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Abstract 

Effective cardiovascular tissue surrogates require high control of scaffold structural and 

mechanical features to match native tissue properties, which are dependent on tissue-specific 

mechanics, function heterogenicity, and morphology. Bridging scaffold processing variables with 

native tissue properties is recognized as a priority for advancing biomechanical performance of 

biomedical materials and, when translated to the clinical practice, their efficacy. Accordingly, this 

study selected electrospinning on a rotating cylindrical target as an apparatus of broad application 

and mapped the relationship between key processing variables and scaffold mechanics and 

structure. This information was combined with mechanical anisotropy ranges of interest for the 

three main categories of tissue surrogated in cardiovascular tissue engineering: heart valve leaflets, 

ventricle wall, and large diameter blood vessels. Specifically, three processing variables have been 

considered: the rotational velocity and the rastering velocity of the mandrel and the dry (single 

nozzle – polymer only) vs wet (double nozzle – polymer plus phosphate buffer saline solution) 

fabrication configuration. While the dry configuration is generally utilized to obtain micro-fiber 

based polymeric mats, the wet fabrication is representative of processing conditions utilized to 

incorporate cells, growth factors, or micro-particles within the fibrous scaffold matrix. Dry and 

wet processed electrospun mats were fabricated with tangential and rastering velocities within the 

0.3-9.0 m/s and 0.16-8 cm/s range respectively. Biaxial mechanics, fiber network, and pore micro-

architectures were measured for each combination of velocities and for each fabrication modality 

(dry and wet). Results allowed identification of the precise combination of rotational and rastering 

velocities, for both dry and wet conditions, that is able to recapitulate the native cardiovascular 

tissue anisotropy ratio. By adopting a simple and broadly utilized electrospinning layout, this study 
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is meant to provide a repeatable and easy to access methodology to improve biomimicry of the in 

plane-mechanics of heart valve leaflets, ventricular wall, and large diameter blood vessels. 

 

Keywords  

electrospinning; electrodeposition; wet processing; cardiovascular tissue surrogates; 

cardiovascular tissue mechanical properties; cardiovascular tissue morphology.   
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1. Introduction 

Fibrous materials are ubiquitous in nature. Electrospinning (ES) is one of the most effective 

micro-fiber deposition techniques able to recapitulate characteristics of fibrous biological 

materials both from a mechanical and a structural perspective. The popularity of ES is largely a 

function of a versatile manufacturing process where permanent modifications of the processing 

apparatus [1], as well as slight alterations of the processing variables during the fabrication process 

itself, enable the production of scaffolds with a wide array of fiber morphologies. Different 

topologies result from the combinations of structural variables such as fiber diameter [2], fiber 

packing density and connectivity [3], fiber orientation and alignment [4, 5], fiber undulation [6], 

bulk porosity [7], pore size and aspect ratio [8]. These numerous degrees of freedom in the design 

of the scaffold structure allow for an equally broad array of physical and mechanical properties [9, 

10], including anisotropy ratio, strain energy, peak stress, or flexural rigidity. While still suffering 

from processing artifacts that affect repeatability, ES remains one of the few fiber deposition 

techniques able to produce an organ/large scale (>1cm) object with high structural organization at 

the mesoscale (10-100 µm), which is composed of fiber elements with characteristic lengths within 

the 0.1-10 µm range [11]. By tuning the processing variables, fiber-based scaffolds can be 

successfully fabricated with a high level of control on the structure-function characteristic and on 

the fiber network morphology that allows for biomimicry of Extracellular Matrix (ECM) structure. 

This ability is recognized as a fundamental factor for bioprocessing of engineered tissues as 

substrate size, scale, stiffness [12], and topography [13] play essential roles in cell adhesion, 

motility, proliferation, differentiation [14], aging [15], macrophage polarization [16], and host cell 

recruitment [17]. 
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The kinematics of the mandrel is a processing variable category that directly affects the 

way polymeric fibers land on the collecting surface and, consequently, their structural 

arrangement. Specifically, the electrospinning mandrel tangential velocity and rastering velocity 

have been shown to dictate fiber alignment [4] and fiber intersections [18, 19], respectively. In 

turn, planar mechanical properties such as tissue anisotropy vary with fiber main angle of 

orientation and alignment [4]. Similarly, changing the rastering velocity impacts the out of plane, 

flexural mechanics through the number of fiber intersections [18, 19]. 

Cardiovascular tissues perform sophisticated tasks in mechanically demanding 

environments which require complex and hierarchical structural organization. Examples include 

ventricle region-specific tissue alignment and anisotropy [20] or heart valve and blood vessel 

functional heterogeneity [21]. For instance, valve leaflet anisotropy is generated from collagen 

alignment within the fibrosa layer [22, 23], ventricle anisotropy is mainly produced by aligned 

cardiomyocytes [24, 25], while vascular anisotropy is originated by highly aligned collagen fibers 

within the tunica media [26, 27]. Mechanical anisotropy in these examples, as well as in many 

other soft tissues, is one of the most crucial factors for structural integrity and organ function [26]. 

As such, it was selected in this study as the preferred, targeted variable for the biomimicry of 

cardiovascular tissue. Two main variables were considered to fine tune mechanical anisotropy: the 

tangential and the rastering velocity. Since different scaffold types may require the combination 

of polymer fiber stream with a secondary stream during the fabrication, the concurrent electro-

spraying of a wet component such as: cell media, cell solution, buffer solution, or micro-particle 

solution was considered as a third variable for the processing. In particular, wet processing has 

been demonstrated to overcome the limited cell infiltration that represents a common drawback 

for electrospun engineered scaffolds [28, 29]. 
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The objective of this study was to map the relationship between key processing variables 

and scaffold mechanics and structure and enable biomimicry of cardiovascular tissue planar 

mechanics. Three processing variables have been considered: the rotational velocity and the 

rastering velocity of the mandrel and the dry (single nozzle – polymer only) versus wet (double 

nozzle – polymer plus phosphate buffer saline solution) fabrication configuration. 

The structure and function characteristics of each scaffold resulting from the combination 

of these processing variables were assessed using scanning electron microscopy, digital image 

analysis, and biaxial mechanical testing. The results allow the identification of the precise 

combination of rotational and rastering velocities for both dry and wet conditions that is able to 

recapitulate native tissue anisotropy for the three main clinically relevant applications in 

cardiovascular tissue engineering: heart valve leaflets, ventricular wall, and large blood vessels. 

