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Abstract

Continued advances in the tissue engineering of vascular grafts have enabled a paradigm shift 

from the desire to design for adequate suture retention, burst pressure, and thrombo-resistance to 

the goal of achieving grafts having near native properties, including growth potential. Achieving 

this far more ambitious outcome will require the identification of optimal, not just adequate, 

scaffold structure and material properties. Given the myriad possible combinations of scaffold 

parameters, there is a need for a new strategy for reducing the experimental search space. Toward 

this end, we present a new modeling framework for in vivo neovessel development that allows one 

to begin to assess in silico the potential consequences of different combinations of scaffold 

structure and material properties. To restrict the number of parameters considered, we also utilize 

a non-dimensionalization to identify key properties of interest. Using illustrative constitutive 

relations for both the evolving fibrous scaffold and the neotissue that develops in response to 

inflammatory and mechanobiological cues, we show that this combined nondimensionalization – 

computational approach predicts salient aspects of neotissue development that depend directly on 

two key scaffold parameters, porosity and fiber diameter. We suggest, therefore, that hypothesis-

driven computational models should continue to be pursued given their potential to identify 

preferred combinations of scaffold parameters that have the promise of improving neovessel 

outcome. In this way, we can begin to move beyond a purely empirical trial-and-error search for 

optimal combinations of parameters and instead focus our experimental resources on those 

combinations that are predicted to have the most promise.
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1. Introduction

Diverse approaches have shown promise in the tissue engineering of vascular grafts [1–3]. 

Amongst these approaches, implantation of a biodegradable polymeric scaffold has been 

shown both in animal studies [4,5] and clinical trials [6–8] to enable neovessel development 

in low pressure regions of the vasculature without the development of intraluminal thrombus 

or aneurysmal dilatation. Given these successes, there is now an opportunity to turn our 

attention towards the potential optimization of these scaffolds. There are, however, many 

parameters that define each scaffold, including the type of polymer(s), pore size, fiber 

alignment, and so forth. Although trial and error approaches have led us to the current level 

of successes, identification of an optimal combination of so many scaffold parameters 

demands a new approach.

In this paper, we meld ideas of non-dimensionalization for experimental design with 

theoretical analyses of polymer properties and novel computational modeling to explore 

parametrically the in vivo development of a tissue engineered vascular graft (TEVG) as a 

function of six key parameters for a fibrous poly(glycolic acid) – poly(ε-caprolactone – L-

lactide), or PGA-P(CL/LA), construct: pore size, porosity, polymer stiffness, degradation 

rate, fiber diameter, and fiber alignment. We selected these parameters because of their 

demonstrated importance in experimental studies and structure-function relationships [9–

12], particularly as related to the host inflammatory response, and because of their influence 

on other parameters of importance, including bulk properties of the scaffold. In addition, we 

evaluated computationally four competing hypotheses regarding the prestress and rate of 

degradation of the polymer as well as the stiffness and extent of degradation of the deposited 

collagen. Noting that “compliance mismatch” has long been considered a determinant of 

graft failure, we computed the evolving stiffness of the TEVGs as the polymer degrades and 

is replaced by native matrix. Although different combinations of initial polymer properties 

affect this evolution, four basic phases persist and thereby reveal the challenge of fine tuning 

the structure and material properties of the polymeric scaffold as well as the associated 

biochemomechanical responses of the cells responsible for building the neovessel. In 

summary, notwithstanding several simplifications, this first generation model predicts 

salient aspects of TEVG evolution and suggests values of physical parameters that may yield 

an improved scaffold design and thus an overall improvement in neovessel development. 

We submit, therefore, that a combination of non-dimensional analysis and growth and 

remodeling (G&R) models could advance the field of vascular, as well as related areas of, 

tissue engineering.

2. Background

Computational models can enable cost- and time-efficient evaluations of fundamental 

hypotheses [13] and studies of parameter sensitivity [14]. Another advantage of such models 

is that they can thereby help to reduce the experimental search space, which we suggest is 

sorely needed to optimize scaffold design in vascular tissue engineering. Computational 

models are most revealing, however, given a modest number of parameters.
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The current literature on tissue engineering and biomaterials reveals a multitude of structural 

and material parameters of a polymeric scaffold that can influence both the mechanical and 

the biological function of an implanted graft, including the host inflammatory response to 

the scaffold and thus the overall development of a neovessel in vivo (cf. [11,15]). For the 

purposes herein, we first reduced this extensive list of parameters to a focused list consisting 

of those scaffold parameters that have been most frequently investigated experimentally 

(Table 1). Next, we reduced this list further to a tractable set of six parameters for non-

dimensionalization; these parameters represent fundamental physical properties of a fibrous 

scaffold (e.g., Fig. 1) that are easily measured and known to affect the foreign body response 

(Table 1). We then used the Buckingham Pi approach to accomplish the non-

dimensionalization [16], which required that we postulate characteristic “scales” for the 

primary dimensions of interest. The scales needed herein were those for length, time, and 

mass. Perhaps the best known similar non-dimensionalization is the identification of the 

Reynolds number in fluid mechanics, which reduces effects of fluid density, mean velocity, 

tube diameter, and viscosity to a single parameter.

Given that the selection of the requisite length, time, and mass scales was not unique, we 

explored multiple possibilities (Appendix A). Motivated in part by experimental findings 

that reveal the particular importance of scaffold pore size and degradation rate [cf. 12,15], 

we selected the following scales: Ls = rmin, , and , where rmin is 

the minimum pore size that admits cellular infiltration (having units of microns),  is the 

rate of degradation (having units of days−1), and cp is the shear modulus of the scaffold 

(having units of Pa). Using this set of scales, the Buckingham Pi analysis suggested a 

reduction in parameters from 6 to 4 (Table 2), namely

(1)

where ε represents scaffold porosity, ω is the diameter of the polymeric fibers composing 

the scaffold, r is the mean pore size, and ϕk describes the alignment of the fibrous scaffold 

(cf. Fig. 1).

Previous experiments indicate that these physical parameters strongly influence the initial 

mechanical properties of the scaffold and the biological responses following implantation 

(cf. Table 1). In particular, several studies suggest that pore size may be a primary 

determinant of the overall success of implanted polymeric constructs, as adequate pore size 

is necessary for cell infiltration [17–20]. If cells cannot enter the scaffold, a scar plate of 

collagen may form on the outside of the scaffold, thus encapsulating the construct and 

increasing the probability of fibrosis or graft failure [21]. It has been suggested that 10 µm is 

the minimum pore size for cells to infiltrate a scaffold without detrimental shearing [22,23] 

though the optimal value remains unclear.

Scaffold fiber diameter (in combination with spacing between adjacent fibers, i.e., pore size) 

determines the surface area on which cells can attach and spread, hence it can influence cell 

phenotype and differentiation [10,24]. Experiments show that increasing fiber diameter 

increases the magnitude of the inflammatory response and subsequent matrix accumulation 
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[10,25]. For example, increasing fiber diameter increases macrophage activation and their 

secretion of proinflammatory molecules [26]. Although the optimum fiber diameter remains 

unknown, a threshold may modulate cellular responses: fiber diameters below 6 µm (if 

separated adequately) reduce the number of activated macrophages (cells remain quiescent) 

and fibrous capsule thickness [10,24]. Fiber diameter may also influence scaffold stiffness, 

but this effect depends on the fabrication technique.

Correspondingly, porosity also influences the surface area available for cell attachment and 

foreign body detection. Increased porosity appears to increase the immune response to 

polymeric scaffolds that have a wettability attractive to cell infiltration [9]. Increased 

porosity also increases the surface area available to cells as the polymer degrades, thus 

increasing the magnitude of the foreign body response. Furthermore, porosity is a major 

determinant of polymer relative density and scaffold mechanical properties [27].

