 

possible corneal tensile anisotropy. Determining the parameter 𝛿 is not easy and is outside the scope of our current 

work. Here, we will again assume that the cornea has isotropic tensile behavior, i.e. 𝛿 = 0. This simplifies the 

elasticity matrix (S.3) to be: 

𝐶 =

⎣
⎢
⎢
⎢
⎢
⎡𝜆 + 2𝜇 𝜆 𝜆

𝜆 𝜆 + 2𝜇 𝜆
𝜆 𝜆 𝜆 + 2𝜇

𝐺
𝐺

𝜇 ⎦
⎥
⎥
⎥
⎥
⎤

(S14) 

with only 2 parameters, 𝜇 and 𝐺, defining corneal deformation and 𝐸p = 𝐸q = 𝐸 = 3𝜇. 

Note that assuming 𝛿 = 0 for the cornea may not be strictly accurate, but greatly simplifies the analysis of wave 

behavior for quantification of 𝐸 and G using experimental data (detailed in Supplemental Methods 4). Using a 

simplified NITI material model rather than a simple isotropic model is an important step in quantifying anisotropic 

properties because it separates the effects of 𝜇 from 𝐺, which are much greater than any possible variations of 𝐸 

introduced by 𝛿 ≠ 0. 

4. Corneal moduli quantification in AµT-OCE 

Quantitative moduli estimates can be found that most closely match guided wave modes in the cornea using a fitting 

routine based on the full frequency-wavenumber spectra (f-k – domain) of the OCE-measured surface vibration 

signal.18 While the solution includes an infinite number of quasi-symmetric and quasi-antisymmetric modes, AµT-

generated wave energy concentrated in the A0 dispersive wave mode. Thus, only the A0 mode was fit to the NITI 

dispersion relation.  

In this work, as well as previously,18 𝜇 and 𝐺 were fit to a solution of the A0 mode assuming 𝛿	= 0. For the degree 

of corneal shear anisotropy (𝜇/𝐺), the A0 mode remains insensitive to differences in 𝛿. Using representative values 



of 𝐺, 𝜇, and 𝜆 for the cornea (𝐺 = 20 kPa, 𝜇	= 3 MPa,	𝜆 = 2.37 GPa), Supplemental Figure 4 demonstrates that for 

the limiting case of 𝛿 = −2𝜇, there are negligible changes in the A0 mode. As such, only two parameters (𝐺, 𝜇) 

were used in the mode-tracing routine described in S15. 

 

Supplemental Figure 4. a) A0 mode phase velocity spectra (f-c domain) with zoomed inset and b) wavenumber 

representation (f-k domain) for a TI material with tensile anisotropy defined by  𝛿 = 0 and 𝛿 = −2𝜇. The guided A0 

mode in the cornea remains relatively insensitive to changes in 𝛿, suggesting that the shear moduli 𝜇 and 𝐺 

dominate guided wave behavior. Note that 𝛿 = 0 is consistent with previous work and was used in this study to 

generate the theoretical dispersion relation. 

Using the dispersion curve solution as the forward model, a mode-tracing routine was applied to fit the theoretical 

dispersion relation to the measured data by maximizing the following objective function: 

Φ(𝜇,𝐺) =
1
𝑁�
��𝑤(𝑓, 𝑘; 𝜇, 𝐺)|𝑣�(𝑓, 𝑘)|6

��

− Β �
𝜇
𝜆
� (S15) 

where 𝑣� is the normalized 2D Fourier spectrum of the measured surface velocity, 𝑤(𝑓, 𝑘; 𝜇, 𝐺) describes the A0 

mode solution, 𝑁� is the number of FFT bins included in the fit, and Β is a regularization term that ensures the ratio 

between 𝜇/𝜆 remains small (satisfying the nearly-incompressible assumption).	Β was set to 1, based on an L-curve 

analysis.19 The value of 𝜆 was updated at each iteration and for a given frequency 𝑓 and given the current parameter 

set (𝜇, 𝐺), the dispersion relation solver returned the wavenumber 𝑘� associated with the A0 mode. A weighting 



function is applied to each frequency with a peak value at the wavenumber of the theoretical dispersion curve, with 

weights decaying (with a Gaussian distribution) with distance from the theoretical curve. The resulting moduli (𝐸 

and 𝐺) quantified from the measured wavefields of nine (n = 9) porcine cornea are shown in Supplemental Figure 

5.   