This study provides a repeatable and easy to access methodology to identify tangential and 

rastering velocities values for both wet and dry electrospun scaffold processing able to recapitulate 

the planar mechanical response of cardiovascular tissues. While the results focused on heart valve 

leaflets, ventricular wall, and large blood vessels,  the presented methodology can be broadly 

extended to other soft native tissues. 

 

2. Materials and Methods 

2.1 Synthesis of poly (ester urethane) urea 

Poly(ester urethane)urea (PEUU) was synthesized using a two-step polymerization from 

polycaprolactone diol (PCL, Mn = 2000, Sigma-Aldrich), 1,4-diisocyanatobutane (BDI, Sigma-

Aldrich), and 1,4-diaminobutane (putrescine, Sigma-Aldrich), details were described in [30]. The 

molar ratio of PCL: BDI:  putrescine was set as 1:2:1. In brief, following toluene distillation, the 
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PCL diol was dissolved in dimethyl sulfoxide (DMSO, Sigma-Aldrich) and reacted with BDI in 

the presence of the stannous octoate (Sn(Oct)2, Sigma-Aldrich) catalyst to form the prepolymer. 

In the second step, putrescine was added as the chain extender and left to react overnight. 

Deionized water was used for precipitation of the PEUU and was followed by the drying of the 

precipitated PEUU in a vacuum oven for the next 3 days. 

 

2.2 Electrospun scaffold fabrication 

PEUU scaffolds were fabricated through a one- or a two-stream electrospinning process as 

described in [28] and illustrated by the schematic provided in Figure 1A. The electrospinning 

collecting surface was a rotating cylindrical mandrel of 114 mm in diameter. The deposition area 

was concentrated at the center of the mandrel by setting a longitudinal rastering span of 3 cm. 

PEUU was dissolved in 1,1,1,3,3,3-hexafluoro-2-propanol (HFIP, Oakwood Chemicals) at 12% 

w/v. The single-stream fabrication modality (dry) only involved the electrospinning of the polymer 

solution and utilized the following processing parameters: a polymer voltage of 12 kV, a polymer 

flow rate of 1.5 ml/hr, a polymer–injector gap distance of 13.5 cm, and a mandrel voltage of -4 

kV. The two-stream electrospinning fabrication (wet) utilized identical polymer electrospinning 

conditions, but it also involved a secondary stream component of phosphate-buffered saline (PBS) 

solution which was electro-sprayed with a voltage of 14 kV, a PBS flow rate (secondary stream) 

of 1.2 ml/hr, and a PBS gap distance of 5 cm. As the collecting target could only rotate around its 

major axis and translate longitudinally, its kinematics was controlled only by two processing 

variables: the mandrel tangential velocity and the mandrel rastering velocity.  
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These two parameters independently dictate structural anisotropy [31, 32] and fiber intersection 

density [18, 19] In order to map the full range of values of physiological relevance for isotropic 

and anisotropic cardiovascular (anisotropy ratio larger than 1) tissue, tangential velocities were set 

equal to 0.3, 1.5, 3.0, 4.5, 9.0 m/s. A fabrication conducted with a tangential velocity of 1.5 m/s 

would produce a isotropic, random arrangement of fibers with AR equal to 1 whereas a tangential 

velocity of 4.5 m/s would induce an oriented fiber arrangement with AR>1 [4]. Similarly, rastering 

velocities were set equal 0.16, 2.5, 8.0 cm/s, this corresponds to a range of [0.071 – 0.12] number 

of fiber intersections/mm2 that was previously measured for engineered or native cardiovascular 

tissue such as in [19] [8].  

These fifteen combinations of tangential and rastering velocities were studied under dry (polymer 

electrospinning only) and wet (polymer electrospinning and PBS electro-spraying) fabrication 

conditions that represented the third variable (Figure 1) investigated in the study. [4, 18, 19]. The 

processing variables space (VT, VR, Wet/Dry) investigated in this study is illustrated in Figure 1B. 

While dry/wet condition, as well as tangential and rastering velocities, were different for each of 

the points within the processing space the remaining processing variables: gap distances, flow 

rates, and voltages remained unmodified, each sample fabrication required a polymer deposition 

time of 1.5 hrs. 

 

2.3 Characterization of in-plane mechanics via biaxial mechanical testing 

Sample thickness was measured with a dial indicator gage (Starrett, Athol, MA) and averaged 

among 5 different locations (Table 1). 

In-plane tensile mechanical properties of the processed polymeric scaffolds and cardiovascular 

native tissues (Figure 1B) were evaluated using equi-stress biaxial testing as described in [4, 19, 
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33]. Briefly, 10 mm × 10 mm samples were obtained from each specimen. Next, four marker dots 

~1 mm in diameter positioned at the corners of a ~2 mm × 2 mm square in the sample center were 

utilized to calculate the deformation gradient tensor. Samples mounted on the device were 

anchored by sutures on edge using four equidistantly placed small surgical fishhooks. To maintain 

the stress and strain states uniform in the central region, the hooks were located away from the 

outer edges to avoid the effects of specimen grips [4, 19]. These sutures were attached to the four 

electromagnetic motors of the biaxial system, aligning circumferential and longitudinal edges with 

the direction of stretching. Samples were loaded into a custom-made biaxial testing device and 

tested in PBS at ~23°C for 10 cycles with an unloading and loading time of 15 seconds/cycle. 

Every sample (n≥3/group) was preconditioned and then tested in Lagrangian equi-stress control to 

peak stress of 418.9 kPa. This value was identified [34] as appropriate to elicit physiologically 

relevant strain levels (1.2 for left ventricle wall [35, 36], 1.6 for heart valve leaflets [37], 1.5 for 

large blood vessels [38, 39]). During the biaxial test, a constant ratio of loads was maintained 

between the two directions (circumferential and longitudinal). Post-processing was completed 

using a custom MATLAB (MathWorks, Natick, MA) script with the reference point being the 

free-float marker positions after preconditioning. The 2nd Piola- Kirchhoff stress S [kPa] was 

reported.  