Scaffold alignment can also influence the mechanical and biological properties of evolving 

TEVGs. Aligned scaffolds tend to increase cellular infiltration, which decreases the 

thickness of the fibrous capsule around the construct relative to that for randomly aligned 

scaffolds [28]. Furthermore, cells may preferentially align with the direction of fibers 

[29,30], although it is not clear if cell alignment necessarily dictates the alignment of 

deposited matrix. Alignment also influences the mechanical properties of the scaffold, 

including the magnitude of its biaxial stiffness, that is, anisotropy [29].

Bulk properties of the polymeric scaffold are likely important as well (e.g., bulk modulus, 

wettability, degradation characteristics). Bulk polymer stiffness and microstructure (e.g., 

porosity and alignment) can be used to calculate scaffold modulus: cp,dry(0)/Es,dry = 0.03(1 − 

ε(0))2 where ε(0) is the initial porosity of the scaffold, Es,dry is Young’s modulus for the 

bulk polymer, and cp,dry(0) is the effective shear modulus of the fabricated scaffold under 

dry conditions at room temperature [27,31,32]. The bulk polymer considered herein, 

poly(glycolic acid), has a wettability favorable for cell infiltration [33]; relationships 

between bulk physiochemical and physical properties would need to be determined for other 

polymers, however, to extend the following proposed constitutive relations to other 

constructs of interest.

Noting that porosity and fiber alignment are non-dimensional, they will be present 

regardless of the choice of scales. Albeit not motivated by a Buckingham Pi analysis, 

theoretical studies suggest further relationships among three of the key parameters 

considered here [22,27,29,30,34]. For example, in a 2D case, the mean pore diameter 

depends on fiber diameter and porosity, whereby a normalized mean pore diameter can be 

estimated  for 0.2 ≤ ε < 1 [22,34]; our division by the length 

scale, Ls = rmin, non-dimensionalized the prior result. Thus, considering both a Buckingham 

Pi analysis and this phenomenological theory, we can consider a functional response as 

 with  or alternatively, as assumed below,
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(2)

in terms of three primary non-dimensional parameters of interest. Hence, of the initial six 

parameters, only three remained that are influenced by all of the non-dimensional 

parameters of interest: r is a function of ε and ω; modulus, cp, is a function of alignment and 

porosity [27,29], where it has been suggested that scaffold fiber diameter may affect cp for 

certain fabrication techniques; finally, for a given polymer, degradation rate, , is strongly 

influenced by porosity and fiber diameter, which determine the available surface area for 

polymer-cell interaction [22].

Utilizing these results, we next identified illustrative constitutive relations in terms of these 

three non-dimensional scaffold parameters consistent with a general modeling approach 

introduced previously [35]. In each case, results from the literature on observed structure-

function relationships motivated the selected constitutive relations (cf. Table 1), including 

postulated mechanical and biological consequences for each parameter. Rather than 

nondimensionalizing the governing equation and plotting final results in terms of non-

dimensional time, we present results in terms of the more intuitive actual time in days.

3. Computational Model

3.1 G&R Framework

Details on the original motivation and theoretical framework for our general G&R approach 

can be found elsewhere [36,37]. Briefly, α = p (polymer), 1, …, n (matrix) structurally 

significant constituents are allowed to possess different material properties, different rates of 

production and removal, and different natural (stress-free) configurations, yet they are all 

constrained to deform with the bulk material. The deformations experienced by individual 

constituents can thus be quantified given both the gross deformations of the composite 

TEVG, which are measurable in vivo, and deformations associated with the incorporation of 

individual matrix constituents within the extant material. Together, these two deformations 

yield the constituent-specific deformation gradients, , where n(τ) denotes the 

constituent-specific natural configuration and τ ∈ [0, s] the time of deposition during the 

G&R simulation. The net elastic energy stored in the TEVG at G&R time s, namely W(s), is 

estimated as the sum of the energies Wα stored in all constituents, which in turn depend 

upon the individual . That is, W(s) = ΣWα(s), where

(3)

describes the constituent-specific stored energies. Here, ρp(0) is the initial apparent mass 

density of the polymeric scaffold, Qp(s) ∈ [0, 1] is the fraction of the scaffold that was 

present at time 0 that remains at the current time s, mα(τ) is the extracellular matrix 

constituent-specific rate of new mass density production, and qα (s − τ) ∈ [0, 1] is the 

fraction of the constituent produced at time τ ∈ [0, s] that remains at s.
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Note that polymer porosity is a determinant of the initial density of the scaffold [27], and it 

increases as the polymer degrades. It was assumed that a porous scaffold essentially fills 

with interstitial water at time 0, the volume fraction of which increases further as the 

polymer degrades following implantation. Hence, the apparent mass density of the scaffold 

can be calculated at any time s as, ρp(s) = ρpga(1 − ε(s)) + ρwε(s), where ρpga is the apparent 

mass density of the bulk polymer, ε(s) is the porosity of the scaffold at time s, and ρw is the 

apparent mass density of the interstitial water (note: if ε = 0, ρp = ρpga; if ε = 1, ρp = ρw). Of 

course, the polymeric construct is the only constituent present at time 0, hence α = p 

initially, with only matrix produced thereafter.

This simple “rule-of-mixtures” framework enables a classical formulation of the wall 

mechanics, including equilibrium and stress constitutive relations [38], namely

(4)

where F is the overall deformation gradient and C = FTF the overall right Cauchy-Green 

tensor. Implementation of this framework thus requires three constituent-specific 

constitutive relations: the rate of mass density production mα( τ), the rate of removal (i.e., 

the survival fraction) qα(s − τ) ∈ [0, 1], and the stored energy function . This 

framework has predicted salient features of both arterial adaptations and disease processes in 

response to diverse chemomechanical perturbations by assuming that mass density 

production depends on deviations in intramural and wall shear stresses from preferred 

(“homeostatic”) target values, that removal follows a first order kinetic decay that may 

depend on stress, and that the constituent mechanical behaviors can be described with 

classical neo-Hookean or Fung exponential models [37].

Recently, this framework was extended to model evolving TEVGs in vitro [39] and in vivo 

in the murine venous circulation [35]. Prior constitutive relations were augmented to 

incorporate (i) the monotonic loss of a load-bearing polymeric scaffold over time and, in the 

latter case, (ii) an additional inflammatory-mediated production of matrix that precedes the 

typical mechanomediated production. Of particular importance herein, the model of Miller 

et al. [35] described well the experimentally observed evolving mechanical behaviors of 

TEVGs implanted in the murine inferior vena cava [5]. Here, we extended this model of in 

vivo neovessel development to consider parametrically the roles of scaffold physical 

parameters on TEVG evolution via their effects on the kinetics of matrix production and 

removal during both the early inflammatory phase and the subsequent mechano-mediated 

phase. Selected constitutive relations and model parameters were informed by longitudinal 

data on cell biological, histological, and mechanical changes in a murine inferior vena cava 

(IVC) interposition TEVG studied for 24 weeks as well as related data from the native 

murine IVC [4,5,32,40,41]. Given a lack of detailed information on initial and evolving 

changes in polymer fiber alignment within the TEVG (as well as insufficient data to 

formulate illustrative constitutive functions relating alignment with the host inflammatory 

response and TEVG mechanical properties), however, we focused on effects due to porosity 

and fiber diameter, namely  for the non-woven scaffold used. Additional 
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experimental data are needed to extend the proposed constitutive framework to evaluate the 

role of scaffold alignment in TEVG evolution.

3.2 Illustrative Constitutive Relations

First consider the polymeric scaffold (i.e., α = p). Given that polymer is not produced in 

vivo, we need only consider its loss (and associated time-dependent increase in porosity). In 

lieu of experimental data on changes in porosity as the scaffold degrades, we let porosity 

increase proportional to decreasing scaffold mass [5,35]. Adopting a prior neo-Hookean 

descriptor for the mechanical behavior of the polymer,

(5)

where theoretical and experimental observations enable cp to be estimated as a function of 

initial porosity [27,31,32]. Following [35], the structural integrity of the scaffold was 

assumed to be lost prior to its complete loss of mass, hence cp(s) = cp(0) − 0.1cp < s − 7 >, 

where the 7 day delay was motivated by experimental observations [5] and held fixed across 

the initial parametric studies.