 

Supplemental Figure 5. (a) Young’s modulus (𝐸 = 3𝜇) and (b) transverse shear modulus (𝐺) in porcine whole 

globe samples quantified using the NITI model applied to AµT-OCE measurements. The line connects moduli of 

each sample scanned at an IOP of 5, 10, 15, and 20 mmHg to show individual variations in pressure-dependent 

moduli. Each color corresponds with the respective sample. Error bars correspond with standard error of the mean 

from each set of repeat scans. 

Note that while there was relatively high variability in the absolute values of the moduli at each IOP, each cornea 

demonstrated a systematic increase with increasing pressure. To visualize this, relative changes in modulus as a 

function of IOP compared to the baseline value at 5 mmHg are displayed in Supplemental Figure 6. As seen, 

Young’s and Shear modulus changed by 98 ± 29% and 67 ± 15%, respectively, of the original value as IOP 

increased from 5 mmHg to 20 mmHg. 



 

Supplemental Figure 6. Relative change in modulus as a function of IOP compared to the baseline value of a) 𝐸 

and b) 𝐺 at 5mmHg. Although there were differences in the absolute values of both 𝐸 and 𝐺 at different pressure, 

both moduli appear to increase systematically with increasing IOP. 

5. Shear Rheometry in porcine cornea 

5.1. Parallel plate rheometry measurements 

After scanning with AµT-OCE, corneal buttons were prepared for rheometry where the anterior and posterior 

surfaces of the circular stromal buttons were clamped between a parallel compression plate specially designed to 

match the size of the corneal surface. The surface of the 3D-printed and mounted head bracket had a diameter of 12 

mm and was rough enough to avoid tissue slippage.  

For purely rotational strains, the stress-strain relation in a NITI material reduces to: 

�
𝜏_$
𝜏^$
0
� = �

𝐺
𝐺

𝜇
� �
𝛾_$
𝛾 $
𝛾 _

� , (S16)  

where shear stress and strain relations may be described by: 

𝜏^$ = 𝐺𝛾 $, (S17) 



𝜏_$ = 𝐺𝛾_$. (S18) 

The transformation from Cartesian coordinates to cylindrical coordinates gives: 

𝜏�$ = 𝐺𝛾�$. (S19) 

A relative torsional twisting about an axis perpendicular to the surface was applied to deform the tissue in a state of 

pure transverse shear strain. A resulting sinusoidal oscillatory shear strain was measured according to: 

𝛾�$(𝑡) = 𝛾�$�𝑒
d��, (S20) 

where 𝑖 denotes the imaginary number, 𝜔 the angular frequency, and 𝛾�$� the peak shear strain amplitude (0.1%.). 

The applied shear stress (𝜏�$) is described by: 

𝜏�$(𝑡) = 𝜏�$�𝑒
ld(��£�)m	 (S21) 

where 𝜏�$� is the shear stress amplitude and 𝜃	is the phase shift angle between the applied stress and the 

corresponding shear strain. The complex dispersive shear modulus, 𝐺∗(𝜔) = 𝐺′(𝜔) + 𝑖𝐺′′(𝜔), is defined by storage 

𝐺′ and loss 𝐺′′ terms. The shear stress and strain may then be described by: 

𝜏�$(𝑡) = 𝐺∗(𝜔)𝛾�$(𝑡) (S22) 

The complex modulus is determined by dividing the shear stress by the shear strain (often in the frequency domain) 

to obtain the in-phase (storage) response to strain and 90 degrees out-of-phase (loss) modulus.  