Strain energy was also calculated utilizing a custom-made code developed in MATLAB in which 

the algorithm applies a fifth-order polynomial fitting to each experimental biaxial stress-stretch 

curve and then integrates the area under the curve from 0 kPa to 440 kPa [19].  

The stress-strain product defines the work per volume. This energy density is related to the 

deformed volume, and it is expressed as [19]: 

𝜓 = ∫ 𝑆11

𝜆1

1

𝑑𝜆1 + ∫ 𝑆22

𝜆2

1

𝑑𝜆2 
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Where, S is the Lagrangian stress and λ is the stretch defined by the ratio of the l current length, l, 

to the initial unstressed length, L, λ =
𝑙

𝐿
. Subscripts 1 and 2 refer to the circumferential and 

longitudinal direction, respectively. 

 

2.4 Characterization of in-plane mechanics via analysis of mechanical anisotropy 

The anisotropy ratio which is a common metric for anisotropy was selected to study the impact of 

the different processing variables on the in-plane behavior of the electrospun mats. Anisotropy 

was studied by calculating the anisotropy ratios (ARs) of the scaffolds under biaxial loading and 

by comparing the measured values with anisotropy ratios of native cardiac tissue. AR was defined 

as the ratio of the Lagrangian’s stretches during equi-stress biaxial testing [40-42] using Eq. 1: 

                                                               𝐴𝑅 =
𝜆𝐿𝐷

𝜆𝐶𝐷
                                                                  (Eq. 1) 

where λLD and λCD are the stretches in the longitudinal and circumferential directions, respectively. 

AR in healthy cardiac tissue varies considerably based on the tissue type, anatomical location, and 

based on the different stress levels being applied. Accordingly, in order to properly engineer in-

plane mechanics and match native tissue mechanical anisotropy, the AR was calculated for each 

of the scaffold group at different stress levels. More specifically, every scaffold was tested above 

400 kPa to fully cover the 1-1.4 Lagrangian’s stretch level. Next, AR was calculated at four stress 

levels (11.0 kPa, 44.1 kPa, 220.5 kPa, 418.9 kPa) for each fabrication condition, these values 

allowed to cover deformations observed in the healthy porcine left ventricle wall (0 - 0.25  [43]), 

heart valve leaflets (0.1 - 0.40 [20]), or large blood vessels such as the descending aorta or the 

carotid arteries %(-0.1 - 0.2 [44, 45]). A detailed description of the method utilized to calculate 

scaffold AR at a desired stress level that would correspond to the AR measured for healthy cardiac 

tissue, within physiological strain conditions, is provided in Supplemental Figure 1.  During the 
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first step of the process, scaffold specimens are tested under equi-stress biaxial conditions. In step 

2, the AR is calculated at the prescribed stress levels based on experimental data and on Eq. 1. In 

step 3, the experimentally derived ARs and their related stress values are linearly interpolated. 

Finally, in step 4, the AR vs. stress characteristic is utilized to estimate AR at a specific stress 

value that would match the maximum stress utilized to elicit physiologically relevant strain in 

native cardiac tissue. For instance, the example provided in Supplemental Figure 1 extracts 

scaffold AR of 1.19 corresponding to a peak stress of 54kPa that was utilized to produce a stretch 

range of 1-1.3 in a descending aorta (Figure 5). The list of native tissue ARs measured in this 

study and utilized for the engineering of electrospun mats with matching biaxial mechanics are 

provided in Table 2 and include porcine left ventricle [46], porcine arteries [47], and porcine heart 

valve leaflets [8]. 

While the mandrel tangential velocity is the electrospinning variable directly affecting 

scaffold fiber orientation [4] and as a consequence affecting scaffold mechanical anisotropy, the 

rastering velocity has a direct impact on fiber intersection density [18, 19]. In turn, this micro-

structural feature dictates scaffold bending rigidity. The current study also aimed to understand the 

interplay between mandrel tangential and rastering velocity. Towards this end, a linear regression 

model [8] with interactions variables as described in Equation 2, was implemented in Python 

(Python Software Foundation, Wilmington, DE). The model interpolated ARs, tangential, and 

rastering velocities for both the dry and the wet electrospinning configurations.  

                                                     𝐴𝑅 = 𝑐0 + 𝑎1 ∙ 𝑥1
2 + 𝑎2 ∙ 𝑥1 ∙ 𝑥2                                      (Eq. 2) 

Last, to identify the appropriate combination of processing variables that are able to duplicate 

native cardiovascular tissue anisotropy (Figure 5), the interpolated AR-VT-VR surfaces were 

intersected with the ARs of the cardiovascular tissue of interest (Figure 6). 
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2.5 Characterization of micro-structure via scanning electron microscopy and digital image 

analysis  

Scanning electron microscopy (SEM) and digital image analysis [2] were utilized to fully 

characterize the microstructure of the polyurethane scaffolds. Scaffold samples of 3 mm × 6 mm 

were sputter-coated with 4.5 nm of Pd/Au. Images (n=5/sample/group) were captured with a JSM 

6335F SEM (JEOL, Peabody, MA) at an 850× magnification. Fiber network architecture,  more 

specifically fiber intersection density and pore size, were quantified using the automatic image 

analysis algorithm validated and developed by our group. This image analysis technique is mainly 

based on morphological procedures, and it allows for the full characterization of the fiber network 

and pore meso and microstructure.  

Similarly, the main angle of fiber orientation and the correspondent level of fiber alignment were 

quantified using a different algorithm that was described in [48] and strictly focuses on detecting 

the dominant alignment of a structure regardless of its fibrous or amorphous topology. This method 

was derived from Chaudhuri et al [48] and utilizes the intensity gradient to capture the edges of 

the object of interest at the characteristic scale length which, in this study, was the microscopic 

scaffold fiber. The OI defined as the average over all fiber segments of cos2 𝜃 (COS OI), where 

𝜃 represents the angle between a fiber segment and the direction of supposed alignment [49, 50], 

was utilized as the metric for fiber alignment. [2, 49, 50]. An OI of 0.5 is associated with a random 

fiber alignment, whereas an OI of 1.0 indicates perfectly parallel and aligned fibers [51]. 