Next, consider the extracellular matrix constituents. We previously introduced an approach 

to account for both inflammatory (infl) and mechanical stress (strs) mediated phases of 

remodeling [35]. Motivated by data on monocyte / macrophage activity [42], the 

inflammation-mediated mechanism of production was modeled phenomenologically using a 

gamma distribution function to capture the production of collagen due to the foreign body 

response, hence  where Kinfl is a rate parameter representing an 

increased synthetic capability and 1/α represents the peak time of macrophage infiltration. 

The value of Kinfl was identified previously via a brute force parametric study to best-fit 

experimental data [5,35], but here we introduced a linear dependence on the normalized pore 

size, r*, which is a function of current values of ε and ω*. That is, Kinfl = Kαr* +, Kwound 

where Kα = 2 is a constant and Kwound = 5 models the inflammatory response due to the 

implantation surgery alone [33]. This functional form was motivated by qualitative 

information that increased fiber diameter and increased porosity (which coincides with 

increased pore size) stimulate greater inflammatory responses and subsequent accumulation 

of matrix [9,18,25,43].

Because intramural cells should sense increasing loads as the stiff polymer loses load-

bearing integrity, following [37] we let the mechanical stress-mediated production of 

collagen be modeled by  where 

captures the initial stress-shielding effect of the stiff polymer, Δσk(τ) denotes the normalized 

difference in intramural stress from a target value, and  is a rate-type parameter. 

Because the inflammatory response increases cytokines, chemokines, and growth factors in 

the extracellular mileu, it may increase the ability of the intramural synthetic cells to respond 

to deviations from the preferred state of stress [12,33]. Given that multiple cell types (e.g., 

fibrocytes, smooth muscle cells, and fibroblasts) may contribute to matrix production during 
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the inflammatory period, we let , where  represents the 

rate parameter for the healthy, normal murine IVC and r* allows the proliferative capability 

to increase as a function of the inflammatory response (thus assuming that increased 

monocyte/macrophage presence will increase the presence of additional matrix-producing 

cells). In this way, potentially coupled inflammatory and mechano-mechanisms could be 

captured phenomenologically.

It is not known whether collagen produced in response to inflammation or mechanical stress 

has different degradation kinetics, hence we let  where kq(t) is a 

general rate-type parameter for matrix removal having units of days−1. Nevertheless, it is 

reasonable to assume that increased inflammation involves increased macrophages and 

neutrophils, and thus matrix metalloproteinases (MMPs), that may decrease the constituent 

half-life [18,21]. Therefore, to increase degradation as a function of the inflammatory 

response, we let  with  a basal rate parameter,  and 

 for constituents produced via the inflammatory response.

For completeness, note that the mechanical behavior of collagen and passive smooth muscle 

were again described using a Fung-type exponential equation [13,35,39]. Additionally up to 

5% of total mass following polymer degradation was considered as noncollagenous matrix 

(e.g., proteoglycans and glycosaminoglycans) and its mechanical behavior was described 

with a classical neo-Hookean response.

3.3 Model Parameters

The requisite parameters can be categorized as measured or calculated (see Table 2 in [35] 

and also [14]) as well as unknown but bounded. The latter were identified previously (Table 

4 in [35]), with the exception of the two new parameters introduced to determine Kinfl. All 

bounded parameters were maintained fixed throughout the parametric studies. That is, they 

were assumed to be applicable for all interposition PGA-P(CL/LA) TEVGs in SCID/bg 

mice regardless of scaffold porosity or fiber diameter (cf. [5,35]).

3.4 Parametric studies

To assess consequences of altering the structure and properties of the scaffold on TEVG 

evolution, parametric studies were performed for multiple pairs of scaffold porosity, ε ∈

[0.6,0.95], and normalized fiber diameter, ω*∈[0.01,1.4]. For each pair, the following 

evolving properties were examined over two year simulations (note: two years is the normal 

murine lifespan): TEVG thickness, fold-changes in mass density production for 

inflammatory-and mechano-mediated mechanisms (normalized to the basal rate of 

production for healthy, normal murine IVC), structurally significant-constituent mass 

fractions, estimated circumferential and axial in vivo stretches, and biaxial mechanical 

properties. As indicators of evolving TEVG mechanical behavior, pressure – diameter and 

circumferential tension – stretch experiments were simulated throughout the evolution of the 

TEVG; consistent with the G&R model, these simulated tests were assumed to consist of 

quasi-static loading and to yield nonlinear, anisotropic, hyperelastic responses. Finally, the 

theory of “small deformations superimposed on large” was used to compute material 
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stiffness linearized appropriately at a prescribed in vivo state defined by venous pressure (~2 

mmHg) and axial stretch throughout TEVG evolution [44].

Following an initial parametric study, a small series of hypothesis-driven parametric studies 

were performed to guide future TEVG experiments that seek to improve neovessel 

development and final outcome. These studies focused primarily on elucidating parameter 

contributions to the evolving construct stiffness. Motivated by the initial parametric studies, 

we fixed porosity ε = 0.80 and normalized fiber diameter ω* = 1.4 and studied the 

hypotheses that: (i) decreasing the rate at which the polymer loses load-bearing integrity 

(ξp∈[0.01, 0.3]cp(0)) will decrease changes in linearized stiffness at early time points; (ii) 

pre-stressing the polymer construct at the time of implantation (Gp∈[1.0,1.14]) will decrease 

changes in the unloaded configuration of the TEVG as the polymer degrades, thus 

decreasing the peak in linearized stiffness following loss of polymer integrity; (iii) 

increasing the rate of degradation of collagen produced during the inflammatory response 

 will decrease the peak in evolving linearized stiffness at the transition between 

the two production mechanisms; and (iv) decreasing the stiffness of the matrix constituents, 

particularly via collagen cross-linking and type I collagen (  and ) parameters set to 

calculated values for normal, healthy SCID/bg IVC [41], will decrease the linearized 

stiffness values.

4. Results

Theory suggests that increasing the normalized fiber diameter, ω*, and/or porosity, ε, 

increases the normalized pore size, r*, which in turn increases the inflammatory response to 

the implanted foreign body. Our simulated results captured this effect: for a fixed porosity, 

decreasing ω* decreased the inflammatory response, which in turn decreased matrix 

production and indirectly increased the compliance of the TEVG at later times (Fig. 2). Note 

that the polymer construct dominated the mechanical behavior at early times regardless of 

the value of ω* (Fig. 2, panels A and B). Following polymer degradation (which occurred 

between panels B and C), however, the mechanical behavior was driven by the matrix and 

thus depended strongly on the initial value of ω* and its effect on cellular responses. The 

intensity of the stress-mediated deposition decreased throughout the simulation as matrix 

accumulated, thus resulting in a more compliant TEVG at later times. Qualitatively, this 

trend was preserved across all values of ε of interest though the net effect of ω* was greater 

for higher values of ε. Note that ε = 0.80 and ω* = 1.4 corresponded best with prior 

experiments [5]; the associated simulations are shown by the solid black line. Hence, while 

these prior experiments resulted in patent, evolving TEVGs up to 24 weeks [5], the 

simulations suggested that smaller values of ω* could have increased overall compliance 

and thereby resulted in a TEVG that was more similar to the native IVC (filled circles) at 2 

years (Fig. 2).