In general, collagen-rich tissue demonstrate an approximately linear behavior below 1%,20 thus 0.1% peak strain 

was applied to the tissue during the frequency sweep (0.1-16 Hz). Frequency-dependent storage 𝐺′ and loss 𝐺′′ 

moduli, corresponding to the real and imaginary parts of 𝐺∗, were determined in the corresponding n = 9 porcine 

cornea with statistical mean and standard deviations for each sample plotted in Supplemental Figure 7.  



  

Supplemental Figure 7. Shear a) Storage (𝐺′) and b) Loss (𝐺′′) moduli measured during frequency-swept loading at 

0.1% strain. The line connects moduli of each independent porcine cornea sample to show biological variations in 

frequency-dependent moduli. 

5.2. Rheometry with and without sclera  

Because transversely isotropic media require different loading geometries to measure both elastic moduli (𝐸 and 𝐺), 

excess sclera was left on the samples during rheometry to ensure sufficient surface area for clamping in tensile 

testing. Because a portion of the sclera was left on each corneal button during rheometry, the apparent stiffness due 

to excess tissue was tested in a set of three (3) porcine samples. Frequency-swept rheometry was perfomed on 

corneal buttons with a 2 mm scleral boundary within 1 hour of porcine euthanasia. Immediately following two 

repeat frequency sweeps, the scleral ring was removed and only the cornea was exposed to a rotating shearing force 

for an additional two tests. The mean value of the two repeat tests (both with and without sclera) was used for each 

sample. The results are shown in Supplemental Figure 8 and suggest that the excess tissue induced a 1.6-2.2-fold 

(depending on the frequency) increase in the shear modulus compared to rheometry of the cornea alone. 



 

Supplemental Figure 8. Mean and standard deviation (n = 3) of the storage (solid line) and loss (dotted line) 

modulus measured in samples with (black) and without (pink) the scleral ring attached. The excess sclera tissue 

increased the apparent modulus of the cornea. 

6. Tensile Testing in porcine cornea 

6.1. Extensometry measurements  

Following rheometry, linear strips cut from corneal buttons were pneumatically clamped (2752-005 BioPuls 

submersible pneumatic grips, 250 N max load) to the excess scleral tissue, leaving the cornea exposed between 

clamps. A 50 mN pre-load was applied and the samples were stretched at 2 mm/min (Instron model 5543) up to 10% 

strain. In this configuration, the tissue was subject to uniaxial tension along the xx-direction and the corresponding 

stress-strain relation in a simplified NITI material where 𝐸 = 𝐸p . 

The engineering stress (𝜎) in the corneal strips was calculated using the cross-sectional area of the central cornea, 

 

𝜎 =
𝐹
𝑤ℎ	,

(S23) 

where 𝑤 was the width, ℎ the thickness (as measured using a digital micrometer), and 𝐹 the force measured during 

elongation. The engineering strain (𝜀) was defined as 



𝜀 =
∆𝑙
𝑙�
	 (S24) 

where 𝑙� was the initial length of the clamped cornea under a 50 mN preload and ∆𝑙 the elongation values recorded 

by the extensometer. The stress-strain curve was determined for the corresponding n = 9 porcine cornea (stripped in 

the temporal-nasal direction) by fitting a second order exponential to each set of raw data. (Supplemental 

Figure 9a). An additional second order exponential was fit to the data which included all (n = 9) stress-strain values 

and was considered the representative curve for the n = 9 porcine samples. The strain-dependent Young’s modulus 

was defined by the instantaneous slope (Tangential Modulus) of the stress-strain curves (Supplemental Figure 9b). 

 

Supplemental Figure 9. a) Stress, Strain and b) Tangential modulus for 9 independent corneal strips. The 

displayed curve is the result of a second-degree exponential fit applied to the raw experimental data. 