 

2.6 Statistical Analysis 
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The results of this study are presented as mean ± standard error of the mean. Statistical analysis 

was performed using SigmaPlot (Systat Software, San Jose, CA). A t-test was used to identify 

statistically relevant differences of anisotropy in the biaxial mechanical tests. Two-way analysis 

of variance (ANOVA) followed by Bonferroni correction was used for all of the other analyses, 

with the two factors being the tangential and the rastering velocity. Differences at p < 0.05 were 

considered to be statistically significant. 

 

3. Results 

3.1 Characterization of in-plane mechanics via biaxial mechanical testing 

The biaxial mechanical response of the polyurethane scaffolds is shown in Figures 2-3. Scaffolds 

were fabricated by setting 30 different electrospinning configurations, obtained with the 

permutation of the three variables, VR, VT, and Wet/Dry, As the tangential velocity was raised, the 

mechanical compliance over the longitudinal direction of the scaffold increased for both dry and 

wet fabrications.  Every dry fabrication configuration conducted at VT ≥ 3.0 m/s produced 

significantly different stretch values at peak stress. Similarly, every wet fabrication configuration 

conducted at VT ≥ 4.5 m/s produced significantly different stretch values at peak stress. Overall, 

the compliance of the scaffolds along the longitudinal direction was smaller for the wet processing 

when compared to the dry, this was consistent with the reduced control on scaffold morphology 

generally observed when a secondary stream is interfering with the main polymer stream during 

the electrodeposition. 

A comparison of the strain energy of the different polyurethane scaffold groups is presented 

in Figure 4. Overall, increasing tangential velocity produced a decrease in strain energy over the 

circumferential direction, an increase in strain energy over the longitudinal direction, and an 
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increase in the total strain energy for both dry and wet fabrication. This is a direct consequence of 

the increased anisotropy dictated by the stronger alignment of the fibers. In contrast, and 

consistently with the analysis of the biaxial response, the rastering velocity did not affect the strain 

energy. In Table 3 is reported the average circumferential, longitudinal and total strain energy of 

the native cardiovascular tissues considered in this study: heart valve leaflets, ventricular wall, and 

large blood vessels (carotid artery and descending aorta). 

 

3.2 Characterization of in-plane mechanics via analysis of mechanical anisotropy 

The AR was calculated for all of the dry and wet electrospinning configurations at 11.0 kPa, 44.1 

kPa, 220.5 kPa, and 418.9 kPa, following a process illustrated with additional detail in 

Supplemental Figure 1. The value of ARs calculated at peak stress for native porcine cardiac 

tissue, the linear equations, and their R2 are reported in Table 4. These equations were utilized to 

calculate ARs values that represent the ranges of interest that are requested for a scaffold to 

duplicate the anisotropy of native porcine left ventricle wall, heart valve leaflets, and large blood 

vessels. These values are presented in Figure 5 A-C as color bands and were based on peak stress 

of 5.3 kPa, 44.1 kPa, and 54 kPa, respectively.  

Combined effects of tangential and rastering velocities on AR were also presented in the 

AR-VT-VR space as 3D surface plot (Figure 6). A linear regression model was utilized to fit the 

experimental data obtained characterizing the scaffold mechanics and reported an R2 > 0.95 (Table 

5). Surfaces in Figure 6 represent the range of scaffold anisotropy that can be achieved by 

combining different values of rastering and tangential velocities. The red planes, that are 

perpendicular to the AR axis, represent the anisotropy of the three key examples of cardiovascular 

tissue considered in this work: porcine left ventricular wall, heart valve leaflets tissue and large 
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blood vessels.  The red lines highlight the intersection of the desired native tissue AR with the 

processed scaffold surfaces, therefore they identify the specific combination of processing 

variables (VT, VR, Dry/Wet) requested to mimic native tissue anisotropy. 

 

3.3 Characterization of micro-structure via scanning electron microscopy and digital image 

analysis. 

Representative scanning electron micrographs of the scaffolds obtained from the 30 different 

electrospinning configurations are provided in Figures 7-8. A small inset in the micrograph upper 

left corner (VR=0.16 cm/s, VT=0.3 and 9.0 m/s; VR=8 cm/s, VT=0.3 and 9.0 m/s) shows the 

corresponding biaxial mechanical response of the scaffold that was fully reported in Figure 3. This 

was included to better highlight the structure-function coupling between the fiber alignment and 

the mechanical anisotropy.  An increased tangential velocity corresponded to an increased 

alignment of the fibers in the scaffold for both dry and wet fabrications.  

In addition to the qualitative comparison of the different fabrication configurations, 

quantitative analysis of the micrographs was performed using a custom MATLAB algorithm[2]. 

Results are shown in Figures 9-10. For both figures, panels A-B show representative fiber network 

and pores as identified by the algorithm and used to calculate, fiber intersection density and pore 

size. Panel C provides an example of the results produced by the second algorithm that was utilized 

[2] to detect fiber alignment and angle of fiber orientation. Overall, Figure 9D shows a decrease 

in normalized fiber intersection density with an increase in tangential velocity. In addition, for dry 

fabrication, there was a general decrease in fiber intersection with increased rastering velocities.  

 

4. Discussion 
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ES, melt electrowriting [52], jet-spinning [53], and double component deposition [8] are 

among the few processing techniques that have the ability to recapitulate the characteristics of 

native fibrillar tissue and micro fiber based synthetic materials from both a mechanical and a 

structural perspective (Figure 11) [19, 54]. Key structural-mechanical properties of micro fiber 

based scaffolds include: I) micro fiber alignment and orientation, which dominates in-plane 

scaffold deformation and anisotropy [21]; II) fiber diameter, which dictates the pore size and 

therefore influences host cell infiltration [55, 56]; III) engineered construct shape and size, which 

are macro-scale parameters that determine functional efficiency of a prosthesis [57]; IV) tensile 

modulus, which is a key factor for tissue motility, for the mechanobiology of the cells that 

infiltrated the scaffold, their related collagen synthesis and elaboration [56, 57]; and V) fiber 

intersection density and connectivity, which are related with bending rigidity [18] and scaffold 

mechanical behavior at the mesoscopic scale [13]. As ventricular walls, heart valve leaflets, and 

large blood vessels function mainly as a membrane [33, 58], in-plane mechanics are generally 

considered a predominant element in the design and processing of engineered cardiovascular 

tissue. Accordingly, this work addresses in detail mechanical anisotropy and how this parameter 

can be fine-tuned in a highly reproducible ES layout to duplicate native cardiovascular tissue 

behavior.  