Simulated tension-stretch relationships demonstrated that, for fixed ω*, decreasing the 

porosity ε increased the initial mechanical contribution of the polymer (Fig. 3, panels A and 

B). Note the dramatic changes between 2 and 6 weeks, however: the former (Fig. 3, panel B) 

shows the direct effect of ε on the initial polymer contribution whereas the latter (Fig. 3, 

panel C) shows an indirect effect via matrix production. Following polymer degradation, 

Miller et al. Page 9

Acta Biomater. Author manuscript; available in PMC 2016 January 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



smaller values of ε yielded less of an inflammatory response, hence less matrix production 

and a more compliant TEVG at later times (Fig. 3, panel F). Although the evolution of the 

simulated TEVG was preserved qualitatively across the parametric studies considered, 

preferred combinations of porosity and normalized fiber diameter could be identified by 

comparing the mechanical behavior of each simulation (grey lines) with the native IVC 

(filled circles) at 2 years (Table 3).

Simulations resulted in an evolving linearized stiffness that was qualitatively similar across 

all parametric studies (Figs. 4 and 5). Note the four stages. First, linearized stiffness was 

initially dictated by polymer properties. For a given polymer, porosity ε was the largest 

determinant of early linearized stiffness; decreasing ε increased the role of polymer 

properties, drastically changing the initial conditions (cf. Figs. 4 and 5, phase A). Second, 

the linearized stiffness declined as the polymer began to lose load-bearing integrity (Figs. 4 

and 5, leading to phase B). Recall that following day 7, the polymeric scaffolds were 

assumed to lose mechanical integrity at a constant rate of 10% original modulus/day 

regardless of the initial value. Third, there was a marked increase in linearized stiffness 

(Figs. 4 and 5, phase C) driven by the burst of stiff fibrillar collagen produced due to the 

inflammatory response (modeled by the gamma distribution function representing the 

foreign body response to the polymer). Indeed, as the polymer lost load-bearing integrity, 

there was also a ramp increase in stress-mediated matrix production. The peak in linearized 

stiffness occurred at the peak of matrix accumulation due to the combined effects of both 

mechanisms of production. Note that decreasing ω* decreased matrix production, 

subsequently decreasing the peak in linearized stiffness (Fig. 4, phase C). Decreasing ε also 

decreased matrix production, resulting in a similar decrease in the peak linearized stiffness 

(Fig. 5, phase C), with dramatic differences in linearized stiffness throughout TEVG 

evolution from the time of implantation to 2 years for the upper and lower bounds of ε. 

Fourth, there was a decline and subsequent plateau of the linearized stiffness following the 

degradation of matrix produced via the inflammatory response as the TEVG reached a 

steady state remodeled configuration (Figs. 4 and 5, phase D). Decreasing both ε and ω* 

decreased the value of this plateau by indirectly decreasing matrix production during the 

mechano-mediated phase of remodeling. While the linearized stiffness across TEVG 

evolution was preserved qualitatively in these parametric studies, preferred combinations of 

porosity and normalized fiber diameter could be identified by attempting to minimize the 

dramatic swings in linearized stiffness and comparing plateau values of linearized stiffness 

to that of the native IVC in the filled circles (cf. Table 3).

The hypothesis-driven parametric studies investigated four potential means to minimize the 

excursions in linearized stiffness throughout TEVG evolution. First, decreasing the rate at 

which the polymer lost load-bearing integrity decreased the peak in linearized stiffness at 

early times (thus reducing the slope of the transition between the polymer-dominated and 

matrix-dominated mechanical properties) and it decreased the peak stiffness at the time of 

maximum accumulation of matrix (cf. Fig. 6, top row, phases B and C). Second, pre-

stressing the polymer upon implantation increased the linearized stiffness (larger initial 

deformations for all constituents) at all times, thus negating any advantages of preserving a 

more consistent unloaded geometry throughout the simulation (data not shown). Third, 

increasing the degradation of collagen produced during the inflammatory response 
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decreased the peak in linearized stiffness at the transition between the two production 

mechanisms (Fig. 6, middle row, phase C). This result suggested a possible advantage of 

encouraging degradation of the stiff, fibrillar collagen produced during the inflammatory 

period following substantial production of matrix from the mechano-mediated phase. 

Fourth, decreasing the stiffness of the collagen (representing a decrease in collagen cross-

linking and type I collagen) drastically decreased the linearized stiffness values following 

polymer degradation (Fig. 6, bottom row, phases C and D).

5. Discussion

Given recent advances in techniques for fabricating scaffolds in vascular tissue engineering 

(e.g., electrospinning), there is a pressing need to understand better how the structure and 

material properties of the polymeric construct influence the biochemomechanical 

mechanisms that govern the development, maintenance, and remodeling of a neovessel. 

Towards this end, we proposed a new modeling approach to examine effects of six key 

scaffold parameters on the possible in vivo development of an interposition TEVG in the 

murine venous circulation. This model considered, for the first time, the influence of 

scaffold physical parameters on the foreign body response during the inflammatory period 

of neotissue development and subsequent matrix turnover (production and removal). The 

model was motivated by prior experimental data that revealed an important role of particular 

physical parameters in modulating the inflammatory response as well as a Buckingham Pi 

non-dimensional analysis and related theoretical results (cf. [22]). We conjectured that 

neotissue development (i.e., matrix production and removal) is driven largely by pore size, 

noting that pore size relates directly to porosity and polymer fiber diameter. We thus 

introduced new data-driven constitutive relations to predict matrix kinetics as a function of 

porosity and polymer fiber diameter as well as deviations in mechanical stress from a 

preferred state for each matrix constituent.

We previously used experimental data on monocyte/macrophage infiltration to motivate a 

phenomenological representation of the inflammatory response via a gamma distribution 

function [35]. We also estimated the value of an associated rate parameter that augmented 

mechano-mediated matrix production (in response to deviations from a preferred state of 

stress) via a brute force parametric study (i.e., a value of Kstrs = 1, where the basal value for 

a healthy IVC was assumed to be ). This elevated rate parameter 

phenomenologically represented the potential paracrine influence of monocytes/

macrophages (i.e., their production of cytokines, chemokines, and growth factors) on 

matrix-producing cells, which may augment production beyond the time of polymer 

degradation (note that elevation of this parameter, Kstrs = 1, was essential to fit the 24 week 

experimental data in [35]). Building on this prior work, we conjectured that interactions 

between monocytes / macrophages and other cells types can be modeled 

phenomenologically as a function of r*, the normalized mean pore size, which yielded 

simulations that matched well the available macroscopic data. Additional experimental 

quantification will be needed, however, before more robust, cell-specific constitutive 

relations can be developed. This issue is of particular importance as recent studies indicate 

that physical properties of the scaffold may dictate macrophage phenotype [45,46], thus 
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supporting our hypothesis that these properties influence the matrix kinetics and guide 

TEVG evolution.

We investigated a single criterion for success or failure. Simply put, failure can be defined 

as an inability to fulfill an intended purpose. Failure of TEVGs is thus often defined as (i) a 

high or low TEVG stiffness that leads to compliance mismatch and thus altered 

hemodynamics that induce unfavorable mechanobiological consequences (e.g., fibrosis), (ii) 

development of a stenosis via excessive local matrix accumulation, (iii) aneurysmal dilation, 

or (iv) frank rupture. Ultimately, one would like to solve each of these concerns and focus 

primarily on the following failure: (v) an inability to adapt to somatic growth or altered 

hemodynamics, particularly in TEVGs used in the pediatric population. Whereas prior 

attention has focused on more obvious or dramatic types of failure (e.g., the burst pressure, 

that is, the pressure at rupture, or suture retention strength), our focus was on compliance 

mismatch between the TEVG and adjacent native IVC. While all methods of failure must 

eventually be considered, given the lack of quantifiable data on failure criteria for the native 

murine IVC, we were unable to evaluate frank rupture. Clearly, there is a need for such data.

Simulated linearized stiffness was compared with the target value of linearized stiffness for 

healthy, normal murine IVCs (Figs. 4, 5, 6; native in filled circles). The predicted evolution 

of TEVG stiffness suggested that certain combinations of physical parameters may result in 

excessive stiffness and large compliance mismatches between the TEVG and adjacent vein. 