6.2. Compensation for Deformation State in Tension 

It is well-documented that the cornea exhibits nonlinear moduli with strain. In a living organism, the cornea is 

highly pressurized by IOP, which produces an internal stress and preserves optimal corneal shape. However, when 

the cornea is extracted from the whole globe, its shape changes and internal stress is released. Therefore, it is very 

important to account for the cornea’s deformation state and geometry change when comparing the modulus 

estimated by different methods. To compare OCE and tensile testing results, two factors producing different 

deformation states must be considered: (i) the cornea preserved its curvature in OCE measurements, while the 



curvature was flattened in tensile testing; (ii) the cornea was under biaxial tension due to the intraocular pressure 

during whole-globe OCE measurements, while in tensile testing the cornea strip was loaded with a uniaxial stress. 

Two models are presented below to address these factors. The first considers the geometry transition (curved to 

straight) as a reverse beam bending and derives an offset strain required to compensate modulus values estimated in 

tensile testing. The second uses the internal pressure as a common parameter to bridge uniaxial and biaxial loadings.  

6.2.1. Reverse Bending Model 

When the cornea strip is excised from a button, one can observe that its curved structure is generally retained. As the 

tensile force start to stretch the strip, it flattens to a straight piece under 50 mN preload. This geometry transition 

introduces a complex pre-strain field in the corneal strip as shown in Supplemental Figure 10a, yielding part of the 

strip under compression and the rest under tension. This pre-strain may affect the accuracy of the tensile 

measurement since the part of the tissue under compression provides limited resistance against the force from the 

test device, leading to underestimation of the Young’s modulus. As stretching continues during the test, we assume 

that underestimation stops when all compressional pre-strain is compensated and the whole strip is under tension. 

This happens when the strain applied by the tensile device equals the maximal compressional pre-strain 𝜀¨©^. Here, 

we calculate 𝜀¨©^ by reversing the beam bending model (as shown in Supplemental Figure 10b) since it is 

reciprocal to corneal stretching.  

 



 

Supplemental Figure 10. a) Schematic showing the pre-strain distribution in the cornea strip when flattened at the 

beginning of tensile testing. b) Beam bending model to calculate the maximal compressional pre-strain in the cornea 

strip. 

In Supplemental Figure 10b, the x-direction is along the longitudinal axis of the beam and located at the beam 

center, and the z-direction is along the thickness. The axial strain in the beam at different depths 𝜀^^(𝑧) is defined as 

𝜀^^(𝑧) =
𝑧
𝑎 ,

(S25) 

where a is the radius of curvature. The maximum compressional strain occurs at the bottom surface where 𝑧 = −«
6
, 

yielding 

𝜀¨©^ = −
ℎ
2𝑎 ,

(S26) 

In this notation h is the thickness of the cornea. When the corneal strip is stretched by 𝜀¨©^ during extension testing, 

the whole strip is assumed to be under tension and the tensile measurement has passed the underestimation region. 

Thus, we define the deformation state at this point to be equivalent to the “rest state” in AµT-OCE measurements 

where there is no external pressure loading applied to the cornea (IOP = 0 mmHg). In other words, the rest state 



means the point where the geometric transformation from a spherical segment to the flat strip (or vise versa) is 

complete. Take the first cornea sample as an example, as shown in Supplemental Figure 11a, the solid circle at 

𝜀 = 	𝜀¨©^ = 3.52% and Etensile = 4.17 MPa marks the modulus estimated by tensile testing at the rest state.  

6.2.2. Internal Pressure 

AµT-OCE measurements were performed at different IOP (5, 10, 15, and 20 mmHg), which lead to different 

deformation states from the rest condition (0 mmHg); therefore, this state change must be addressed when 

comparing Young’s moduli estimated by both methodologies. Ideally, this comparison should be performed at the 

same internal pressures; in AµT-OCE it is defined by IOP, and in tensile measurements the pressure is determined 

by the deformation level.  