4.1 Characterization of in-plane mechanics via biaxial mechanical testing 

While tensile modulus is an intrinsic property that can be tailored at the molecular level, 

anisotropy can be controlled at the supra-molecular level by the topology of the fiber network and, 

as such, it can be dictated by the processing variables. Cardiovascular tissue engineering 

applications require high control of scaffold structural and mechanical features to match native 

cardiovascular tissue properties [52, 59-62], which are dependent on the tissue-specific function 
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and guaranty its mechanical homeostasis. This study mapped (Figure 1) the relationship between 

three key processing variables: I) tangential velocity, II) rastering velocity, III) and dry vs wet 

processing and scaffold anisotropy. Although previous studies observed that tangential and 

rastering velocity are independent variables[8], both velocities were considered to explore the 

relationship between mandrel kinematics and scaffold anisotropy. 

Similar to previous work [4, 63], an increase in the tangential velocity of the mandrel 

produced a larger fraction of circumferentially aligned fibers, increased the compliance of the 

scaffold along the longitudinal direction and consequently increased the strain energy. More 

specifically, by increasing the velocity from 1.5 m/s to 3.0 m/s in the dry fabrications, a significant 

difference in compliance was observed between the two axes (Figure 2). This was consistent with 

the results from Courtney et al. [4], who identified 2.0 m/s as the threshold velocity value for the 

anisotropy to become a linear function of the tangential velocity. While with a slightly higher 

threshold, due to the variability introduced by the secondary stream, similar effects were observed 

for the wet fabrication (Figure 3). 

 The strain energy of the scaffold was calculated according to [22] as the area underneath 

the biaxial stress-stretch curve (Figure 4). Values reported for the VT=0.3 m/s groups, both dry 

and wet, were all below 30 kJ, this was consistent with previous studies [19]. 

As discussed in [8, 18, 19] the rastering velocity had no significant effects on the anisotropy for 

both dry and wet fabrication (Figure 2 and Figure 3), this decoupled the role of the two kinematic 

variables and confirmed the capacity of this polymer fiber deposition process to independently 

control anisotropy via the tangential velocity and the bending rigidity by changing the rastering 

velocity [8, 18]. 
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A quantitative comparison between electrospun mats and native cardiovascular tissues’ 

strain energy was performed. Results showed that the range of average circumferential, 

longitudinal and total strain energy values stored by native cardiovascular tissues under equibiaxial 

loading (0.07 - 0.3 kJ for left ventricle, 4.92 - 30.65 kJ for heart valves, 14.34 - 29.39 kJ for carotid 

artery, and 13.53 - 17.18 kJ for descending aorta) can be reproduced by fine tuning the processing 

variables of both dry and wet electrodeposition process, as shown in Figure 4. Surprisingly, left 

ventricle stored a low amount of strain energy in both directions compared with the other native 

cardiovascular tissues, although this measure might be affected by the low number of samples. 

 A 3D space (AR-VT-VR) was developed as shown in Figure 6 to investigate the influence 

of both velocities. While there are numerous native tissues with anisotropic planar mechanics [26, 

27] that could potentially be duplicated using these curves, this study was specifically designed to 

aid in the development of cardiovascular tissue surrogates. A comparison between scaffold 

properties and mechanical properties from porcine left ventricle wall [30], heart valve leaflets [63], 

and large blood vessels [28] is provided in (Figure 5D-F and Figure 6). Specifically, the 

methodology presented provided rastering and tangential velocity values required to fabricate wet 

or dry scaffolds matching cardiovascular tissue ARs. 

 

4.2 Microstructure 

The structure of the electrospun scaffolds was evaluated through scanning electron 

microscopy and digital image analysis as in [33, 34]. Representative SEM images in Figures 7-8 

showed increased fiber alignment associated with increased tangential velocity. This is consistent 

with the biaxial response and the anisotropy ratios reported in Figures 7-8. The inset image of the 

biaxial response illustrates further the effect of fiber alignment on the biaxial mechanical response.  
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Four structural features were selected and studied based on their influence on planar mechanical 

properties and cellular infiltration: fiber intersection density (Figures 9A and 10A), pore size 

(Figures 9B and 10B), main fiber orientation, and fiber alignment (Figures 9C and 10C). For the 

dry fabrications, an overall decrease in fiber intersection density with increased tangential velocity 

(Figure 9D) was reported. This effect can be considered a function of a more aligned fiber network 

[19]. Consistently with previous studies [8, 18, 19] for the dry fabrications, fiber intersections 

decreased with increased rastering velocity (Figure 9D). No significant correlation was found 

between pore size and tangential or rastering velocity for dry fabrications (Figure 9E). For wet 

fabrications (Figure 10E), pore sizes were significantly increased only at the highest translational 

and rastering velocities. As expected [4], a significant increase in the level of fiber alignment with 

increasing tangential velocity was observed for both dry and wet conditions (Figure 9G and 10G).  

 

4.3 Dry and wet fabrications 

To address the limited cellular infiltration which is widely considered a limiting factor in 

electrospun scaffolds, wet processing was utilized in this study as a simple alteration of the 

fabrication apparatus that leads to an electrospun scaffold with a fiber network more prone to be 

populated by host cells. A comparison between acellular dry and wet processing, that emphasizes 

this effect, is presented in [28]. More importantly, wet processing conditions are equivalent in 

terms of flow rate, gap, voltage gap, and mandrel kinematics to those utilized for cell or micro-

particle integration via electro-spray [39]. As such this study can be utilized to serve the broader 

audience interested in controlling anisotropy in a cell seeded construct. Previous studies have 

utilized a secondary stream electro-spraying PBS [40], a secondary polymer stream [41], 

extracellular matrix gel integration [64], or concurrent electro-spraying of a cell solution [46].  
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Hashizume et al. [28] demonstrated substantially higher cellular infiltration and scaffold 

remodeling in wet constructs for abdominal wall replacement compared to dry electrospun 

scaffold. The overall morphology of the two acellular scaffold types was equivalent. This 

qualitative observation was reinforced by the quantitative information presented in this study 