High values of stiffness may result in altered cell phenotype, which may increase the risk of 

chronic inflammation and fibrosis [47–50]. Large fluctuations in stiffness throughout TEVG 

evolution may also result in unstable or unpredictable cell phenotypes, which may impede 

one’s ability to evaluate or predict patient progress clinically. Hence, such combinations 

should be avoided to prevent potential unfavorable or unpredictable mechanobiological 

consequences. Results from our parametric study suggested several sets of physical 

parameters that may reduce deviations in linearized stiffness (Figs. 4 and 5), with overall 

compliance approaching that of the native IVC at 2 years. These parameter values should be 

considered in future experiments (cf. Table 3).

To further guide future experiments, we performed a series of hypothesis-driven parametric 

studies in an attempt to reduce the excursions in linearized stiffness throughout TEVG 

evolution. These studies suggested that it may be advantageous to alter the rate at which the 

polymer loses load-bearing integrity and/or to decrease the half-life of the matrix that is 

deposited during the inflammatory phase. Following the loss of load-bearing integrity by the 

polymeric construct, the unloaded configuration will be dictated solely by the deposited 

matrix constituents (and configurations at which these constituents were deposited at time 

τ). Both our simulations and prior experimental data (cf. Figure 6A in [5]) suggest an abrupt 

change in in vivo stretches (driven by a change in the unloaded geometry following loss of 

polymer integrity) between 2 and 6 weeks, which would contribute to the fluctuations in 

linearized stiffness during phases B and C in Fig. 6 (top row). Hence, increasing the 

degradation of residual matrix produced during the inflammatory period could lower the 

peak linearized stiffness at phase C in Fig. 6 (middle row).
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Decreasing the stiffness of the collagen produced via both mechanisms also reduced the 

linearized stiffness throughout TEVG evolution, particularly following the loss of load-

bearing integrity by the scaffold (Fig. 6, bottom row). While the stiffness values from this 

simulation were the closest to that of the native IVC (filled circles), tension-stretch and 

pressure-diameter relationships (not shown) suggested that collagen and passive smooth 

muscle alone (at native IVC material parameter values) were much more distensible and 

extensible than native IVC. Hence, until we as a community discover how to promote in 

TEVGs elastic fibers and contractile smooth muscle cells comparable to native IVC, we 

must remember that producing near native collagen (and passive smooth muscle) in the 

absence of other constituents need not result in a native neovessel. It may thus be necessary 

at present to appropriately compensate for the lack of functional elastin and contractile 

smooth muscle cells. Of course, there is also considerable motivation to determine if 

collagen type, crosslink density, prestretch, alignment, and so forth are influenced by cell 

phenotype and if this could be controlled.

Despite the encouraging results presented herein, there remains a pressing need for 

significantly more longitudinal data to inform, validate, and extend the model. For example, 

we focused on but six of the many parameters that affect neovessel formation (cf. Table 1); 

more data will allow the effects of more parameters to be studied computationally, as, for 

example, those due to transmural differences in polymer fiber alignment. Indeed, more data 

will be needed to increase the basic sophistication of the model. Albeit structurally 

motivated, the present model is yet phenomenological, with many parameter values 

determined by fitting macroscopic data. Such phenomenology allows one to compensate for 

a lack of information (e.g., on actual evolving hydration or cross-links), but more 

information would clearly enable more robust predictions. Given that continuing advances 

in fabrication techniques, such as electrospinning, will allow more and more control of the 

scaffold design, including functionality grading, the computational models must keep pace 

with manufacturing advances. We also note that we considered a simple case characterized 

by material homogeneity. There is also a need to model heterogeneously distributed 

properties and responses (cf. [51]), but fortunately this is simply an issue of numerics in 

solving more complex initial – boundary value problems because the constitutive framework 

is defined point-wise and can easily address spatial and temporal heterogeneity. Failure, 

whether by stenosis, aneurysmal dilatation, or frank rupture, is often local, hence this aspect 

must be considered carefully in design and quality control. Finally, even with considerably 

more data, there will be a need to incorporate uncertainty analysis within any predictions 

that seek to define specific design parameters for new scaffolds for there is uncertainty in all 

experimental measurements and clear biological variations, even within mouse colonies. It is 

fortunate that such analyses can be included within our models non-intrusively (cf. [52]).

In summary, we introduced a melding of non-dimensional analysis and computational 

modeling to evaluate fibrous scaffold parameters for experimental consideration in 

interposition TEVGs implanted within the murine venous circulation. We showed that this 

framework suggests sets of key scaffold parameters that may reduce compliance mismatch 

with the adjacent IVC. This study also illuminated gaps in our current understanding of 

TEVG evolution, hence it is hoped that computational modeling will continue to mature and 

guide the experimentation that is needed to generate the data that can be used to take us ever 
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closer to the rational design of TEVGs via scaffold optimization, whether having a fibrous 

or foam-type microstructure.

Acknowledgments

This research was supported, in part, by R01 HL098228 (CK Breuer) and 5T32 HL098069 (AJ Sinusas).

CKB receives grant support from Gunze Limited and the Pall Corporation.

References

1. Niklason LE, Gao J, Abbott WM, Hirschi KK, Houser S, Marini R, Langer R. Functional arteries 
grown in vitro. Science. 1999; 284:489–493. [PubMed: 10205057] 

2. Vaz CM, van Tuijl S, Bouten CV, Baaijens FP. Design of scaffolds for blood vessel tissue 
engineering using multi-layering electrospinning technique. Acta Biomater. 2005; 1(5):575–582. 
[PubMed: 16701837] 

3. L’Heureux N, Dusserre N, Marini, Garrido S, de le Fuente L, McAllister T. Technology insight: the 
evolution of tissue-engineered vascular grafts – from research to clinical practice. Nat Clin Pract 
Cardio Med. 2007; 4(7):389–395.

4. Naito Y, Williams-Fritze M, Duncan DR, Church SN, Hibino N, Madri JA, Humphrey JD, Shinoka 
T, Breuer CK. Characterization of the natural history of extracellular matrix production in tissue-
engineered vascular grafts during neovessel formation. Cells Tissue Organs. 2012; 195:60–72.

5. Naito Y, Lee YU, Yi T, Church SN, Solomon D, Humphrey JD, Shinoka T, Breuer CK. Beyond 
burst pressure: Initial evaluation of the natural history of biaxial mechanical properties of tissue-
engineered vascular grafts in the venous circulation using a murine model. Tissue Eng. 2014; 20(1–
2):346–355.

6. Shin’oka T, Imai Y, Ikada Y. Transplantation of a tissue-engineered pulmonary artery. N Engl J 
Med. 2001; 344(7):532–533. [PubMed: 11221621] 

7. Shin’oka T, Matsumara G, Hibino N, Naito Y, Watanabe M, Konuma T, Sakamoto T, Nagatsu M, 
Kurosawa H. Midterm clinical result of tissue-engineered vascular autografts seeded with 
autologous bone marrow cells. J Thor Cardio Surg. 2005; 129(6):1330–1338.

8. Hibino N, McGillicuddy E, Matsumura G, Ichihara Y, Naito Y, Breuer CK, Shinoka T. Late-term 
results of tissue engineered vascular grafts in humans. J Thorac Cardiovasc Surg. 2010; 139:431–
436. [PubMed: 20106404] 

9. Lam KH, Schakenraad JM, Groen H, Esselbrugge H, Dijkstra PJ, Feijen J, Nieuwenhuis P. The 
influence of surface morphology and wettability on the inflammatory response against PLLA: a 
semi-quantitative study with monoclonal antibodies. J Biomed Mat Res. 1995; 29(8):929–942.

10. Sanders JE, Lamont SE, Mitchell SB, Malcom SG. Small fiber diameter fibro-porous meshes: 
tissue response sensitivity to fiber spacing. J Biomed Mat Res A. 2005; 72(3):335–342.