The internal pressure (𝑃d) is defined as one-third of the sum of all principal stresses: 

𝑝d =
1
3
(𝜎OO + 𝜎66 + 𝜎PP). (S27) 

For the cornea in the AµT-OCE measurement, we may apply Timoshenko’s thin shell theory with membrane 

approximation,21 which yields the principal stresses  

𝜎OO = 𝜎 = 0	  

𝜎66 = 𝜎® =
𝑃
2
𝑎
ℎ	

(S28) 

𝜎PP = 𝜎� =
𝑃
2
𝑎
ℎ 

Where 𝑃 is the IOP, a is cornea’s radius of curvature, and h is its thickness. The first principal stress 𝜎 is 0 because 

AµT-OCE is performed on the traction-free boundary condition at the outer surface. Comparing to 𝜎® and 𝜎�, 𝜎 is 



much less significant because of the factor 𝑎/ℎ in 𝜎® and 𝜎�, as a is generally much larger than h for the cornea. 

Therefore, we may simplify the internal pressure corresponding to different IOP in AµT-OCE measurements as 

𝑝d,¯°? =
1
3
0
𝑃
2
𝑎
ℎ +

𝑃
2
𝑎
ℎ
5 =

𝑃
3 ±
𝑎
ℎ²	

(S29) 

Note that pi,OCE is geometry-dependent; that is, each cornea has a different value. For tensile testing, the internal 

pressure is given by 

𝑃d,�³´µd¶³ =
1
3𝜎OO

(S30) 

where 𝜎OO is the uniaxial tensile stress.  

 

Supplemental Figure 11: Results of tensile testing from cornea sample No. 1. (a) Experimentally measured 

dependence of Young’s modulus on strain in tensile test. The ‘rest state’ is determined by 𝜀¨©^ calculated from the 

bending model. (b) Tensile modulus versus internal pressure. The internal pressure calculated with Timoshenko’s 

thin shell theory corresponding to different IOP’s is added to that of the rest state, yielding the effective IOP values 

for modulus estimates in tensile measurements. 

Supplemental Figure 11b shows the same tensile testing results as that in Supplemental Figure 11a, but with 

estimated internal pressure on the abscissa. The internal pressure was calculated by Equation (S30). The rest state 



marked by the solid circle is determined by projecting the same Young’s modulus Etensile = 4.2 MPa from 

Supplemental Figure 11a, which has the corresponding internal pressure of 28.6 kPa. From the rest state, internal 

pressure changes equivalent to those induced by IOP variations (5, 10, 15, and 20 mmHg) are added, leading to the 

internal pressures 31.9 kPa, 35.2 kPa, 38.4 kPa, and 41.7 kPa, and modulus estimations 4.6 MPa, 5.1 MPa, 5.5 MPa, 

and 6.0 MPa, respectively. Finally, the hollowed markers are projected back to Supplemental Figure 11a by 

referencing the same moduli from Supplemental Figure 11b to determine the uniaxial strains corresponding to the 

deformation states at the four IOP’s. The process was performed for each cornea sample and the mean values 

reported in Supplemental Table 1. 

Supplemental Table 1 Estimated equivalent strain-dependent moduli 
 

Inflation 
pressure 

 
(OCE) 

OCE Young’s 
modulus, 𝐸¯°? 

 

Mean ± SD 
(MPa) 

Measured 
corresponding 
strain in tensile 

test 

Calculated 
corresponding 

strain in 
tensile test 

 
Mean ± (SD) 

Tensile 
Young’s 
modulus, 
𝐸�³´µd¶³ 

 

Mean ± SD 
(MPa) 

% Error 
 

|𝐸�³´µd¶³ − 𝐸¯°?|
𝐸¯°?

 

5 mmHg 

10 mmHg 

15 mmHg 

20 mmHg 

12 (±5) 

13 (±6) 

15 (±7) 

20 (±9) 

5.7% 

5.7% 

6.2% 

7.1% 

4.0 (±0.2)%  

4.1 (±0.1)% 

4.3 (±0.1)% 

5.8 (±0.9)% 

5.8 (±0.9)  

6.2 (±0.9)  

6.6 (±0.9)  

7.0 (±1.0)  

53% 

51% 

55% 

65% 
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