(Figures 9-10). We previously speculated that the higher infiltration capacity in wet processed 

scaffolds could be attributed to the wet environment that reduces the local concentration of solvent 

and therefore reduces the probability that two overlapping fibers can form a mechanical bond 

during the formation of the polymer fiber network. The mechanism of wet deposition maintains 

the fibrillar network structure in shape and size as measured in dry processed scaffolds but reduces 

the actual fiber connectivity facilitating cell infiltration [28, 65]. This observation is supported by 

the more tortuous fiber arrangement observed in wet processing and by the reduced stress 

concentration observed for wet processed scaffolds. However, the major advantage in terms of 

cellularity, for both cell seeded constructs or acellular wet processed scaffolds comes with the 

significant cost of a reduced level of control on structure and function. Accordingly, this study also 

aimed to characterize to what extent wet processing affects the capacity to control anisotropy and 

microstructure. Consistent with previous work [4, 8] increasing mandrel velocity in dry fabrication 

produced linear increments of anisotropy ratio for values above 2 m/s. In contrast, an increase in 

mandrel tangential velocity for wet processing resulted in a reduced capacity to induce fiber 

alignment (Figures 7, 8) with significant anisotropy (Figures 2, 3) and increased strain energy 

(Figure 4) only for velocities higher than 4.5 m/s.  

 

4.4 Limitations 
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While previous structure-function studies de-coupled the effects of tangential and rastering 

velocities by associating tangential velocity with planar mechanics [4, 63] and rastering velocity 

with flexural mechanics [18, 19, 63], this work did not further investigate bending rigidity and 

focused exclusively on the planar mechanical properties of polymeric, fiber based scaffolds. 

Additional tangential velocity values within the 4.5 m/s - 9.0 m/s range could have been considered 

in order to increase the precision of the 3D plane interpolation for the wet processing (Table 4) 

where few R2 resulted smaller than 0.9.  

The ARs reported herein are based on a rather simple geometry of a cylindrical mandrel. 

Recapitulating mechanical anisotropy on a non-planar scaffold with anatomy inspired [66, 67] or 

more complex geometries [67] would likely require re-characterizing the fabrication parameters. 

Yet, cylindrical mandrels of a different diameter would not require further characterization, as 

different rotational speeds allow one to reach identical tangential velocity ranges. Control over 

anisotropy by manipulating other electrospinning parameters that are not related to the kinematics 

of the mandrel [68-70] remains a more complex and yet valuable option that was not considered 

in this study. Another limitation is that mechanical properties at cell length scale were not 

investigated. Mechanical properties of the scaffolds play an important role in cardiovascular tissue 

applications. It is known that microscopic mechanical properties guide cell response. Cells interact 

with the extracellular matrix (ECM) at the micro and mesoscale, therefore, scaffold's structure and 

mechanics at these scales should be considered for the biomimicry of native cardiovascular tissue. 

Investigating scaffold's mechanical behavior at different length scales will provide more precise 

and accurate control of mechanobiology in cardiovascular tissue engineering. 

5. Conclusions 

Jo
urn

al 
Pre-

pro
of



In this study, the inter-relationship between key ES processing variables and fibrillar 

scaffold structure-function was characterized. In order to provide a reproducible and easy to access 

methodology to improve biomimicry of cardiovascular tissue planar mechanics, a simplified 

fabrication layout is discussed.  A cylindrical shape mandrel was selected as a commonly adopted 

collecting target for fiber deposition. Mandrel kinematics prescribed by rastering and tangential 

velocities were selected as highly controllable key parameters, and a third processing variable: wet 

versus dry deposition was also discussed. The latter parameter allows extension of the 

methodology to both acellular and cell seeded or microparticle integrated engineered constructs. 

Given the planar nature of the biomechanical behavior of native and engineered cardiovascular 

tissue, anisotropy was considered as one of the most relevant mechanical properties. Accordingly, 

the relationship between anisotropy ratio - rastering velocity - tangential velocity and - wet vs. dry 

deposition is provided via multi-dimensional processing maps able to identify specific values to 

recapitulate planar mechanics of heart valve leaflets, ventricular wall, and blood vessels.  
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Figure Captions 

Figure 1. Schematic of the processing layout and design space. A) Electrospinning layout for 

single (dry) or two-stream (wet) fiber deposition modality. The secondary stream for the wet 

component, which in this study was PBS, is removed for single-stream (dry) fabrications where 

only the polymer source is active during the deposition process. For the wet processing, a 

concurrent deposition of polymeric fibers and electro-spraying of a liquid solution is obtained by 

activating the two streams simultaneously. This may include the integration of a cell as well as a 

micro-particle solution.  B) Schematic of the three processing variables considered in this study: 

mandrel tangential velocity (0.3 m/s, 1.5 m/s, 3.0 m/s, 4.5 m/s, 9.0 m/s), mandrel rastering velocity 

(0.16 cm/s, 2.5 cm/s, 8.0 cm/s), and dry vs. wet  processing modality. Each intersection of the three 

variables within the design space represents a processing modality that was investigated in the 

study.  

 

Figure 2. Biaxial mechanics of fibrillar scaffolds processed with the dry deposition modality. 

Biaxial mechanical response of dry processed scaffolds obtained with the fifteen combinations of 

tangential and rastering velocities investigated in the study. These values were selected to fully 

cover physiologically relevant levels of anisotropy for cardiovascular tissue. Both velocities were 

considered to explore the relationship between mandrel kinematics and scaffold anisotropy. 

Statistically higher compliance of the scaffold is reported at higher tangential velocity.  
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Figure 3. Biaxial mechanics of fibrillar scaffolds processed with the wet deposition modality. 

Biaxial mechanical response of wet processed scaffolds obtained with the fifteen combinations of 

tangential and rastering velocities investigated in the study. Statistically higher compliance of the 

scaffold is only reported for tangential velocity equal to or higher than 4.5 m/s. This was consistent 

with the reduced level of control in fiber deposition produced by the presence of a secondary wet 

stream. 