11. Boehler RM, Graham JG, Shea LD. Tissue engineering tools for modulation of the immune 
response. Biotechniques. 2011; 51(4):239–253. [PubMed: 21988690] 

12. van Loon SLM, Smits AIPM, Driessen-Mol A, Baaijens FPT, Bouten CVC. The immune response 
in in situ tissue engineering of aortic heart valves. InTech. 2013; Chapter 8

13. Valentin A, Humphrey JD. Evaluation of fundamental hypotheses underlying constrained mixture 
models of arterial growth and remodeling. Philos Trans R Soc A. 2009a; 367:3585–3606.

14. Valentin A, Humphrey JD. Parameter sensitivity study of a constrained mixture model of arterial 
growth and remodeling. ASME J Biomech Eng. 2009b; 131:2027–2045.

15. Boccafoschi F, Mosca C, Cannas M. Cardiovascular biomaterials: when the inflammatory response 
helps to efficiently restore tissue functionality? J Tiss Eng Reg Med. 2012; 8(4):253–267.

16. Humphrey, JD.; Delange, SL. An Introduction to Biomechanics: Solids and Fluids, Analysis and 
Design. Springer, NY: 2004. 

Miller et al. Page 14

Acta Biomater. Author manuscript; available in PMC 2016 January 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



17. Balguid A, Mol A, van Marion MH, Bank RA, Bouten CVC, Baaijens FPT. Tailoring fiber 
diameter in electrospun scaffold for optimal cellular infiltration in cardiovascular tissue 
engineering. Tissue Eng A. 2009; 15(2):437–444.

18. Garg K, Pullen NA, Ozkeritzian CA, Ryan JJ, Bowlin GL. Macrophage functional polarization 
(M1/M2) in response to varying fiber and pore dimensions of electrospun scaffolds. Biomaterials. 
2013; 34:4439–4451. [PubMed: 23515178] 

19. Pham QP, Sharma U, Mikos AG. Electrospun poly(CL) microfiber and multilayer nanofiber/
microfiber scaffolds: characterization of scaffolds and measurement of cellular infiltration. 
Biomacromolecules. 2006; 7:2796–2805. [PubMed: 17025355] 

20. Zander NE, Orlicki JA, Rawlett AM, Beebe TP. Electrospun polycaprolactone scaffolds with 
tailored porosity using two approaches for enhanced cellular infiltration. J Mater Sci Mater Med. 
2013; 24:179–187. [PubMed: 23053801] 

21. Junge K, Binnebosel M, von Trotha KT, Rosch R, Klinge U, Neumann UP, Jansen PL. Mesh 
biocompatibility: effects of cellular inflammation and tissue remodeling. Langenbecks Arch Surg. 
2012; 397:255–270. [PubMed: 21455703] 

22. Eichhorn SJ, Sampson WW. Statistical geometry of pores and statistics of porous nanofibrous 
assemblies. J Roy Soc Inter. 2005; 2:309–318.

23. Alberts, B.; Johnson, A.; Lewis, J.; Raff, M.; Roberts, K.; Walter, P. Molecular biology of the cell. 
4th edn.. New York: Garland Science; 2002. 

24. Sanders JE, Stiles CE, Hayes CL. Tissue response to single-polymer fibers of varying diameters: 
evaluation of fibrous encapsulation and macrophage density. J Biomed Mat Res A. 2000; 52(1):
231–237.

25. Boland ED, Telemeco TA, Simpson DG, Wnek GE, Bowlin GL. Utilizing acid pretreatment and 
electrospinning to improve biocompatibility of poly(glycolic acid) for tissue engineering. J 
Biomed Mat Res B. 2004; 71B:144–152.

26. Saino E, Focarete ML, Gualandi C, Emanuele E, Cornaglia AI, Imbriani M, Visai L. Effect of 
electrospun fiber diameter and alignment on macrophage activation and secretion of 
proinflammatroy cytokines and chemokines. Biomacromolecules. 2011; 12:1900–1911. [PubMed: 
21417396] 

27. Gibson, LJ.; Ashby, MF. Cellular Solids: Structure and Properties. Pergamon Press; 1988. 

28. Cao H, McHugh K, Chew SY, Anderson JM. The topographical effect of electrospun nanofibrous 
scaffolds on the in vivo and in vitro foreign body reaction. J Biomed Mat Res A. 2010; 93(3):
1151–1159.

29. Mauck RL, Baker BM, Nerurkar NL, Burdick JA, Li WL, Tuan RS, Elliott DM. Engineering on 
the straight and narrow: the mechanics of nanofibrous assemblies for fiber-reinforced tissue 
regeneration. Tissue Eng B. 2009; 15(2):171–193.

30. Milleret V, Simona B, Neuenschwander P, Hall H. Tuning electrospinning parameters for 
production of 3D fiber fleeces with increased porosity for soft tissue engineering applications. 
Euro Cells Mat. 2011; 21:286–303.

31. Middleton JC, Tipton AJ. Synthetic biodegradable polymers as orthopedic devices. Biomaterials. 
2000; 21(23):2335–2346. [PubMed: 11055281] 

32. Roh JD, Nelson GN, Brennan MP, Mirensky TL, Yi T, Hazlett TF, Tellides G, Sinusas AJ, Pober 
JS, Saltzman WM, Kyriakides TR, Breuer CK. Small-diameter biodegradable scaffolds for 
functional vascular tissue engineering in the mouse model. Biomaterials. 2008; 28:1454–1463. 
[PubMed: 18164056] 

33. Greisler HP. Bioresorbable materials and macrophage interactions. J Vasc Surg. 1991; 13(5):748–
750. [PubMed: 2027225] 

34. Sampson WW. A multiplanar model for the pore radius distribution in isotropic near-planar 
stochastic fibre networks. J Matl Sci. 2003; 38:1617–1622.

35. Miller KS, Lee YU, Naito Y, Breuer CK, Humphrey JD. Computational model of in vivo 
neovessel development from an engineered polymeric vascular construct. J Biomech. 2014; 47(9):
2080–2087. [PubMed: 24210474] 

36. Humphrey JD, Rajagopal KR. A constrained mixture model for growth and remodeling of soft 
tissues. Mat Mod Method Appl Sci. 2002; 12(3):407–430.

Miller et al. Page 15

Acta Biomater. Author manuscript; available in PMC 2016 January 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



37. Valentin A, Cardamone L, Baek S, Humphrey JD. Complementary vasoactivity and matrix 
remodeling in arterial adaptations to altered flow and pressure. JR Soc Interface. 2009; 6:293–306.

38. Humphrey, JD. Cardiovascular Solid Mechanics: Cells, Tissues, and Organs. Springer, NY: 2002. 

39. Niklason LE, Yeh AT, Calle E, Bai Y, Valentin A, Humphrey JD. Enabling tools for engineered 
collagenous tissues, integrating bioreactors, intravital imaging, and biomechanical modeling. Proc 
Nat Acad Sci. 2010; 107:3335–3339. [PubMed: 19955446] 

40. Roh JD, Sawh-Martinez R, Brennan MP, Jay SM, Devine L, Rao DA, Yi T, Mirensky TL, 
Nalbandian A, Udelsman B, Hibino N, Shinoka T, Saltzman WM, Snyder E, Kyriakides TR, 
Pober JS, Breuer CK. Tissue-engineered vascular grafts transform into mature blood vessels via an 
inflammation-mediated process of vascular remodeling. Proc Nat Acad Sci. 2010; 107:4669–4674. 
[PubMed: 20207947] 

41. Lee YU, Naito Y, Kurobe H, Breuer CK, Humphrey JD. Biaxial mechanical properties of the 
inferior vena cava in C57/BL/6 and C-17 SCID/bg mice. J Biomech. 2013; 46(13):2277–2282. 
[PubMed: 23859752] 

42. Hibino N, Yi T, Duncan DR, Rathore A, Dean E, Naito Y, Dardik A, Kyriakides T, Madri J, Pober 
JS, Shinoka T, Breuer CK. A critical role for macrophages in neovessel formation and 
development of stenosis in tissue-engineered vascular grafts. FASEB J. 2011; 25:4253–4263. 
[PubMed: 21865316] 

43. Sanders JE, Cassisi DV, Neumann T, Golledge SL, Zachariah SG, Ratner BD, Bale SD. Relative 
influence of polymer fiber diameter and surface charge on fibrous capsule thickness and vessel 
density for single-fiber implants. J Biomed Mat Res A. 2002; 65A(4):462–467.