 

Figure 4. Strain energy analysis for scaffolds processed with the dry and wet modalities. Total 

strain energy for the A) dry and B) wet fabrication configurations were calculated as the area 

underneath the biaxial stress-stretch curve of scaffolds processed with tangential and rastering 

velocities within the 0.3-9.0 m/s and 0.16-8 cm/s range, respectively. An increase in the tangential 

velocity produced an increase in strain energy over the longitudinal direction, this resulted in  an 

overall increase in the total strain energy for both dry and wet fabrications. This result was in 

agreement with the analysis of the biaxial response, where the rastering velocity did not affect the 

strain energy nor the stiffness over the circumferential direction. 

 

Figure 5. Quantitative comparison of mechanical anisotropy for the fibrillar scaffolds and 

native cardiovascular tissues. Anisotropy ratio (AR) of dry and wet electrospun fibrillar scaffolds 

overlaid with A) porcine ventricle wall AR, B) porcine heart valve leaflets AR, and C) porcine 

large blood vessels AR. AR for the three tissue types were calculated at 5.3 kPa, 44.1 kPa, and 

54.0 kPa, respectively. The different ranges of anisotropy are presented as color bands. The biaxial 

mechanical response utilized to calculate ARs are presented in D) for porcine ventricle wall, in E) 
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for porcine heart valve leaflets [adapted from (D’Amore, Luketich et al. 2018)], and in F) for 

porcine large blood vessels .  

 

Figure 6. 3D surface plot of the AR-VT-VR processing space.  

A 3D processing space (AR-VT-VR) correlating the kinematics of the mandrel with the anisotropy 

ration was utilized to investigate the effects of mandrel tangential and rastering velocity on wet 

and dry electrospun scaffold in terms of in-plane mechanical response. The ARs of the fifteen 

electrospinning configurations (blue circles) represent the discrete experimental points that were 

interpolated using a regression function ( blue surfaces) to create continuous AR surfaces. The red 

lines highlight the intersection between targeted native tissue ARs (red iso-anisotropy ratio 

surfaces) with the processed scaffold surfaces. This process and the resulting intersection lines 

identify the specific combination of processing variables (VT, VR, Dry/Wet) requested to mimic 

native tissue anisotropy.  3D processing spaces for the biomimicry of ventricle wall,  heart valve 

leaflets, and large blood vessels are reported in A), B), and C) respectively. 

 

Figure 7. Qualitative analysis of dry processed scaffold topology via scanning electron 

microscopy. Representative SEM images of fibrillar scaffolds from dry electrospun processing 

showed different levels of fiber alignment for each of the processing parameter combinations. 

Overall, the fiber alignment increased with increasing tangential velocity while it remained 

insensitive to changes in the rastering velocity. Inset: Biaxial mechanical response from the 

corresponding fabrication conditions, as shown in Figure 2, highlights how mechanical anisotropy 

is coupled with fiber alignment. 
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Figure 8. Qualitative analysis of wet processed scaffold topology via scanning electron 

microscopy. Representative SEM images of fibrillar scaffolds from wet electrospun processing at 

850× showed different levels of fiber alignment for each of the processing parameter 

combinations. Overall, the fiber alignment increased with increasing tangential velocity while it 

remained insensitive to changes in the rastering velocity. Yet, the control on fiber structure was 

limited if compared with the dry processing as the fiber alignment was associated with increasing 

tangential velocity only for tangential velocity equal to or higher than 4.5 m/s. 

 

Figure 9. Quantitative analysis of dry processed scaffold topology via digital image 

processing. The fiber network analysis algorithms presented in [2, 48] was used to identify A) 

scaffold fiber network, B) pore structure, and C) fiber orientation. A quantitative comparison is 

provided for  D) fiber intersection density, E) pore size, F) main angle of alignment and G) 

orientation index. The fifteen different combinations of variables utilized as experimental points 

to construct the processing space in Figure 6 were analyzed. Only the statistical differences among 

the different topologies of the scaffold groups are highlighted, intra-group differences are not 

presented for improved clarity of the visualization. Yet, no significant nor consistent trend can be 

attributed to intra-group differences in terms of rastering velocity. 

  

Figure 10. Quantitative analysis of wet processed scaffold topology via digital image 

processing. The fiber network analysis algorithms presented in [2, 48] was used to identify A) 

scaffold fiber network, B) pore structure, and C) fiber orientation. A quantitative comparison is 

provided for  D) fiber intersection density, E) pore size, F) main angle of alignment and G) 

orientation index. The fifteen different combinations of variables utilized as experimental points 
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to construct the processing space for the wet fabrications in Figure 6 were analyzed. Similar to the 

dry processing only the statistical differences among the different topologies of the scaffold groups 

are highlighted, intra-group differences are not presented for improved clarity of the visualization. 

Yet, no significant nor consistent trend can be attributed to intra-group differences in terms of 

rastering velocity. 

 

Figure 11. Characteristic scale comparison for polymeric scaffold bioprocessing methods 

and cardiovascular tissues. 

Bioprocessing methods to produce polymeric scaffolds which mimic native tissue constituents and 

the relative characteristic scales. Electrospinning, double component deposition (DCD), jet 

spinning, melt electrowriting and two-photon polymerization enable the bioprocessing of the 

major constituents of the cardiovascular extracellular matrix: collagen and elastin. The current 

state of the art of cardiovascular tissue bioprocessing covers the entire scale range from sub-

cellular to organ level with only one iato remaining between 10 and 100 nm.  

 

Supplemental Figure 1. Methodology introduced to calculate scaffold AR.  Schematic of the 

methodology used to calculate scaffold AR at a desired stress level that corresponds to the AR 

measured for native cardiovascular tissues. Step 1: scaffold specimens are tested under equi-stress 

biaxial conditions. Step 2: the AR is calculated at the four prescribed stress levels (11.0 kPa, 44.1 

kPa, 220.5 kPa, 418.9 kPa allowed to cover the full range of physiologically relevant deformations 

for native cardiac tissue: stretch range = 1-1.3 (soft matter)) based on experimental data. Step 3: 

the experimentally derived scaffold ARs and their related stress values are linearly interpolated. 