44. Baek S, Gleason RL, Rajagopal KR, Humphrey JD. Theory of small on large: Potential utility in 
computations of fluid-solid interactions in arteries. Comp Meth Appl Mech Eng. 2007; 196(31–
32):3070–3078.

45. Sussman EM, Halpin MC, Muster J, Moon RT, Ratner BD. Porous implants modulate healing and 
induce shifts in local macrophage polarization in the foreign body reaction. Annals Biomed Eng. 
2013 In press. 

46. Wang Z, Cui Y, Wang J, Yang X, Wu Y, Wang K, Gao X, Li D, Li Y, Zheng XL, Zhu Y, Kong D, 
Zhao Q. The effect of thick fibers and large pores of electrospun poly(ε-caprolactone) vascular 
grafts on macrophage polarization and arterial regeneration. Biomaterials. 2014; 35:5700–5710. 
[PubMed: 24746961] 

47. Fereol S, Fodil R, Labat B, Galiacy S, Laurent VM, Louis B, Isabey D, Planus E. Sensitivity of 
alveolar macrophages to substrate mechanical and adhesive properties. Cell motility and 
cytoskeleton. 2006; 63(3):321–340.

48. Chan G, Mooney DJ. New materials for tissue engineering: towards greater control over the 
biological response. Trends in Biotechnology. 2008; 26(7):382–392. [PubMed: 18501452] 

49. Blakney AK, Swartzlander MD, Bryant SJ. The effects of substrate stiffness on the in vivo 
activation of macrophages and in vivo host response to poly(ethylene glycol)-based hydrogels. J 
Biomed Matl Res A. 2012; 100A(6):1375–1386.

50. Forte G, Pagliara S, Ebara M, Uto K, Tam JKV, Romanazzo S, Escobedo-Lucea C, Romano E, 
Nardo PD, Traversa E, Aoyagi T. Substrate stiffness modulates gene expression and phenotype in 
neonatal cardiomyocytes in vitro. Tissue Eng A. 2012; 18(17&18):1837–1848.

51. Choi SW, Zhang Y, Xia Y. Three-dimensional scaffolds for tissue engineering: the importance of 
uniformity in pore size and structure. Langmuir. 2010; 26(24):19001–19006. [PubMed: 21090781] 

52. Sankaran S, Humphrey JD, Marsden AL. An efficient framework for optimization and parameter 
sensitivity analysis in arterial growth and remodeling computations. Comp Meth Appl Mech 
Engrg. 2013; 256:200–212.

53. Wang HJ, Gong SJ, Lin ZX, Fu JX, Xue ST, Huang JC, Wang JY. In vivo biocompatibility and 
mechanical properties of porous zein scaffolds. Biomaterials. 2007; 28:3952–3964. [PubMed: 
17582490] 

54. Greisler HP. Interaction at the Blood/Material Interface. Ann Vasc Surg. 1990; 4(1):98–102. 
[PubMed: 2297480] 

Miller et al. Page 16

Acta Biomater. Author manuscript; available in PMC 2016 January 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



55. Ward KW, Slobodzian EP, Tiekotter KL, Wood MD. The effect of microgeometry, implant 
thickness and polyurethane chemistry on the foreign body response to subcutaneous implants. 
Biomaterials. 2002; 23:4185–4192. [PubMed: 12194521] 

56. Anderson JM. Mechanisms of inflammation and infection with implanted devices. Cardvasc 
Pathol. 1993; 2(3):33S–41S.

57. Greisler HP, Petsikas D, Lam TM, Patel N, Ellinger J, Cabusao E, Tattersall CW, Kim DU. 
Kinetics of cell proliferation as a function of vascular graft material. J Biomed Mat Res. 1993; 
27:955–961.

58. Nam J, Huang Y, Agarwal S, Lannutti J. Improved cellular infiltration in electrospun fiber via 
engineered porosity. Tissue Eng. 2007; 13(9):2249–2257. [PubMed: 17536926] 

59. White RA, Hirose FM, Sproat RW, Lawrence RS, Nelson RJ. Histopathologic observations after 
short-term implantation of two porous elastomers in dogs. Biomaterials. 1981; 2:171–176. 
[PubMed: 7272407] 

60. Pham QP, Sharma U, Mikos AG. Electrospun poly(CL) microfiber and multilayer nanofiber/
microfiber scaffolds: characterization of scaffolds and measurement of cellular infiltration. 
Biomacromolecules. 2006; 7:2796–2805. [PubMed: 17025355] 

61. Clark RE, Boyd JC, Moran JF. New principles governing the tissue reactivity of prosthetic 
materials. J Surg Res. 1974; 16:510–522. [PubMed: 4598671] 

62. Franz S, Rammelt S, Scharnweber D, Simon JC. Immune responses to implants – A review of the 
implications for the design of immunomodulatory biomaterials. Biomaterials. 2011; 32:6692–
6709. [PubMed: 21715002] 

63. Smith MJ, Smith DC, White KL, Bowlin GL. Immune response testing of electrospun polymers: 
an important consideration in the evaluation of biomaterials. J Eng Fib Fab. 2007; 2(2):41–47.

64. van der Giessen W, Lincoff M, Schwartz RS, van Beusekom HMM, Serruys PW, Holmes DR, 
Ellis SG, Topol EJ. Marked inflammatory sequelae to implantation of biodegradable and 
nonbiodegradable polymers in porcine coronary arteries. Circulations. 1996; 94:1690–1697.

65. Gao J, Niklason L, Langer R. Surface hydrolysis of poly(glycolic acid) meshes increases the 
seeding density of vascular smooth muscle cells. J Biomed Mater Res. 1998; 42(3):417–424. 
[PubMed: 9788505] 

66. Irwin EF, Saha K, Rosenbluth M, Gamble LJ, Caster DG, Healy KE. Modulus-dependent 
macrophage adhesion and behavior. J Biomat Sci Poly Ed. 2008; 19(10):1363–1382.

67. Simonet M, Stingelin N, Wismans JGF, Oomens CWJ, Driessen-Mol A, Baaijens FPT. Tailoring 
the void space and mechanical properties in electrospun scaffolds towards physiological ranges. J 
Mat Chem B. 2014; 2:305–303.

68. Zenni GC, Gray JL, Appelgren EO, Kim DU, Berceli S, Ligush J, Borovetz HS, Greisler HP. 
Modulation of myofibroblast proliferation by vascular prosthesis biomechanics. ASAIO. 
1993:M496–M500.

69. McLoughlin CE, Smith MJ, Auttachoat W, Bowlin Gl, White KL. Evaluation of innate, humoral 
and cell-mediated immunity in mice following in vivo implantation of electrospun 
polycaprolactone. Biomed Mater. 2012; 7:1–10.

Appendix A. Different scales for Buckingham Pi analysis

Table A1

Choice of scales:Ls = ω

Parameter Symbol SI Units General Units
(MLT)

π Gropus

Degradation rate days−1 M0L0T−1 1

Miller et al. Page 17

Acta Biomater. Author manuscript; available in PMC 2016 January 01.

N
IH

-P
A

 A
uthor M

anuscript
N

IH
-P

A
 A

uthor M
anuscript

N
IH

-P
A

 A
uthor M

anuscript



Choice of scales:Ls = ω

Parameter Symbol SI Units General Units
(MLT)

π Gropus

Porosity ε M0L0T0 ε

Modulus cp MPa M1L−1T−2

Size fiber diameter ω cm M0L1T0 1

Pore size r cm M0L1T0 r/ω

Alignment ϕk M0L0T0 ϕk

Inflammatory Response, 

Table A2

Choice of scales: Ls = r, 

Parameter Symbol SI Units General Units
(MLT)

π Gropus

Degradation rate days−1 M0L0T−1 1

Porosity ε M0L0T0 ε

Modulus cp MPa M1L−1T−2 1

Size fiber diameter ω cm M0L1T0 ω/r

Pore size r cm M0L1T0 1

Alignment ϕk M0L0T0 ϕk

Inflammatory Response, y = y̌(ε, ω/r, ϕk)
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Figure 1. 
Scanning electron microscopy image of a PGA-P(CL/LA) scaffold showing the primary 

parameters considered computationally: normalized fiber diameter ω* and normalized pore 

size r*. Note that scaffold alignment should also be considered in the future, where ϕp,k = 0 

indicates a highly aligned scaffold and ϕp,k = 1 a scaffold with randomly organized fibers. 

SEM image courtesy of Kevin Rocco.
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Figure 2. Effect of Fiber Diameter ω* on Material Behavior
Evolving circumferential tension-stretch behaviors for simulated TEVGs (solid lines) at 1 

day (Panel A), 2 weeks (Panel B), 6 weeks (Panel C), 12 weeks (Panel D), 24 weeks (Panel 

E), and 2 years (Panel F) post-implantation are contrasted against mean experimental results 

for the native murine inferior vena cava (solid symbols; [41]). The solid black curve shows 

predicted results (cf. [35]) that correlated well with an actual experimental case (cf. [4,5]) 

for an initial normalized fiber diameter ω* = 1.4 and scaffold porosity ε = 80%; the solid 

grey curves show predicted results for ω* ∈ [0.01,1.4] at a porosity of 80%. Reducing ω* 

(indicated by the direction of the dark arrow) decreased the magnitude of the inflammatory 

response and subsequently resulted in more distensible TEVGs. This trend was preserved 

across porosities of interest (60 to 95%), but the effect of ω* increased with increasing 

porosity. Finally, note that an intermediate range of ω* ∈ [0.5,1.0] resulted in simulated 

TEVGs having a compliance at 2 years that best approached that of the native vein (Panel 

F).
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Figure 3. Effect of Porosity ε on Material Behavior
Similar to Figure 1, evolving circumferential tension-stretch behaviors for simulated TEVGs 

(solid lines) at 1 day (Panel A), 2 weeks (Panel B), 6 weeks (Panel C), 12 weeks (Panel D), 

24 weeks (Panel E), and 2 years (Panel F) post-implantation are contrasted against mean 

experimental results for the native murine inferior vena cava (solid symbols). The grey 

curves show results for initial scaffold porosity ε ∈ [60%, 95%] for a fixed initial 

normalized fiber diameter ω* = 0.6. Noting that the polymer degraded fully by 4 weeks, 

there were dramatic changes between 2 and 6 weeks: the earlier times revealed strong 
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effects of porosity on polymer stiffness (e.g., Panel B) while the later times showed 

subsequent effects on matrix production (e.g., panel C). Note, too, that smaller values of ε 

(indicated by the direction of the dark arrow) resulted in more distensible TEVGs at later 

times (e.g. Panel F). This trend was preserved across a range of normalized fiber diameters 

of interest. For the representative ω* = 0.6, the results suggested that a range of porosities ε 

∈ [75%, 85%] resulted in a 2-year compliance of the simulated TEVG that approached that 

of the native vein (Panel F).
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Figure 4. Effect of fiber diameter ω* on Stiffness
Values of circumferential (left) and axial (right) linearized stiffness, computed at in vivo 

values of circumferential and axial stretch, are contrasted between the simulated TEVGs 

(solid lines) and native inferior vena cava (solid symbols). The solid black line shows results 

for the experimental case of an initial normalized fiber diameter ω* = 1.4 and porosity ε = 

80%; the solid grey lines show results for ω* ∈ [0.01,1.4], also for ε = 80%. The time course 

of changes in linearized stiffness was preserved across all parametric simulations, with early 

elevated values dominated by the mechanical properties of the polymeric scaffold (phase A), 

the subsequent decrease due to the polymer losing its load-bearing integrity (B), a late peak 

in stiffness due to a marked accumulation of ECM due to overlapping inflammatory- and 

mechano-medicated deposition (C), and final plateau due to mechano-mediated turnover in 

an unchanging state (D). Decreasing ω* (indicated by the direction of the dark arrow) 

indirectly decreased matrix production and subsequently resulted in a lower peak (C) and 

plateau (D) linearized stiffness. Note the possible vulnerable period (B) when the axial 

stiffness of the TEVG dropped below the native value.
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Figure 5. Effect of porosity ε on Stiffness
Values of circumferential (left) and axial (right) linearized stiffness, computed at in vivo 

values of circumferential and axial stretch, are contrasted between the simulated TEVGs 

(solid lines) and native inferior vena cava (solid symbols). The grey lines show results for 

initial scaffold porosity ε ∈ [60%, 95%] and a representative normalized fiber diameter ω* = 

0.6. Decreasing the porosity (indicated by the direction of the dark arrow) increased the 

initial contribution of the scaffold (phase A) and indirectly decreased matrix production, 

thus resulting in a decreased peak (C) and plateau values (D) of linearized stiffness. Note, in 

particular, that ε ∈ [75%, 85%] decreased the overall variation in stiffness as the TEVG 

evolved, thus suggesting that a reduced range of scaffold properties should be explored 

experimentally.
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Figure 6. Hypothesis-Driven Studies to Improve Evolving Linearized Stiffness
Values of circumferential (left) and axial (right) linearized stiffness, computed at in vivo 

values of circumferential and axial stretch, are contrasted between the simulated TEVGs 

(lines) and native inferior vena cava (solid symbols). All simulations are for experimental 

scaffold parameters ε = 80% and ω* = 1.4, with the baseline case from Figures 2 and 3 

indicated by the solid black curve for comparison. The top row shows potential effects of 

reducing the rate at which the polymer loses load-bearing integrity via ξp ∈ [0.01cp, 0.3cp], 

the middle row shows potential effects of decreasing the survival fraction of ECM 

constituents produced during the inflammatory period, and the bottom row shows a single 

case wherein all deposited matrix has the same mechanical properties of the native vein. Of 

particular note (top row), tuning the polymer degradation rate could result in a linearized 

stiffness that is more consistent throughout the evolution of the graft (i.e., less of a valley at 

B and less of a peak at C), albeit still at overall higher biaxial values than native. Indeed, 
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only if all newly deposited matrix has properties identical to native can the graft evolve to 

become truly normal after the polymer degrades, though in all cases the polymer creates a 

“compliance mismatch” with the native host vessels early on.
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Table 3

Parametric studies suggested that particular combinations of ω* and ε could reduce the peaks in linearized 

stiffness throughout TEVG evolution and thus better approach the compliance of the native IVC by 2 years. 

Note that the range of preferred combinations yielded a normalized pore size r* from 2.30 to 3.95, with 

optimal suggested values between 3.07 and 3.56 for ε = 75, 80, 85% (shaded in light grey). ε = 60 and 95% 

(not shown) resulted in large peaks in linearized stiffness regardless of the value of ω* given the large 

discrepancies between polymer modulus and ECM material properties.

Normalized Fiber Diameter,
ω*

Porosity,
ε

Normalized Pore Size,
r*

0.3 0.85 2.30

0.6 0.75 2.37

0.2 0.90 2.47

0.5 0.80 2.68

0.7 0.75 2.77

0.4 0.85 3.07

0.8 0.75 3.16

0.6 0.80 3.21

0.9 0.75 3.56

0.3 0.90 3.70

0.7 0.80 3.75

0.5 0.85 3.84

1.0 0.75 3.95
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