Step 4: the AR vs. stress linear interpolation is utilized to estimate AR at the stress value that would 
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match the maximum stress utilized to elicit a specific physiologically relevant strain for the 

targeted cardiovascular tissue type.  
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TABLE 1

Table 1. Electrospun scaffold thickness

Fabrication conditions Thickness (mm)

Dry Wet

Vr (cm/s) Vt (m/s) Avg SE Avg SE

0.16 0.3 0.134 0.022 0.151 0.011

0.16 1.5 0.077 0.011 0.050 0.004

0.16 3.0 0.087 0.002 0.075 0.006

0.16 4.5 0.148 0.005 0.084 0.002

0.16 9.0 0.211 0.004 0.105 0.002

2.5 0.3 0.072 0.005 0.077 0.002

2.5 1.5 0.080 0.015 0.052 0.002

2.5 3.0 0.098 0.005 0.109 0.003

2.5 4.5 0.051 0.001 0.102 0.001

2.5 9.0 0.142 0.003 0.049 0.003

8.0 0.3 0.066 0.001 0.032 0.001

8.0 1.5 0.048 0.002 0.039 0.001

8.0 3.0 0.077 0.001 0.089 0.014

8.0 4.5 0.105 0.002 0.072 0.005

8.0 9.0 0.108 0.002 0.062 0.001

Jo
urn

al 
Pre-

pro
of



TABLE 2

Table 2. Native porcine cardiac tissue anisotropy

Tissue Specimen Peak stress Anisotropy Ratio

(kPa)

Left Ventricle 5.3 1.043

Aortic Valve 44.1 1.159

Mitral Valve 44.1 1.078

Pulmonic Valve 44.1 1.182

Tricuspid Valve 44.1 1.082

Carotid Artery 54.0 1.101

Descending Aorta 54.0 1.047
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TABLE 3

Table 3. Circumferential, longitudinal and total strain energy of native cardiovascular 

tissues presented as average and standard error. Number of samples (n) is reported.

Strain 

Energy (kJ)

Circ. Direction Long. Direction Total

n

AVG SE AVG SE AVG SE

Left 

Ventricle
0.30 0.05 0.53 0.07 0.83 0.11 3

Aortic

Valve
4.92 1.09 20.93 3.34 25.85 2.99 9

Mitral

Valve
7.32 1.33 10.05 1.70 17.36 1.90 10

Pulmonary

Valve
6.23 1.57 30.65 3.47 36.88 3.25 10

Tricuspid

Valve
7.55 1.03 17.56 1.68 25.33 2.08 9

Carotid

Artery
29.39 1.55 14.34 1.54 43.73 2.55 5

Descending

Aorta
17.18 0.72 13.53 0.73 30.71 0.65 7
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TABLE 4

Table 2. Anisotropy ratio calculations for give stress values

Dry Fabrication

Translational Vel. Tangential Vel.
R2 Equation

(cm/s) (m/s)

0.16

0.3 0.921 AR=-0.3x10-4*(stress)+0.99924

1.5 0.994 AR=1.0x10-4*(stress)+0.99904

3.0 0.979 AR=1.7x10-4*(stress)+1.00890

4.5 0.966 AR=3.8x10-4*(stress)+1.02375

9.0 0.945 AR=7.3x10-4*(stress)+1.16136

2.5

0.3 0.919 AR=-1.0x10-4*(stress)+0.99523

1.5 0.949 AR=-0.4x10-4*(stress)+1.00123

3.0 0.958 AR=1.8x10-4*(stress)+1.01894

4.5 0.948 AR=2.5x10-4*(stress)+1.01765

9.0 0.937 AR=10.0x10-4*(stress)+1.16873

8.0

0.3 0.979 AR=-0.4x10-4*(stress)+0.99714

1.5 0.970 AR=1.0x10-4*(stress)+1.00006

3.0 0.946 AR=4.1x10-4*(stress)+1.04190

4.5 0.958 AR=4.8x10-4*(stress)+1.04553

9.0 0.922 AR=13.7x10-4*(stress)+1.29317

Wet Fabrication

Translational Vel. Tangential Vel.
R2 Equation

(cm/s) (m/s)

0.16

0.3 0.853 AR=-0.3x10-4*(stress)+0.99678

1.5 0.909 AR=-0.2x10-4*(stress)+1.00180

3.0 0.973 AR=0.8x10-4*(stress)+1.00618

4.5 0.929 AR=3.3x10-4*(stress)+1.02716

9.0 0.903 AR=11.1x10-4*(stress)+1.19433

2.5

0.3 0.994 AR=-0.9x10-4*(stress)+0.99725

1.5 0.933 AR=-0.3x10-4*(stress)+1.00610

3.0 0.825 AR=-0.2x10-4*(stress)+1.00369

4.5 0.998 AR=1.4x10-4*(stress)+1.00161

9.0 0.939 AR=12.1x10-4*(stress)+1.15337

8.0

0.3 0.976 AR=-0.7x10-4*(stress)+0.99293

1.5 0.969 AR=-0.8x10-4*(stress)+0.99891

3.0 0.677 AR=-0.1x10-4*(stress)+0.99797

4.5 0.990 AR=1.8x10-4*(stress)+0.99994

9.0 0.946 AR=9.0x10-4*(stress)+1.06297

Table 4. Anisotropy ratio calculations for give stress values
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TABLE 5

Table 5. Linear regression model

Fabrication

Conditions
R2 C0 a1 a2

Ventricle Wall
Dry

Wet

0.959

0.959

0.9844

0.9972

0.0021

0.0024

0.0016

-0.0015

Heart Valve Leaflets
Dry

Wet

0.968

0.971

0.9847

0.9944

0.0025

0.0029

0.0019

-0.0016

Large Blood Vessels
Dry

Wet

0.970

0.973

0.9848

0.9937

0.0026

0.0031

0.0019

-0.0016
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FIGURE 3
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FIGURE 7

Dry Fabrication

VR

VT

Tangential Velocity

VT = 0.3 m/s VT = 1.5 m/s VT = 3.0 m/s VT = 4.5 m/s VT = 9.0 m/s

R
a

s
te

ri
n

g
V

e
lo

c
it
y

V
R

=
 8

.0
 c

m
/s

V
R

=
 2

.5
 c

m
/s

V
R

=
 0

.1
6

 c
m

/s

25 μm

Jo
urn

al 
Pre-

pro
of



FIGURE 8
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